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Abstract 

 

Patient motion is a common problem during dynamic PET scans for quantification of 

myocardial blood flow (MBF).  The purpose of this study was to quantify the prevalence 

of body motion in a clinical setting, and evaluate with realistic phantoms the effects of 

motion on blood flow quantification, including CT attenuation correction artifacts that 

result from PET-CT misalignment.  In addition we evaluated a consistency-based motion 

correction technique using noise added simulations. 

A cohort of 236 sequential patients was analyzed for patient motion under resting 

and peak stress conditions by two independent observers. The presence of motion, 

affected time frames, and direction of motion was recorded.  Based on these results, 

patient body motion effects on MBF quantification were characterized using the digital 

NURBS-based Cardiac-Torso (NCAT) phantom, with characteristic time activity curves 

(TAC) assigned to the heart wall (myocardium) and blood regions.  Noise was added to 

sinograms using the analytical simulator ASIM. 

In the patient cohort mild motion 0.5 ± 0.1 cm occurred in 24%, and severe 

motion 1.0 ± 0.3 cm occurred in 38% of patients.  Motion in the superior/inferior 

direction accounted for 45% of all detected motion. Anterior/posterior direction motion 

accounted for 29%, and left/right motion occurred in 24% of cases.  Computer simulation 

studies indicated that errors in MBF can approach 500% for scans with severe patient 

motion (up to 2 cm).  The largest errors occurred when the heart wall was shifted left 

towards the adjacent lung region.  Body motion effects were more detrimental for higher 
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resolution PET imaging (2 vs 10 mm FWHM), for the physically smaller phantom, and 

for motion occurring during the mid-to-late time frames.  Motion correction of the 

reconstructed dynamic image series resulted in significant reduction in MBF errors. MBF 

bias was reduced further using global partial-volume correction, and using dynamic 

alignment of the PET projection data to the CT scan for accurate attenuation correction 

during image reconstruction. 

To reduce MBF errors, new motion correction algorithms must be effective in 

identifying motion in the left/right direction, and in the mid-to-late time frames, since 

these conditions produce the largest errors in MBF.
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1    Chapter: Literature Review 

1.1 Overview and History of PET Imaging 

Positron emission tomography (PET) is an imaging modality that takes advantage of the 

physics of radioactive decay and positron annihilation.  The imaging process begins with 

trace amounts of a radiolabeled molecule injected into a patient and is therefore called a 

tracer.  Due to its chemical properties and to blood flow to various tissues, over time the 

tracer will distribute to various organs according to unique tracer kinetics.  Passive 

measurements are made by scintillation crystals that convert the emitted radiation from the 

positron annihilation events into electrical signals that facilitate counting of the number of 

events over time (see chapter 2.2).  Counts are collected over time and can be 

reconstructed to show the distribution of the tracer within the volume of the patient (see 

chapter 2.2).  By using various correction techniques, the true radioactive concentration 

of the tracer over time can be measured.  This information can then be used for example in 

blood flow quantification to aid in the detection of coronary artery disease (CAD).  Further 

details about blood flow quantification are outlined in chapter 2.5.  Tracer kinetics from a 

PET scan reflect the biological function of various tissues and organs, and thus PET 

imaging is a type of functional molecular imaging. 

The production of radioactive tracers will be covered in chapter 2.1.2. Briefly, 

several blood flow tracers are currently used clinically such as: Tl-201 chloride, Tc-99m 

tetrofosmin for single photon emission tomography (SPECT) imaging; N-13 ammonia, and 

O-15 water for PET imaging.[1]  Tracers like N-13, O-15 and Tl-201 are all cyclotron 

produced, whereas Tc-99m is eluted from a Mo-99 generator, for which the parent isotope 

is produced by nuclear reactor.  In 2009 the unscheduled shutdown of the chalk river reactor 
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triggered a global shortage of the Mo-99 generator.[2]  This created a crisis in the medical 

imaging community causing some centers to investigate alternatives to Tc-99m for 

perfusion imaging.  One such alternative is Rb-82, since it doesn’t require an on-site 

cyclotron and has a lower radiation dose than Tc-99m; however, the parent isotope Sr-82 

is cyclotron produced.  In response to this shortage, the multicenter trial alternative 

radiopharmaceutical for myocardial imaging (ARMI) study was launched to assess the 

viability of Rb-82 as an alternative to Tc-99m perfusion.[3]  Recent research has shown 

that Rb-82 is a viable alternative with some advantages over Tc-99m, namely that it doesn’t 

rely on reactor isotope production, has a lower dose and is excellent over Tc-99m-SPECT 

for assessment of myocardial blood flow and coronary flow reserve.[4]  However, the 

initial capital cost is a limiting factor for most centers with typical PET scanners costing 2 

to 3 times a SPECT scanner.  One drawback of Rb-82 imaging is the roughly double per 

patient cost to that of Tc-99m-SPECT, largely due to the high cost of the Sr-82/Rb-82 

generator.[5] 

The history of rubidium begins in 1883 when Dr. Sydney Ringer compared the 

chemical properties of potassium in the ventricle of a frog’s heart to other chemical 

substances.[6]  The experiment involved simulating blood flow by inserting a perfusion 

tube in the groove separating the ventricles from the atria and syphoning fluid.   The results 

from the experiment showed that rubidium and potassium have nearly identical chemical 

properties so far as their methods could determine at the time.  This experiment is important 

because it was the first to definitively demonstrate that rubidium could be used in place of 

potassium for investigation into heart muscle function.  In the late 19th century Henri 
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Becquerel discovered radioactivity, and shortly afterwards investigations using radioactive 

rubidium and potassium were published.[7] 

One of the first in-vivo studies with radioactive potassium-42 was conducted by 

Greenberg et al in 1938 on rats.[8]  They found that potassium has high uptake in liver, 

kidney, heart, muscle, stomach and large intestine.  Two years later in 1940 more 

comprehensive studies were performed using K-42 in rats, cats, frogs and rabbits, by 

sacrificing the animals at specified times and measuring radioactivity in their tissues using 

a Geiger-Muller tube.[9,10]  They found a similar uptake in tissues to Greenberg et al but 

also looked at whole body uptake.  What they found was that potassium distributes 

throughout the body, but higher uptake was found in the heart, liver, kidneys, and lungs.  

In testes, skin, erythrocytes and brain the uptake was much lower.  In the same year Noonan 

et al investigated the uptake of potassium-42 for active muscles in rats.[11]  Rats had their 

leg muscles electrically stimulated for 1 hour and were sacrificed, then the tissues were 

dissolved in nitric acid.  The radioactivity was measured in a Geiger-Muller tube.  Two 

groups of rats were used, one set of normal rats and a control group which had the nerve to 

the muscle cut so stimulation was not possible.  They showed that uptake of potassium was 

directly related to blood flow to the muscle and the amount of stimulation, which is the 

biological basis of tissue perfusion imaging using Rb-82. 

The use of rubidium to detect CAD began in 1954 when Love et al used Rb-86 to 

evaluate CAD in canines.[12]  They discovered that the ratio of rubidium to plasma was 

higher than potassium to plasma for most organs, which suggested a higher absorption rate 

of rubidium in these tissues.  However, for the myocardium they determined that the uptake 

was comparable to potassium, and thus could be used as a potassium analogue.  These 
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results were further confirmed by Relman and Kilpatrick.[13,14]  Specifically, Kilpatrick 

determined that rubidium concentrates more than potassium in liver, kidney, intestine, 

heart muscle and spleen, but less so in brain and bone; however it concentrates in equal 

amounts to potassium in muscle and red blood cells. 

One of the first CAD studies in humans with rubidium (Rb-86) was performed in 

1957 by Love et al.[15]  The goal of the study was to determine if there was a difference 

in Rb-86 uptake in healthy versus unhealthy hearts with a view towards detection of CAD.  

Blood samples were obtained from human volunteers with the aid of fluoroscopy to select 

key areas for blood extraction.  The potassium concentrations in the samples were 

determined by flame photometry, and the concentration of Rb-86 was determined using a 

Geiger-Muller tube.  Due to study limitations, the heart wall could not be localized.  Results 

showed a decrease in uptake by the body as a whole for CAD patients, and a 57 % increase 

in the concentration of rubidium in the plasma compared to healthy patients.  The decrease 

was attributed to a decrease in plasma flow to high uptake organs such as the liver, lungs, 

heart and kidneys and a redistribution to organs with normally lower uptake.  Therefore, 

the tracer was redistributed to organs of lower uptake/perfusion and not due to a change in 

tissue extraction.  The important finding was that the change in activity concentration is a 

measure of blood flow and not tissue extraction efficiency. 

Due to low uptake of rubidium in a healthy brain, one early use of rubidium and 

PET was to test the integrity of the blood brain barrier.[16,17]  Another early use of PET 

imaging was in localization of brain tumors as suggested by Wrenn et al in 1951.[18]  The 

PET scanner consisted of thallium-activated sodium iodide Na(Tl) scintillation crystals.   

Photomultiplier tubes were used for signal amplification.  To calibrate the device they used 
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an oscilloscope to observe coincident events as oblique reflections.  Eventually this lead to 

the development of the first clinical PET scanners for use in brain imaging.[19]  Two 

gamma cameras rotating around the field of view were used to capture coincident events 

around the patient. 

In the 1970’s x-ray computed tomography (CT) was developed for clinical 

anatomical imaging.[20,21]  In the early 70’s Chelser developed a 3D PET reconstruction 

technique.[22]  An external positron source was used to correct for attenuation in the 

transmission scans.  Also, investigation was made on the effects on the number of 

projections on the reconstruction quality.[22]  The first tomographic PET system (PC-I) 

was developed in 1972.[19]  This PET system used 2-dimensional detector arrays with 

rotating and translating detector banks and stored data on magnetic drums.  In 1973 

Roberston et al proposed using a complete 32-ring detector system rather than rotating 

detectors.[23]  Memory on this scanner was stored in an XDS Sigma II digital computer.  

Coincidence window was set to 40-100 ns, and any detected events not corresponding to 

the expected 511 keV energy could be rejected.  The next generation of PET scanners was 

developed in 1976 (PC-II) and remained the only commercial PET system for human and 

animal studies for the next decade.[19]  Early comparisons between the PET tracer Rb-81 

and the SPECT tracer Tl-201 were made for myocardium imaging.[24]  For PET images 

the acquisition time was 20 minutes and for SPECT it was 60 minutes.  No differences 

were observed between these two tracers, which was the first indication that rubidium 

could be used in place of the more commonly used SPECT tracers. 

In 1980 Budinger et al used Rb-82 to measure blood flow to the heart for the first 

time in canines and human CAD patients.[25]  This was one of the earliest uses of the 
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Donner 280-Crystal PET scanner with Rb-82, and was one of the first scanners to use a 

complete ring of crystals.  Canines were used as a control group, and rubidium uptake was 

measured in the dogs before and after simulated CAD by surgical ligation.  This gave them 

a baseline to compare with the human case studies that were evaluated using time activity 

curves of the myocardium and blood pool regions obtained by sequential transverse section 

imaging.  The ratio of uptake in left ventricle vs blood pool regions were used to estimate 

blood flow, and Rb-82 was infused at a constant rate to obtain equilibrium images.  They 

validated their results using radiolabeled microsphere studies.  The results indicated that 

Rb-82 could compete with tracers like Tl-201, N-13-ammonia and K-38 for early detection 

of CAD in humans.  In addition it was noted that Rb-82 had a lower radiation dose than 

competing tracers and did not rely on the use of an on-site cyclotron. 

Further validation studies with Rb-82 were conducted by Selwyn et al in 1982 on 

6 canines and 10 humans (5 cardiac patients and 5 normal volunteers).[26]  The canine 

study results revealed that as blood flow increases, myocardial uptake increases by a 

smaller amount.  Humans were studied at rest and at stress.  Stress was induced in normal 

subjects by getting them to do 24 to 32 kJ of work, cardiac patients could only do 11 to 21 

kJ of work due to their physical condition. Normals showed a 16 % increase in uptake from 

stress relative to rest, whereas the CAD patients had obvious localized defects of activity 

in regions of the myocardium linked to disease.  In 1983 a more detailed study on Rb-82 

PET perfusion was conducted by Goldstein et al on 28 canines.[27]  Blood flow 

measurements were made with Rb-82 dynamic PET and microspheres.  The goal was to 

test the accuracy of Rb-82 for different blood flow rates.  What they found was for low 

flow rates (0.1 ml/min/g) Rb-82 underestimated the true value, and that blood flow rate 
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measurements were linear up to 2.5 ml/min/g; for flow rates greater than 2.5 ml/min/g the 

uptake increased in a non-linear way and Rb-82 blood flow estimates were therefore 

underestimated.  The important finding is that patients with mild CAD have flow values 

within this range; therefore, for Rb-82 to be useful these effects need to be accounted for.  

Tracer uptake is the product of blood flow and extraction, and one of the issues was the 

effects of first-pass extraction fraction, which is the fraction of tracer transported into the 

trapped-space divided by the total amount delivered during the initial phase of circulation 

after tracer introduction.  By measuring the tracer extraction fraction as well as uptake, and 

correcting for first-pass extraction both the high and low flow rate effects could be 

compensated for.  This established Rb-82 PET perfusion as a viable and accurate blood 

flow measurement tool. 

One of the first major human studies for Rb-82 PET perfusion was done in 1986 by 

Goldstein et al, on 18 CAD patients and 14 normals.[28]  The research goal was to safely 

track the progress of CAD in patients using serial Rb-82 PET perfusion studies.  Results 

showed that Rb-82 could correctly diagnose CAD patients (independently verified by 

patient history and angiography) and normals with one exception due to abnormal lung 

activity which prevented diagnosis.  Later human studies using Rb-82 by Stewart et al 

compared the accuracy of Rb-82 with Tl-201.[29]  Patients with known or suspected CAD 

were chosen consisting of 52 men and 29 women.  The sensitivity (also known as the true 

positive rate) the specificity (also known as the true negative rate), and the diagnostic 

accuracy was evaluated.  Results showed that Rb-82 had 84 % sensitivity, 88 % specificity 

and 85 % accuracy; whereas Tl-201 had 84 % sensitivity, 53 % specificity and 79 % 

accuracy.  In addition, pharmacological and physical stress testing showed no difference 
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with respect to sensitivity, specificity and accuracy.  The short half-life of Rb-82 (76 s) 

allowed for fast rest-stress studies which is desirable for patients who often suffer from 

arthritis and have trouble exercising or enduring long scans.[30] 

In the 90’s x-ray CT was combined with PET for anatomical localization of tracer 

distribution and improved attenuation correction.[31,32]  Attenuation correction is needed 

to compensate for photon scatter and absorption in order to reconstruct the true activity 

concentration within organs and tissues, and will be discussed further in chapter 2.2.  In 

1990 Demer et al investigated using dipyridamole-induced coronary arteriolar vasodilation 

(for simulation of stress) for detection of CAD using Rb-82 and N-13-ammonia.[33]  The 

study compared invasive angiograms with the results from PET scans in CAD patients and 

normal subjects.  Results showed an absolute decrease in the activity concentration of any 

image region for stress compared to rest for patients with known CAD.  In addition, this 

decrease was related to the flow rate to the heart muscle, and the choice of tracer did not 

affect the results.  These results were followed up by Garza et al in 1997 for Rb-82 in a 

study involving 45 CAD patients.[34]  They showed that rest/stress count ratios with 

dipyridamole-stress PET imaging can predict the presence of CAD.   

In 2001 Sdringola et al used dipyridamole-stress PET imaging on 90 subjects.[35]  

The purpose of this study was to investigate whether or not asymptomatic CAD could be 

detected with the tracer N-13-ammonia.   This showed that risk factors and family history 

are good predictors of the potential for someone to develop CAD.  Further studies by 

Bateman et al in 2006 and Mc Ardle et al in 2012 have compared Rb-82 PET imaging to 

technetium-99m SPECT.[36,37]  Both studies showed that despite advances in SPECT 

imaging, PET imaging had superior diagnostic accuracy. 
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In the 90’s PET systems with photomultiplier tubes (see chapter 2)  shielded from 

the effects of high magnetic fields were developed.[38]  These were initially developed to 

increase spatial resolution since due to the Lorentz force, the positrons will annihilate 

closer to their emission point.  In 1997 Shao et al used this technology to combine PET 

with magnetic resonance (MR) for brain imaging.[39]  This merger of PET with MR has 

continued to the present day, but the deployment has been slow due to the high cost of such 

systems, the challenge of integrating PET with the high magnetic fields present in MR, 

translating MR images into usable attenuation correction maps and the lack of research into 

its clinical benefits.[40–42] 

 

1.2 Motion Correction 

The main goal of myocardial blood flow quantification is accomplished using dynamic 

PET imaging.  This will be covered in greater detail in chapter 2.6, but is briefly mentioned 

here to introduce the topic of the patient motion problem.  Dynamic imaging involves 

acquiring PET data to measure the tracer concentration in a tissue/organ in sequential time 

frames, which generates a time-activity curve.  Kinetic modeling uses the arterial blood 

input function and tissue tracer concentration curves to extract physiological information 

such as blood flow to the heart wall (in units of ml/min/g).  One of the assumptions in 

kinetic modelling is that the tissue components do not move.  In addition, in clinical 

practice, only one CT is typically acquired for attenuation correction of all dynamic frames.  

Patient motion causes CTAC (CT attenuation correction) artifacts due to the misalignment 

between the CT and PET data for frames that have moved relative to the CT, and therefore 

the spatial invariance of the tissue components assumed for accurate kinetic modeling are 
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violated.  This causes errors in the blood flow quantification and will be covered in greater 

detail in chapter 3.  This chapter discusses several motion correction methods.  Many of 

these methods were developed for cardiac/respiratory or head motion correction but may 

be applicable to patient body motion correction. 

 

1.2.1 Effects of motion  

The need for proper CTAC alignment has been published as early as the late 1970’s.  In a 

paper by Ostertag et al it was noted that the largest CTAC errors occur in regions near the 

boundary of the organs.  This is particularly true for organs that have very different 

densities.[43]  Early techniques for measurement of the attenuation data involved using a 

rotating Ge-68/Ga-68 long-lived isotope as a known photon source and measuring the 

photon attenuation caused by the patient.   

One of the earliest attempts to quantify effects of patient motion in PET cardiac 

imaging was in 1992 by McCord et al.[44]  Misalignment was artificially introduced to 

patient data, including 1 and 2 cm translations and 36º rotations to the attenuation 

correction factor (ACF)/PET alignment.  The study only looked at the changes to the 

myocardial wall activity and not to blood flow quantification.  This was accomplished by 

manual selection of a short-axis slice through the middle of the heart wall and manually 

selecting 8 regions of the myocardium in this slice.  The mean activity in each of these 

regions was used for analysis.  They observed an increase from the true activity in the 

lateral wall by 28 % for a 2 cm right shift, and for a left shift a more severe increase was 

observed for the septal wall instead of the lateral wall.   Upward shifts of 2 cm produced a 

13 % increases in the apparent activity in the posterior wall and decreases of 19 % in the 
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anterior wall.  A 2-cm downward shift caused increases of 16% in the anterior wall and 

decreases of 18 % for the lateral wall.  For a rotation of 18° (counter clockwise) the lateral 

wall region decreased an average 24%.  For a -18° rotational (clockwise) shift, the anterior 

region decreased by 15%, whereas the lateral wall increased by 11%. 

A pivotal study on motion prevalence and clinical effects was conducted by Loghin 

et al in 2004 in a patient population using Rb-82.[45]  This study used the older Ge-68 

rotating source method to measure the attenuation correction scans, with acquisition times 

of 10-20 minutes.  They found that 21 % of all motion cases (n = 1,177) had visible artifacts 

due to attenuation-emission misalignment.  They also evaluated early vs late attenuation 

correction scans.  For early alignment they found that 31 % had artifacts whereas for late 

alignment only 16 % had artifacts.  They also found that smaller hearts were more prone 

to attenuation-emission mis-registration, and that the downward displacement of the 

diaphragm after dipyridamole injection was a significant source of motion.   

A similar study to Loghin et al was performed by Gould et al with Rb-82 in 2007 

but using PET-CT.[46]  Both helical CT and cine CT (repeated image acquisitions at each 

bed position) were used for attenuation correction.  The cine CT data was averaged and 

aligned to the locations of the PET slices.  They found that CTAC artifacts caused 40 % of 

patients to have false positive defects.  It was also found that short CT acquisitions do not 

account for the average attenuation of constantly changing structures during breathing over 

longer PET emission scan times and that cine averaging reduced this effect. 

A comprehensive review of motion effects was performed by Burrell et al in 2006 

in a patient population of Tl-201 SPECT scans.[47]  The study indicated that a 3.25 mm 

(0.5 voxel) shift did not cause a detectable effect.  A 6.50 mm (1 voxel) shift caused an 
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effect that was not usually clinically significant.  And shifts of 13.0 mm (2 voxels) or more 

could be significant clinically.  In addition, they found that motion occurring in the middle 

of a scan was worse than motion near the beginning or end of a scan and that gradual 

motion was less detrimental than abrupt motion.  They also found that axial motion 

(superior/inferior) was more detrimental than lateral (left/right or anterior/posterior) 

motion, but also the reverse was also found.  A more complicated type of motion covered 

by this paper was that of cardiac creep.  Cardiac creep is the gradual drift of the internal 

heart position over time.  If a patient exercises or is nervous and breathes heavily the lungs 

expand which causes the average heart position to shift downward.  Then over time when 

the patient relaxes the lung displacement returns to normal, which causes the heart to shift 

upward to its original position.  Organ creep is worse when imaging is acquired too soon 

after stress, and the recommendation from this paper was to begin PET scans 15-30 minutes 

after exercise or 45-60 minutes after pharmacological induced stress.  They also noted that 

despite their recommendations cardiac creep may also occur under resting conditions. 

 

1.2.2 External tracking systems for motion correction 

To correct for patient motion, the deviation from an original position must be determined.  

One method is to use an external tracking system.  This works by measuring the change in 

body position, typically using a marker fixed to the skin of the patient.  One of the issues 

with external tracking is that the internal motion of the organs can be complex and may not 

track with the motion of the external body (e.g. the skin), especially for cardiac imaging.  

Despite the limitations, several studies have shown that it is a useful method for 
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characterizing when motion has occurred, and external tracking has seen widespread use 

in brain imaging since the head can be treated as a ridged body. 

An early external tracking system was developed by Green et al in 1994 for brain 

imaging.[48]  Their method used the tracking of a low-frequency alternating magnetic field 

generated by an electromagnet attached to the patient to track patient motion.  Later in 1995 

Ruttimann et al published an optical tracking system also for brain imaging.[49]  The 

optical tracking device used a laser directed at a mirror fixed to the patient with a dental 

mold.  When the patient moved the angular deflection of the laser was measured to 

determine the amount of motion. 

Video monitoring of patient head motion with correction was reported in 1997 by 

Picard et al.[50,51]  Motion tracking was accomplished by monitoring the position of light 

emitting diodes (LED) on the patient using two CCT cameras.  A similar tracking system 

was reported by Goldstein at al in 1997 but using miniature incandescent lights.[52] When 

motion above a certain threshold was detected, the system split the data up into a separate 

frame.  All frames were then reconstructed independently and realigned before 

reassembling of the dynamic data.  This is known as the multiple acquisition frame (MAF) 

method.  As pointed out by Ruttimann et al, one of the limitations of the MAF method is 

the tradeoff that must be made between the motion threshold and acquisition length.[53]  

For instance, a high motion threshold ensures longer acquisition lengths and thus higher 

count rate statistics but neglects motion that occurs within a frame.  A lower threshold 

accounts for motion within a frame but will result in multiple acquisition frames with poor 

count rate statistics, which in turn adversely affects the quality of the reconstructed images.   
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Passive optical tracking systems have also been reported as early as 1999 by 

Lopresti et al using the Polarisᵀᴹ tracking system for brain imaging.[54]  Unlike the 

previous system using LEDs, this tracking system used infrared (IR) sources to illuminate 

passive IR reflectors placed on the patient.  The advantage is that the sensors can be made 

very small since they do not need a power source.  Another optical tracking system was 

developed by Nehmeh et al in 2003 using IR markers for radiotherapy respiratory gating. 

[55]  The goal was to reduce respiratory motion artifacts for radiation therapy in PET lung 

imaging.  This was unusual in that the markers were not placed on the patient, but on a 

block of lightweight plastic attached to the thorax to track respiratory motion. 

One of the very first attempts of cardiac motion correction using O-15-labelled 

water was in 2005 by Naum et al.[56]  This technique was unique in that it used radioactive 

markers and employed both manual and automated motion correction.  Both the manual 

and automated correction realigned the images to a reference frame based on the 

displacement of the markers from the reference image.  Automated correction was achieved 

by the registration of point pairs (where the markers were) placed on the reference image 

and on the image to be registered using a least squares registration algorithm.  One 

important finding was that the frequency of motion in frames was more common at stress 

(45 % pharmacologic, 80 % exercise) than at rest (18 %). Also, they found that either 

automated or manual correction methods worked well, and that the number of frames with 

motion and the severity of motion dropped significantly with motion correction enabled.  

In addition, it was noted that ideally motion correction should rely on cardiac markers and 

not external markers; however, placing markers within the patient is not feasible.  Another 

external tracking system using radioactive markers was reported by Nehmeh et al in 



 15 

2003.[55]  The markers consisted of a F-18 fluorodeoxyglucose (FDG) point source affixed 

by a rod to the chest and a Styrofoam block.  Respiratory motion can be tracked by 

measuring the movement of the point source at the end of the rod as the patient breaths. 

A purely optical tracking system was developed by Kyme et al using stereo-optical 

motion tracking.[57,58]  The stereo images are used to track high-contrast checkered 

motifs which can be printed on paper and attached to the patient.  Motion tracking can be 

done for 6 degrees of freedom at a rate of 30 Hz, and is used for small animal motion 

tracking.  A different optical tracking system was published in 2012 by Noonan et al using 

a 3D depth sensor (Microsoft Kinect) for head motion in 6 degrees of freedom.[59]  The 

depth sensor uses IR lasers to calculate the distance to surfaces of objects in its field of 

view.  This data is used to create a 3D model of the patient.  When the patient moves, a 

global transform is determined that describes the change in position and can be used to 

reposition the patient data. 

A study characterizing the effect of motion on MBF was completed by Koshino et 

al in 2012 using O-15-labelled water in 10 patients.[60]  Inter-scan (IS) and inter-frame 

(IF) motion was measured using external markers with an optical tracking system; however 

transmission and emission alignment were not corrected.  Average IS and IF frame motion 

ranged from 2 mm to 10 mm.  MBF was reported as the mean of all segments, and 

correction for motion showed a 1 % to 21 % change in MBF following correction. 

In 2011 Liu et al published a paper on internal-external (INTEX) motion estimation 

for respiratory motion correction in phantoms and patients.[61]  External motion was 

measured using a Real-time Positioning Management (RPM™) gating system that uses 

optical tracking of reflective external markers on a block fixed to the patient or phantom.  
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The assumption made is that the tumor in the lung is correlated with the external breathing 

motion of the body.  To track internal motion, the list mode data was binned into 1 s 

dynamic frames.  All frames were then aligned to a common reference frame using the 

RPM tracking information and summed together and reconstructed.  The CT was aligned 

to the reference frame using the consistency conditions for 2D Radon transforms.[62] 

In 2014 an external tracking system using positron emitting markers from list mode 

data was developed by Chamberland et al.[63]  The algorithm can detect multiple markers 

placed on the subject, activities ranged from 92.5 kBq to 150 kBq.  The method begins 

with determining an estimate for the markers initial position.  Each coincident line that 

crosses a point closest to the estimated marker position should form a circle.  The true 

marker position is located along the circumference of this circle, opposite the estimate.  

Markers can be tracked in real time with updated positions every 500 ms.  The algorithm 

was evaluated using Monte Carlo and physical phantom studies.  They found that a marker 

could be tracted with 0.8 mm precision. 

 

1.2.3 Image based motion correction methods 

A more direct way to measure the motion is to use image-based methods.  By comparing 

frames with motion to a reference frame assumed to not have motion, parameters that 

define this motion can be estimated.  Then these frames can be realigned to the reference 

frame and thus correct for motion.  Some methods do not compensate for the CT/PET 

misalignment that causes CTAC errors.  One way to correct for the CTAC artifacts could 

be to reconstruct the frames using CT images aligned to each individual frame, then realign 
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the frames at the end of the process to correct for CTAC and PET misalignment.  However, 

this effectively doubles the reconstruction time. 

 Methods using cine CT have been developed for cardiac motion correction such as 

that published in 1991 by Song et al.[64]  These methods use multiple CT images taken in 

rapid succession to capture heart motion.  A 4D CT imaging technique for respiratory 

motion compensation was developed by Nehmeh et al.[65]  One major issue with these 

methods is the increase in CT radiation dose, making it hard to justify its use in a clinical 

setting for cardiac imaging.   

For cardiac PET imaging an early attempt for motion correction was conducted by 

Muzik et al in 1993.[66]  They used manual realignment of the heart wall by using edge-

enhanced images of the epicardial and endocardial edges of the heart wall.  A reference 

ellipse was fitted to the short axis slices of the late frame where the heart wall was well 

defined.  Frames where the ellipses did not align with the edges were realigned manually.  

Similar work was done by Khurshid et al by segmenting the heart wall in PET and CT.  

However, in this case an alignment was done automatically by calculating motion vectors 

derived from the average distance between the heart wall boundaries on  the CT and PET 

data.[67] 

In 1995 a post reconstruction patient body motion correction algorithm was 

published by Friston et al for PET and MRI in brain imaging.[68]  It works by minimization 

of the sum-of-squares between two images.  They found that non-linear approaches to 

minimization were not as good as a least squares approach, this is due to the fact that the 

least squared approach was able to find the global minimum rather than local minima. 
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A method of motion correction by aligning frames based on mutual information 

was published by Maes in 1997 for use in brain imaging.[69]  For mutual information, the 

assumption is made that image intensity values of corresponding voxel pairs is maximal if 

the images are aligned.  They tested this algorithm for CT-MR and PET-MR image 

registration and demonstrated that the algorithm had sub-voxel accuracy.  The use of 

mutual information for CT alignment was further validated by Bond et al in 2008.[70]  The 

technique also involved cropping the left ventricle to prioritize left ventricle alignment, it 

used a gradient operator for deformable alignments and Powell’s method of unconstrained 

optimization.  Results showed a 98 % success rate for registration of 26 patients, and was 

comparable to manual alignment.   

In 1999 an entropy-based method was developed for PET-CT and PET-MR image 

registration by Studholme et al.[71]  When two images with the same anatomy are 

superimposed, any anatomical features that do not overlap are duplicated; thus, increasing 

the complexity (or entropy) of the resulting image.  A joint probability distribution could 

be used to estimate how often pairs of values occurred together.  In a similar way, the 

authors proposed using joint entropy derived from the joint probability distribution.  By 

minimizing the joint entropy function, the images could be aligned.  Results were mixed 

however, as several significant failures in registration were encountered. 

An automated motion correction technique using N-13-ammonia for cardiac 

imaging was published by Khurshid et al in 2008.[72]  Their method used an image 

segmentation technique to isolate the cardiac region.  The cardiac region on the CT was 

also segmented using the PET data to help define the heart location.  The PET and CT are 

aligned by aligning these segmented regions.  One important finding was they found that 
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the superior/inferior motion (z direction) made up 40 % of motion cases, for 

anterior/posterior (y direction) it was 22 % and for left/right (x direction) it was 38 % of 

motion cases.  The mean shifts were 8 mm in the z direction, 4 mm in the x direction and 

2 mm in the y direction; and the maximum approached 2.6 cm for z and 1 cm for the x and 

y directions. 

A respiratory motion correction algorithm using optical flow with respiratory 

gating was published in 2008 by Dawood et al using both digital NURBS-based Cardiac-

Torso (NCAT) phantom simulations and patient data.[73,74]  First, raw gated data not 

corrected for attenuation was used in conjunction with an optical flow algorithm to align 

the respiratory phases to a common respiratory phase.  Then these were added together to 

build the final motion corrected imaged, but without attenuation correction.  A list mode 

reconstruction algorithm using the motion parameters determined by the optical flow 

algorithm was suggested to provide both motion correction and attenuation correction 

simultaneously – see chapter 1.2.4.  Due to deformations (eg tissue compression) and the 

partial volume effect the activity concentration can change from the true value.  A mass 

preserving method that can be used to compensate for these changes was proposed by 

Gigengack et al in 2012 for cardiac and respiratory motion correction.[75]  This method 

preserves mass by incorporating the Jacobian determinant into the registration functional.  

The algorithm was evaluated using digital phantoms, physical phantoms and patient data.  

Results showed substantial reduction in cardiac and respiratory motion. 

One of the very first papers on motion correction for Rb-82 was published in 2010 

by Woo et al.[76]  Their method works by segmentation of the heart wall, then defining a 

bounding box around the segmentation.  Then automated cross-correlation was used to 
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align all frames to a common reference frame.  Another image-based technique involving 

cardiac segmentation was developed by Martinez-Möller in 2007.[77]  This technique 

involved comparing the position of the segmented left ventricle to the CT image.  If part 

of the left ventricle (LV) overlapped with tissue that was very different from heart tissue 

(for example lung) then the corresponding voxel on the CT was set to heart tissue. 

Another method of frame-by-frame image-based motion correction was published 

by Ye et al in 2014 for brain imaging.[78]  By segmenting the patient’s head outline, the 

CT image was aligned with a reference frame that was reconstructed with and without 

attenuation correction.  The non-reference PET frames were initially reconstructed without 

attenuation correction.  Then the non-reference uncorrected frames were aligned to the 

uncorrected reference frame.  Then the spatial information was used to align the CT to all 

non-reference frames, and the frames were individually reconstructed with attenuation 

correction using their respective aligned CT.  Then all attenuation corrected frames were 

re-aligned back to the reference frame. 

A maximum correlation method was validated by Turkington et al in 1997.[79]  A 

cross correlation function was used to align cardiac PET frames for N-13 Ammonia.  One 

long frame (5 min) was used as a reference frame, to which all other frames were aligned.  

The method was evaluated on a cardiac phantom and human data.  The study concluded 

that it performed well for the cardiac phantom and qualitatively well for human studies; 

however, since the true alignment in the human studies was unknown the performance 

could not be shown definitively for human studies. 

 In 2014 Slomka et al published a study comparing automated CTAC alignment 

with manual CTAC alignment for Rb-82 with static images.[80]  It was found that 
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automated alignment performed better than manual alignment, likely due to the removal of 

operator bias.  That same year Slomka et al published a paper on motion correction using 

dual-gated motion-frozen cardiac PET with F-18 flurpiridaz for static imaging.[81]  Stress 

images were acquired using dual cardiac and respiratory gating.  Results showed significant 

improvement in contrast and image resolution using the dual gated technique.   Similar 

work with motion-frozen methods was coducted by Le Meunier et al in 2011 but applied 

to cardiac imaging alone for F-18 fluorodeoxyglucose.[82]  This method used cardiac 

gating and aligned all cardiac phases to a single heart phase (end-diastole).  Results showed 

an increase maximum LV counts to defect contrast and myocardial to blood contrast.  In 

addition, noise levels were similar to static summed images. 

 

1.2.4 Reconstruction methods for motion correction 

Reconstruction methods have also been developed for PET motion correction.  These 

methods are advantageous in that the PET motion and CTAC misalignment can be 

corrected for simultaneously.  Most of these methods need the data to be in list-mode 

format which older scanners did not have but is now widely available. 

One of the earliest attempts at patient body motion correction during reconstruction 

was published by Fulton et al in 1993 for brain imaging.[83]  Their method assumed that 

the motion is accurately estimated using an unspecified method, and then uses this 

information in a maximum a posteriori (MAP) algorithm by expectation maximization 

using a one-step-late (OSL) algorithm (see chapter 2 for image reconstruction).  This was 

accomplished by modifying the probabilities of the detection of photons in a PET system 

by a transformation matrix representing the motion of a pixel.  The limitation of this motion 
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correction algorithm is the fact that these algorithms cannot correct for motion within a 

frame.  In addition, image artifacts may be caused by the fact that some LOR’s can be 

shifted into positions where there are no crystal pairs (EG outside the scanner geometry). 

To compensate for this a modification of the MAF was proposed by Rahmim et al in 2004 

using motion correction with list-mode data.[84]  This method used comprehensive 

modeling of motion into the histogram-mode and list-mode EM reconstruction routines to 

account for these shifted LOR’s.  One can pre-correct sinograms by scaling the counts to 

account for these shifted LOR’s as suggested by Thielemans et al and later expanded upon 

by Zhou et al.[85,86]  The novel suggestion by Rahmim et al was to correct these effects 

during reconstruction by use of motion weighting by modifying the system matrix to take 

motion into account.  This changes the sensitivity correction factors and thus may reduce 

noise effects.  These methods were extended to 4D reconstruction by Verhaeghe et al in 

2010 for head motion.[87] 

A reconstruction algorithm to correct for intra-frame motion was developed by 

Mohy-ud-Din et al in 2012 for brain imaging.[52]  This algorithm used an optical tracking 

system to measure motion in conjunction with the MAF approach.  The research was an 

attempt to overcome the shortcoming of MAF acquisitions during the reconstruction, and 

avoid the need for list-mode acquisitions required by the line of response (LOR) method.  

Inter-frame motion is corrected by use of the average motion in each reconstructed frame 

individually.  Next correction for CTAC errors was done by use of time-weighted 

attenuation images for each reconstructed frame.  Intra-frame motion are then corrected 

during reconstruction using a Richardson-Lucy iterative deconvolution algorithm. 
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A list-mode based reconstruction algorithm for respiratory motion correction was 

developed by Lamare et al in 2007.[89]  The algorithm was evaluated using a digital NCAT 

phantom and Monte Carlo simulations.  This reconstruction method incorporated elastic 

transformations in the system matrix, which meant it could account for deformations in the 

organs that often occur due to motion.  Results showed marked improvements in contrast 

for legions in lung using motion-compensated reconstruction. 

 

1.2.5 Additional methods for motion correction 

With recent developments of PET/MRI motion correction in PET using simultaneous 

PET/MR acquisitions are possible, and may prove to be more accurate.  As pointed out by 

Catana et al one of the issues is that the motion of internal organs may be complex and 

impossible to characterize with external tracking.[90]  The issue with CT images is that 

you cannot continuously monitor organ motion with CT due to the radiation exposure, and 

that PET and CT are acquitted sequentially.  However, there is no radiation dose from MRI 

imaging and thus MRI offers a way to measure the precise organ configuration during a 

PET acquisition.  This is especially true since PET and MR can be acquired simultaneously 

and thus it allows for motion modeling of the organs and for accurate motion correction. 

 In 2012 Hamill et al published a paper on Maximum Likelihood Activity 

and Attenuation estimation (MLAA).[91]  This is a reconstruction algorithm that takes 

advantage of the time of flight information that modern PET scanners such as the GE 

Discovery 690 have available.  During reconstruction the algorithm estimates the expected 

attenuation and activity simultaneously.  Any motion will be compensated for during 

reconstruction by creating an attenuation map that matches the PET data.  The 
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disadvantages are that currently reconstructions requires several hours to converge and the 

PET scanner must have time of flight capability.  In addition, this method only corrects for 

CTAC misalignment, any frame-to-frame misalignment in the PET data would need to be 

corrected separately. 
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2    Chapter: PET Imaging and Simulation 

2.1 Radioactive Decay and the Production of Positron Emitting Isotopes 

When the nucleus of an atom is unstable, the atom has a probability of losing energy by 

emission of radiation, to reach a more stable (lower energy) configuration.  The important 

type of radioactive decay in PET medical imaging is positron emission.  Positron emission 

competes with electron capture; however, electron capture is not important for PET 

imaging since it produces no measureable emissions.  This chapter will discuss both 

radioactive decay, and various other physical processes important in PET imaging such as 

positron annihilation and photon/electron scattering, as well as the production of isotopes 

used in PET imaging.  In addition, the purpose of PET imaging is to perform functional 

imaging such as myocardial blood flow (MBF) quantification; therefore, image 

reconstruction and MBF will also be covered. 

 

2.1.1 Positron Decay and Electron Capture 

Positrons were first predicted by Paul Dirac when he noticed that the wave equation 

contains negative solutions.  He argued that these negative solutions predict a particle 

whose mass is equal to that of an electron but would carry a positive coulomb charge.[92]  

A short time later, the particle was discovered by Carl D. Anderson for which he won the 

Nobel prize.[93]  Positron emission is a process whereby a proton in an unstable nucleus 

loses energy to become a neutron by emission of a positron.  For instance, the parent atom 

Rb-82 has 82 nucleons and 37 protons.  After the positron emission process the daughter 
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atom Kr-82 (which is stable) will have 82 nucleons and 36 protons.  The process for 

positron decay with Rb-82 is illustrated in equation 2.1.1.1. 

𝐑𝐛𝟑𝟕
𝟖𝟐 → 𝐊𝐫𝟑𝟔

𝟖𝟐 + 𝛃+ + 𝛎𝐞   ( 2.1.1.1 ) 

In order for this process to happen, the mass energy difference (E = mc2) between 

the parent and daughter atom must be at least twice the rest mass energy of an electron (at 

least 1.022 MeV to account for the positron and the loss of an electron).  The emission 

energy excluding the rest mass of a positron, and a very small amount to the neutrino, will 

be shared between the positron and neutrino.  Since the amount of energy shared may vary 

for any given emission, the positron is emitted with variable energy levels forming an 

energy emission spectrum for the positron.  The average emission energy E(i) and energy 

yield (y(i), number of emissions per second) for Rb-82 is given in Table 2.1.1.1.[94] 

Table 2.1.1.1:  

Important radiation emissions from Rb-82 decay 

  y(i) E(i) 

Radiation 1/(Bq-s) MeV 

β+ 0.116 1.157 

β+ 0.833 1.523 

γ 1.91 0.511 

γ 0.134 0.777 

If the minimum energy threshold of 1.022 MeV is not met the decay mode will be 

electron capture.  For electron capture an electron combines (is captured) by a proton to 

become a neutron.   Once the electron is absorbed, a hole is left in the shell of the atom 

thus leaving the atom in an excited state.   The atom will further stabilize by emission of a 
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characteristic x-ray when an electron in a higher energy shell fills this hole.  This process 

is more prevalent in heavier nuclei due to the fact that electrons in the inner K or L shells 

experience a strong attraction to the nuclei due to the Coulomb force; additionally the 

characteristic x-ray will be higher in energy for larger nuclei.  The process for electron 

capture with Rb-82 is illustrated in equation 2.1.1.2. 

𝐑𝐛𝟑𝟕
𝟖𝟐 + 𝛃− → 𝐊𝐫𝟑𝟔

𝟖𝟐 + 𝛎𝐞    ( 2.1.1.2 ) 

A list of various PET isotopes is given in table 2.1.1.2 with the mean emission 

energy, half-life and the root mean square (RMS) positron range.  One of the main 

advantages or PET isotopes is that most of them are identical to commonly found elements 

in biology.  This means that by the use of radiochemistry, tracers which exactly mirror 

common biological chemicals can be constructed to exactly investigate those chemical 

functions in the body.  In addition, most positron emitters have short half-lives, and thus 

the radiation dose to the patient tends to be lower compared to the longer-lived SPECT 

isotopes (for example Technetium-99m which has a half-life of 6 hours).  As shown in 

table 2.1.1.2, Rb-82 is an ultra-short-lived isotope with the shortest half-life of all PET 

tracers.  Therefore, its effective dose to a patient is very low approaching 0.8 

mSv/GBq.[95]  By comparison the annual background radiation dose in the Ottawa valley 

is 2 mSv/year.[96]  Most of the PET tracers are cyclotron produced, which means any clinic 

wanting to perform PET scans with these tracers must have access to a cyclotron nearby.   

The tracer Rb-82 is generator produced, which means it is eluted from a parent isotope (Sr-

82) and does not require an on-site cyclotron.  This is covered in further detail in chapter 

2.1.2. 
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Table 2.1.1.2:  

Common isotopes used in PET imaging [97,98] 

Isotope Isotope Source Positron Fraction Emax Emean Half-life Range (RMS) 

   

MeV MeV min mm 

C-11 Cyclotron 0.99 0.96 0.386 20.4 0.28 

N-13 Cyclotron 1.00 1.19 0.492 9.96 0.45 

O-15 Cyclotron 1.00 1.72 0.735 2.07 1.04 

F-18 Cyclotron 0.97 0.64 0.250 109.8 0.22 

Cu-64 Cyclotron 0.19 0.58 - 762 0.2 

Ga-68 Generator 0.89 1.90 0.83 67.7 1.35 

Rb-82 Generator 0.96 3.35 1.40 1.27 2.60 

 

The positron fraction is due to the fact that for the heavier elements, positron 

emission competes with electron capture.  Here the positron range is the mean travel 

distance from the source of emission of a positron in water, expressed as root mean square 

(RMS) distance in mm. 

 

2.1.2 The Production of Positron Emitting Isotopes 

A cyclotron is a type of particle accelerator that accelerates charged particles using an 

alternating electric field that causes the particles to accelerate in an outward spiral path.  A 

basic schematic of a cyclotron is shown in figure 2.1.2.1.  The acceleration process begins 

at the source where a stream of hydrogen gas is ionized and becomes a plasma.  This is 

accomplished typically by keeping the source between two high-voltage tantalum 
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cathodes.  The electrons emitted by the cathodes ionizes the hydrogen turning it into a 

plasma consisting of both negative and positive ions (some neutral hydrogen atoms are also 

present).  Deuterons and alpha particles can also be used in place of protons, and either 

positive or negative ions are pulled out of the chamber by a narrow charged slit where the 

particle enters the main chamber of the cyclotron.  The main accelerating chamber consists 

of two trough-like half circle- (or D-) shaped copper ‘dees’ kept in vacuum.  For 

acceleration of negative ions, the vacuum must be much higher than with positive ions, 

since a negatively charged proton can easily lose its electron to stray molecules.  The dees 

are located between two poles of a powerful electromagnet (2 T) and connected to a high-

voltage alternating potential at frequencies in the MHz range.  Charged particles are 

attracted to a dee and are accelerated until they enter the dee.  While in the dee they travel 

in an arc due to the magnetic field.  When the field switches direction the charged particle 

is accelerated across the gap to the adjacent dee and the process continues.  The frequency 

of the voltage shifts is set such that as particles reach the end of one dee, the polarity shifts 

to accelerate the particles to the other dee. 

 

Figure 2.1.2.1: Schematic of a cyclotron.  Particle path is shown as a dashed red line 

originating at the source S.  An alternating source is connected to dees A and B both 

held in vacuum. 
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The kinetic energy ‘K’ of particles traveling in the cyclotron is given in equation 

2.1.2.1, and is dependent on the radius and magnetic field of the cyclotron 

𝐊 =
(𝐪𝐌𝐫)𝟐

𝟐𝐦
    ( 2.1.2.1 ) 

where: q is the particle charge, M is the main magnetic field, r is the cyclotron radius, and 

m is the particle mass.[99]  Typical proton beams from cyclotrons have energies in the 10 

to 30 MeV range. Negative ions do not interact with the target nuclei; therefore, a thin sheet 

of carbon foil is placed just in front of the target to strip the electrons away and create a 

proton beam.  At first glance, negative ion acceleration may not appear to have any 

advantages as it requires a carbon foil and a much higher vacuum to be used.  However, it 

does offer the possibility to produce more than one isotope with the same beam by partially 

converting a beam of negative ions to positive ions, then redirecting the rest of the negative 

ions to a separate target through another carbon foil to produce two separate proton 

beams.[99]  In addition, positive ion acceleration relies on a long acceleration channel to 

direct the beam to the target with an extraction efficiency of 80 %, the rest is lost in the 

housing, thus necessitating increased radiation shielding.  By contrast negative ion 

acceleration relies only on the carbon foils (which is nearly 100 % efficient) and a shorter 

path-length for extraction, and thus requires less shielding.  For these reasons, medical 

cyclotrons typically use negative ion acceleration. 

When a high-energy particle like a proton interacts with the nucleus of an atom the 

proton may be absorbed into the atom, or it may scatter departing some of its energy to the 

nucleus.   This in turn may or may not cause the release of some nucleons from the atom 

which causes the atom to transmute to a different element, or the element may not change 

but it will change to a different isotope.  Spallation reactions involve high energy 
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interactions where many nucleons are ejected from the nucleus; for medical imaging 

purposes this is used to create the Sr-82 source for Rb-82 imaging and will be discussed in 

more detail later.  Other interactions involve the absorption of a proton and the ejection of 

a neutron, which is often the method used in medical imaging to produce tracer isotopes.  

This is further explained in equation 2.1.2.2, where a given atom 𝑋𝑍
𝐴 (A nucleons, Z 

protons) absorbs a proton and ejects a neutron, then the atom is transmuted to a new 

element 𝑌𝑍+1
𝐴 (A nucleons, Z+1 protons). 

𝐗(𝐩, 𝐧) 𝐘𝐙+𝟏
𝐀

𝐙
𝐀     ( 2.1.2.2 ) 

This creates an element “Y” that is neutron deficient, which is typical for positron 

emitting isotopes.   In addition, charged particles like deuterons (d) or alpha particles (α) 

are sometimes used in the production of PET isotopes with cyclotrons.  Due to the different 

possible interactions for different isotopes and atoms, it is necessary for the target atom to 

be monoisotopic (one isotope) ideally, and pure so that the production reaction can be 

controlled.  In addition, after such interactions take place the nucleus will be left in an 

excited state and will release its energy in the form of photons which could deposit some 

of their energy in the sample and surrounding housing, causing the target pressure and 

housing temperature to increase.  The beam of high energy protons undergoes a large 

number of elastic scattering events which also deposit energy in the sample and housing 

which can cause temperature increases of up to 1000 ºC.  Therefore, to cool down the 

sample water/helium gas or other coolant is typically used, or the target surface area is 

increased. 

Many PET isotopes are produced using liquid targets.  Common targets used are 

O-18 enriched water for the production of F-18, N-14(1 %)/O-13 gas for the production of 
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C-11 and N-15/O-16(2.5 %) gas for the production of O-15.  A list of cyclotron-produced 

PET isotopes is given in table 2.1.2.1.[99] 

Table 2.1.2.1:  

Cyclotron produced PET isotopes 

Nuclide Half-life Common Production 

  [min] Method 

C-11 20.4 B(d, n) C6
11

5
10  

  

N(p, α) C6
11

7
14  

N-13 10 C(d, n) N7
13

6
12  

  

O(p, α) N7
13

8
16  

    C(p, n) N7
13

6
13  

O-15 2 N(d, n) O8
15

7
14  

    N(p, n) O8
15

7
15  

F-18 110 O(p, 2n) F9
18

8
18  

 

The PET tracer Rb-82 is so short-lived (76 s) that it would be impractical to use 

cyclotron production since most of the tracer would decay long before injection into the 

patient.  Therefore, Rb-82 is strictly a generator-produced isotope.  Generators work by 

having a long-lived parent isotope which decays into the desired daughter product.  The 

parent isotope is often bound to a substance for which it has a high affinity (such as 

aluminum or tin oxide) whereas the daughter product is not tightly bound.  Due to the lower 

binding affinity of the daughter product, it can be easily removed.  In the case of Rb-82, 

the parent used is Sr-82 which is typically bound to a tin oxide column.  To get access to 
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the Rb-82 daughter, a simple saline solution is flushed through the column and by diffusion 

the Rb-82 isotope enters the fluid and the solution becomes RbCl in saline, which can be 

immediately injected into the patient for imaging.  A simple schematic of such an elution 

device is shown in figure 2.1.2.2, recreated from deKemp [100].  Sterile saline is flushed 

from the intake through the Sr-82/Rb-82 generator column where the isotope is dissolved 

into the fluid.  A controlled valve directs the fluid to the calibration and/or patient elution 

system; any excess fluid is deposited into a shielded waste system. 

 

Figure 2.1.2.2: Basic schematic of an elution system, recreated from deKemp [100]. 

Natural sources of the long-lived (25.55 days) Sr-82 isotope do not exist and 

therefore need to be artificially produced.  Two methods are used to produce Sr-82, first 

by bombardment of stable Rb-85 (Rb-Cl in solution or Rb metal) by high energy protons, 

or bombardment of Mo-99 (with 500-600 MeV protons).  Due to the high energy of the 

incident beam and the large change in the atomic nucleus, the latter is a spallation process.  

The bombardment of natural rubidium for Sr-82 production produces a purer sample of 

strontium-82, but has a lower yield.[30]  During the spallation process other isotopes are 

produced such as Br-77 which can be extracted for use in SPECT imaging.  An ion-
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exchange method is used to separate the Sr-82, after which it is purified and bound to a 

stannic oxide or aluminum column for use with a generator elution system.  

 

2.1.3 Positron Annihilation 

When Rb-82 undergoes positron decay the parent atom transmutes to stable krypton and 

ejects a positron with some initial kinetic energy as was previously shown in equation 2.1.  

The newly ejected positron will then travel through the surrounding medium and lose 

energy by undergoing Bhabha scattering which are positron-electron scattering events.  

Positrons and electrons have the same mass so the momentum transfer is large, and thus 

even high energy positrons do not travel more than 2-3 mm on average in water.  

Eventually, the positron will lose too much energy to resist the coulomb force of attraction 

to an electron in the medium, and the two particles will combine and undergo annihilation.  

In most cases the positron and electron will have very little kinetic energy compared to 

their respective rest mass energy.   When matter and antimatter meet under these conditions 

their total energy is transformed into electromagnetic energy.  Due to conservation of 

momentum and energy the only possible emission is two photons with equal energies but 

opposite momentum.  This emission was first proven by Robert Beringer and C. G. 

Montgomery in 1942.[101]  Their apparatus consisted of two rotating detectors with a 

copper positron source in the center of rotation.  There is an angular distribution of about 

±0.5º to the emitted photons due to the fact that the electron and positron may not be 

entirely at rest when they annihilate, this is illustrated in figure 2.1.3.1.  



 35 

 

Figure 2.1.3.1: Positron decay leading to an annihilation event results in the 

production of two gamma rays with equal energy and opposite momentum. 

Since annihilation photons are emitted simultaneously, detectors placed equidistant 

from the point of annihilation should detect both photons in coincidence, the physics of 

which is the basics of the PET imaging system and the subject of the next section. 

 

2.2 The PET Imaging System 

The PET imaging system takes advantage of the physics of positron annihilation.  In order 

to do tomographic image reconstruction (this is discussed further in chapter 2.3) projection 

information must be collected for as many angles as possible around the object or subject 

being scanned.   In SPECT imaging the emissions from the patient need to be collimated 

using a lead mesh which rejects all photons that have too high an incident angle.  The issue 

is that the sensitivity of the scanner is greatly reduced due to the rejection of the majority 

of the incident photons.  Since the geometry of the emission from a positron annihilation 

event is always the same (180º), collimation is naturally built into the imaging physics for 

PET.  Detectors placed around the radiation source only need to look for coincident events, 

and it is the line of response between the two detectors that provides the angular 
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information needed to form the projection information.  Early PET scanners used rotating 

pairs of detectors, but all modern PET systems use a ring (or cylinder) of detector crystals. 

 

2.2.1 PET Scanners 

Since the 1950’s when PET imaging began, PET scanners have increased in complexity 

and sophistication both in terms of the software for image reconstruction and blood flow 

analysis, and hardware for coincident detection and data storage.  Since the GE Advance 

(herein called GEA) scanner will be used in subsequent chapters it is fitting to describe this 

system, in addition the more modern Discovery 690 (herein called D690) scanner will be 

covered for comparison purposes.  Both the GEA and D690 scanners use complete crystal 

rings around the patient for detection of coincident events, as do modern Siemens PET 

scanners.  The GEA scanner uses bismuth germanium oxide (BGO) scintillation crystals 

for detection of the 511 keV photons whereas the D690 uses lutetium-yttrium 

oxyorthosilicate (LYSO) scintillation crystals which have a higher light output and energy 

resolution.[102]  

Scintillation is a process where a photon of higher energy is transformed into many 

photons of lower energies, typically in the visible spectrum.  These photons can then be 

collected and measured using a photo-detector to give an electronic reading of the amount 

of total energy deposited by the initiating photon.  The scintillation process occurs in three 

steps: conversion, transport and luminescence.[103] 

Conversion is the process by which the incident high energy photon deposits its 

energy through multiple interactions with the scintillation crystal, promoting several 

electrons to the valence shell.  This is done through Compton scattering and the 
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photoelectric effect.  Compton scattering is dominant at energies near 1 MeV.  Compton 

scattering is when a photon scatters with an electron, depositing some energy to the electron 

(called a Compton electron) and thus the scatter photon will have a different wavelength 

and a lower energy.   The energies of the scattered photon and the Compton electron are 

given in equations 2.2.1.1, 2.2.1.2 and 2.2.1.3 respectively. 

𝐡𝛎′ = 𝐡𝛎 (
𝟏

𝟏+𝛂(𝟏−𝐜𝐨𝐬𝛉)
)    ( 2.2.1.1 ) 

𝐄𝛃− = 𝐡𝛎 (
𝛂(𝟏−𝐜𝐨𝐬𝛉)

𝟏+𝛂(𝟏−𝐜𝐨𝐬𝛉)
)    ( 2.2.1.2 ) 

𝛂 =
𝐡𝛎

𝐦𝟎𝐜𝟐     ( 2.2.1.3 ) 

where: ℎ𝜈′ is the scattered photon energy, hν is the energy of the incident photon, Eβ− is 

the energy of the Compton electron, θ is the scatter angle of the photon, c is the speed of 

light and m0 is the rest mass of an electron. 

The photoelectric effect is important for all interactions at or below 100 keV, and 

occurs when the photon is completely absorbed by the electron which is ejected from the 

atom.  Scintillation crystals are designed to maximize the photoelectric effect, so that all 

the incident energy of the incident photon is absorbed and measured.  The energy of the 

ejected photon is given by equation 2.2.1.4: 

𝐄𝛃− = 𝐡𝛎 + 𝐄𝐛    ( 2.2.1.4 ) 

where: Eβ− is the energy of the ejected electron, hν is the energy of the incident photon and 

Eb is the binding energy of the electron. 

During the conversion stage, multiple electron hole pairs are created in the crystal 

lattice, which is important for the transport stage.  The crystals have a band gap structure 

consisting of a valence band, conduction band and a forbidden region where electrons 
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cannot exist.  Electrons must be given at least the energy of the band gap to be excited from 

the valence to the conduction band.  When electrons are promoted (excited) to the 

conduction band they leave a deficit of charge called a hole in the valence band and create 

a surplus of charge in the conduction band, these are called the electron hole pairs.  During 

the transport stage the electron hole pairs migrate, and sometimes energy is lost to non-

radiative re-combinations.  These electron hole pairs will try to recombine but due to 

imperfections in the crystal lattice carriers may become trapped, usually in the band gap 

energy range.  During the luminescence stage, recombination occurs and radiative emission 

produces the characteristic scintillation light, this process is illustrated in figure 2.2.1.1 – 

recreated from [103]. 

 

Figure 2.2.1.1: Diagram of band gap structure, production of electron hole pairs 

during conversion, migration of electron hole pairs during transport, and 

recombination resulting in emission of photon.  

 

The detector efficiency for the conversion process in a scintillation crystal is given in 

equation 2.2.1.5.[104] 

𝛈 = 𝛃𝐒𝐐    ( 2.2.1.5 ) 
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where: η is the detector efficiency, β is the conversion efficiency from the incident γ-ray to 

electron hole pairs, S is the efficiency of the transfer of energy from the electron-hole pairs 

to the activator ions or luminescence centers and Q is the quantum efficiency of the 

luminescence centers.  The conversion efficiency β can be calculated from the properties 

of the crystal, whereas S and Q can be measured.  Clearly we want a detector with as high 

an efficiency as possible; in addition, for coincident detection a short decay-time of the 

scintillation light is desirable especially if time-of-flight information is desired (this is 

discussed in chapter 2.2.2).  Some crystals deteriorate when exposed to moisture 

(hygroscopic) so non-hygroscopic crystals are more desirable since they do not need an 

air-tight seal.  Also, crystals should be resistant to radiation damage (or hard) since the 

detectors need to be stable over as long a time as possible.  Scintillation crystals such as 

BGO can be sensitive to damage by ultraviolet (UV) light and must be shielded, and can 

change efficiency with ambient temperature.  Typical desirable characteristics for 

scintillation crystals are shown in table 2.2.1.1.  Scintillation crystals with a high density 

are chosen to maximize the photoelectric effect and minimize the Compton effect since 

scatter events will likely not deposit enough necessary energy for detection. 
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Table 2.2.1.1:  

Desirable characteristics of a PET scintillation crystal. [104] 

Crystal Characteristic Benefit 

High η High γ-ray detection efficiency 

Short decay time Good coincidence timing 

High light output Large number of crystals per PMT 

Good energy resolution Full identification of energy events 

Emission wavelength near PMT response Good PMT response 

Transparent at emission wavelength Good transport of light output to PMT 

Same index of refraction as PMT coupling Good optical coupling to PMT 

Radiation hardness Stable response over time 

Non-hygroscopic Easier to package crystals 

Rugged Easier to produce smaller crystal elements 

 

Once scintillation light is produced, it travels through the crystal which is 

transparent and acts like a light guide to carry the signal to the photo multiplier tubes 

(PMT).  Depending on the size of the crystal up to 50 % of the scintillation light can be 

lost in a LYSO crystal and up to 40 % in a BGO crystal.[102]  A typical PET detector block 

consists of a 2D array of crystals.  Typically, a crystal block has grooves cut into it to form 

the crystal array: this makes coupling the crystals to a PMT easier (i.e. we do not require a 

PMT for each crystal), and the detector block easier to manufacture.  The grooves act as 

optical guides to direct the scintillation photons towards the PMT, and typically Teflon is 

placed in the groves to protect the crystals; in addition, a mylar sheet is place in front of 
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the detector block to prevent visible light interference and to protect against UV radiation.  

When the scintillation photons interact with the photo-cathode, electrons are ejected 

towards the dynode thorough a focusing electrode to direct the electrons toward the first 

dynode.  Dynodes are held at ever increasing voltage potentials which causes more 

electrons to be accelerated thus acting as an amplifier.  After passing through several 

dynodes, the initial signal is greatly amplified and measured by an electric circuit to record 

the amplitude of the pulse.  A schematic of the photomultiplier tube attached to part of a 

detector block is given in figure 2.2.1.2. 

 

Figure 2.2.1.2: schematic of a photomultiplier tube with detector block attached. 

Typically 4 photomultiplier tubes are used for each detector block as was suggested 

initially by Casey at al.[105]  Blocks are arranged in a ring around the patient, each crystal 

in the block also forms a ring of crystals around the patient; thus, a 24 ring scanner has 24 

crystal rings made up of detector blocks rings.  This is illustrated in figure 2.2.1.3.  In this 

case 16 detector blocks form a single ring.  In this example, each block has 4 transaxial 

crystals, thus this detector has 64 crystals per ring.  If each block had 6 axial crystals and 
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the scanner had two block rings then the scanner would have 12 crystal rings, typically we 

would call this configuration a 12 ring scanner since scanners are not identified by the 

block arrangement.  At the present time, most clinical scanners have 500-600 crystals per 

ring and 24-60 crystal rings (between 3-5 block rings).  Often detector blocks are grouped 

into modules with shared electronic circuitry.   

Photons travel at the speed of light (≈3×108 m/s in a vacuum), thus the travel time 

for photons in a 60 cm diameter scanner would be 2 ns.  As previously discussed when 

positrons annihilate they produce two gamma rays of equal energy (511 keV) but opposite 

momentum (traveling in opposite directions, 180º of separation), and there is a good chance 

that both these photons will escape the body.  When both these photons interact with the 

scintillation crystals they do so at nearly the same time due to their high speed.  These 

signals are then amplified by the photomultiplier tubes.  Signals from the photomultiplier 

tubes are checked for coincident timing, i.e. events that are so close to each other they could 

be considered simultaneous and thus most likely originated from the same positron decay.   
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Figure 2.2.1.3: Schematic of a detector ring made of detector blocks (yellow) with 

attached photomultiplier tubes (blue).  The crystals form an approximate ring with 

the scanner diameter defined from face-to-face on each side of the ring. 

Following tracer injection, there are many decay events within the patient occurring 

simultaneously; many photon detections can occur per second depending on the activity 

within the field of view.  In addition, there is no way to discriminate between the emission 

of two separate annihilation events, thus a coincidence timing window must be applied to 

decide to reject or accept a measured coincidence, as illustrated in figures 2.2.1.4, 2.2.1.5 

and 2.2.1.6.[106] The process begins with the signal from the PMT entering the pulse 

generator.  Here the signal is transformed into a sharp pulse with an amplitude proportional 

to the deposited energy as shown in figure 2.2.1.5.   Due to imperfect energy deposition 

and variations in the detector efficiency, annihilation photons may not deposit the same 

amount of energy in the crystal.  In addition, when we account for events like electron 

capture and other interactions within the body, photons that do not correspond to an 

annihilation event may still interact with the detector crystal.  To eliminate these 

possibilities, an energy threshold is used to decide if a photon is likely due to an 

annihilation event.  An example of the logic circuit for detection of a coincident event is 

shown in figure 2.2.1.4 – recreated from [106].  The sharp pulses from the pulse generator 

are then fed into a gate-pulse generator, which transforms it into a square wave with width 

twice the coincident window (2τ). 
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Figure 2.2.1.4: Coincident timing circuitry.  

Signals received from the PMT are not processed by the pulse generator until the 

amplitude reaches a threshold level (VT).  As is shown in Figure 2.2.1.5 (recreated from 

[106]), pulses with different amplitudes can cross this threshold at different times, and have 

their own intrinsic time delay. 

 

Figure 2.2.1.5: measured energy pulses from the photomultiplier tubes.  

When these pulses are transformed by the gate-pulse generator it is then fed into a 

logic unit.  The logic unit simply looks for a logical AND condition which occurs when 

the pulses overlap.  Once this condition is met, the event is considered ‘in coincidence’ and 
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the annihilation event is assumed to have occurred somewhere along the line-of-response 

(LOR) between the two corresponding detector crystals.  An example of coincident pulses 

and non-coincident pulses are shown in Figure 2.2.1.6 – recreated from [106]. 

 

Figure 2.2.1.6: coincident timing window showing two cases: (A) pulses not in 

coincidence and are therefore rejected and (B) pulses in coincidence. 

Once a coincident event has been accepted, the position on the block must be 

determined.  Since the grooves in the crystal do not go all the way to the base of the crystal, 

there is some light diffusion through the base and each PMT will get a small amount of 

signal from an adjacent deposited event.  The final position on the crystal face of the block 

can be easily calculated from the outputs of the 4 PMT’s (numbered P1, P2, P3 and P4) from 

equations 2.2.1.6 and 2.2.1.7.[106]  The final coordinates are then mapped to the nearest 

crystal in the detector block which causes some geometric distortion and must be corrected 

for. 

𝐗 =
𝐏𝟏+𝐏𝟐−𝐏𝟑−𝐏𝟒

𝐏𝟏+𝐏𝟐+𝐏𝟑+𝐏𝟒
    ( 2.2.1.6 ) 

𝐘 =
𝐏𝟏−𝐏𝟐+𝐏𝟑−𝐏𝟒

𝐏𝟏+𝐏𝟐+𝐏𝟑+𝐏𝟒
    ( 2.2.1.7 ) 

The measured coincidence only gives information about the possible line of 

response between the two crystals where the annihilation event happened, but not exactly 
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where along that line this event took place.  With the increased timing resolution of the 

D690 scanner, it is possible to use the time difference between coincident photon pairs to 

estimate the approximate location of the annihilation event along the line of response, this 

is known as time-of-flight imaging, and by using this information higher quality 

reconstructions of the tracer distribution are possible. 

For a coincident event to be accepted several conditions must be met, namely: both 

photons must fall within the expected energy window, the photons must deposit their 

energy within the time window, and the line of response between the two detector crystals 

in coincidence must have a valid acceptance angle.  These valid events are collected and 

stored in a data structure called a sinogram, or as detector-pair events such as in list-mode 

format which is the subject of the next section. 

 

2.2.2 Data Acquisition, Projections and Sinograms 

If we put a small point source in the transaxial field of view at location ‘S’.  Emission lines 

from measured coincidence events cross this point at many angles.  If you plot the 

displacement from the center of the scanner as a function of angle from the horizontal, the 

points trace out a sinusoidal function as shown in Figure 2.2.2.1 – recreated from [107]. 

 

 



 47 

 

Figure 2.2.2.1: Sinogram of a point source ‘S’.  Lines of response A, B, C and D 

from the point source are plotted on the displacement graph tracing out a sinusoidal 

function.  

The diagram in Figure 2.2.2.2 (recreated from [106]) shows an axial view of the 

scanner with the detector blocks arranged in a ring.  Along the axial length (long axis) of 

the scanner the rings are stacked next to each other.  For some scanners such as the GEA, 

in between the detector rings a thin tungsten septa can be inserted to limit the possible axial 

angles for detection.  This serves to separate the axial planes for 2D reconstruction.  For 

modern scanners like the D690 this feature does not exist since advancements in 3D 

reconstruction and 2D Fourier re-binning (if 2D reconstruction is desired) make it 

unnecessary.  In addition, the sensitivity is lower with the septa in place since photons are 

highly absorbed in dense tungsten. 



 48 

 

Figure 2.2.2.2: Example of some lines or response with (A) the septa in place, 

restricting the coincidence events to specific planes, and (B) the septa retracted 

allowing a larger angular acceptance along the scanner axis.  

Each line of response has a defined axial and transaxial angle.  For tomographic 

image reconstruction, the parallel lines of response can be grouped together to form 

projections.  Reconstruction is covered later in chapter 2.3.  In part (A) of Figure 2.2.2.3 

(recreated from [108,109]) lines of response at 0º and -45º to the x axis are grouped together 

for multiple crystals.  The grouping form parallel lines of response.  Coincidence events 

(counts) along each line of response are summed over time forming a 1D projection of all 

counts along that line of response.  Projections can be stacked in increasing angular 

displacement along the radial axis.  A data structure with stacked projections in this way is 

known as a sinogram because as Figure 2.2.2.3 shows each point in the field of view traces 

out a sinusoidal function.  A sinogram contains all projection information for a single slice 

(or plane) within the axial length of the scanner.  The sinograms for each slice are stacked 

in a 3D matrix.  If a single common angle is selected for all slices, and stacked accordingly, 
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an angular projection view of the object is formed as shown in Figure 2.2.2.3 (B).  The 

donut shaped heart wall is clearly visible in the projection image. 

If we describe a tomographic image as an intensity function with x and y 

coordinated, a line that lies in the plane of the image can be defined as: 

𝐋(𝓵, 𝛉) = {(𝐱, 𝐲)|𝐱 𝐜𝐨𝐬 𝛉 + 𝐲 𝐬𝐢𝐧 𝛉| = 𝓵}  ( 2.2.2.1 ) 

Figure 2.2.2.3 (A) shows multiple lines ‘L’ with lateral displacement along an angular 

vector ℓ at two different angles.  An example of the projection profile is also shown. 
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Figure 2.2.2.3: Lines of response at the same angle grouped together at 0º and -45º 

shown in (A).  Stacking all the grouped sinograms by angle forms a single sinogram, 

as shown in (B).  If we take a single projection at an angle for all slices we get 

stacked projection view (right side of (B)).  

The line integral of the image function would be:[109] 

𝐠(𝓵, 𝛉) = ∫ ∫ 𝐟(𝐱, 𝐲)𝛅(𝐱 𝐜𝐨𝐬 𝛉 + 𝐲 𝐬𝐢𝐧 𝛉 − 𝓵)
∞

−∞

∞

−∞
𝐝𝐱𝐝𝐲 ( 2.2.2.2 ) 
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The impulse function forces the integral to be zeros except along the line L, therefore this 

function represents the projection at different angles around the patient, or the sinogram of 

the data.  This function is also known as the continuous radon transform. 

In addition to physically constraining which planes are measured by using a 

tungsten septa as shown in figure 2.2.2.4, measured planes may also be determined using 

axial acceptance angles if so desired.  If only direct planes are allowed, then coincident 

events measured only in the same ring are considered. As shown in figure 2.2.2.4.  In this 

case, there are 12 direct planes, and the reconstructed volume will have 12 slices. 

 

Figure 2.2.2.4: Example of some lines or response for direct planes only with 

numbered detector rings. 

As previously mentioned the GE Advance scanner was used for the motion 

correction simulations described in this thesis.  However, for comparison purposes the 

Discovery 690 scanner characteristics will also be shown.  Table 2.2.2.1 shows the overall 

characteristics of these two scanners.  Typical reconstructed 3D image sizes are 128 by 128 

voxels with the GEA having 35 slices and the D690 having 47 slices. 
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Table 2.2.2.1:  

Comparison of the GEA and D690 PET scanners. 

Model 

GE Advance 

(GEA)[108] 

Discovery 690 

(D690)[110] 

Detector crystals/Block  

(transaxial × axial) 

6 × 6 9 × 6 

Detector crystal size [mm³] 

4.0 × 8.1 × 30 4.2 × 6.3 × 25 

(transaxial × axial × depth) 

Detector rings 18 24 

Detector crystals/ring 672 576 

Axial FOV [cm] 15.2 15.7 

ring diameter [cm] 92.7 80.99 

Detector crystal type BGO LYSO 

 

 

2.2.3 Scatter and Correction 

A scatter event occurs when one of the annihilation photons scatters in the surrounding 

medium but both photons are detected and recorded as a coincident event, this is illustrated 

in figure 2.2.3.1 with the photon paths shown in red.  The line of response (shown in blue) 

does not cross the point where the annihilation event occurs.  This shift of the line of 

response contributes to the noise of the reconstructed image and reduces contrast.  

Depending on the activity level and acquisition mode (2D vs 3D) scatter events can make 

up 20-50 % of all measured coincident events (sometimes called prompt events).  In 
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addition, if the true activity concentration in the field of view is required (such as in the 

case for quantitative blood flow imaging) this effect must be corrected for. 

There are many strategies to correct for scatter in images.  One of the first methods 

was suggested by Cherry et al in 1993.[111]  This method relies on the fact that as discussed 

in chapter 2.2.2 in both 2D and 3D scans direct plane coincidences are acquired, and in 

the 3D cases sensitivity increases.  If the sensitivity can be accounted for, the only 

difference between the 2D (septa extended) and 3D (septa retracted) acquisitions will be 

due to scatter events.  Efficiency can be measured with a source in air so that scatter is not 

present.  Thus the efficiency ‘ε’ can be used with the 2D (LOR(r, θ)2D) and 3D (LOR(r, 

θ)3D) lines of response (LOR) using equation 2.2.3.1 to calculate the amount of scatter 

along that LOR. 

𝐒(𝐫, 𝛉) = 𝐋𝐎𝐑(𝐫, 𝛉)𝟑𝐃 − 𝛆𝐋𝐎𝐑(𝐫, 𝛉)𝟐𝐃  ( 2.2.3.1 ) 

For each LOR, the quantity S(r,θ) is scaled to be equal to the total scatter counts of 

the counts measured outside the object (ie in the tails of the data which is due to scatter 

alone).  Therefore, the scatter contributions can be calculated for each LOR and removed.   
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Figure 2.2.3.1: Representation of a scatter coincidence.  Emission occurs at a point 

within the heart and one of the 511 keV photons scatters off of the bone of a rib.  

Blue line is the recorded line of response. 

A method for measuring the scatter fraction consists of a line source of Ge-68 

placed in the center of the field of view.  First the source is placed in air and counts are 

counted over a period of time.  Then the source is placed in a water phantom with known 

dimensions, and counts are acquired over the same length of time.  Since scatter in air is 

virtually nonexistent, and accounting for attenuation, the subtraction of these two images 

will be the scatter alone.  The scatter function is modeled as a mono-exponential function 

derived from the scatter profile determined with the Ge-68 line source (counts outside the 

line source (the tails) are due to scatter at these activities). 

Another method suggested by Bailey et al in 1994 was to treat the problem as a 

convolution between the image without scatter (Iwo) and the scatter function (S); which is 

a function that describes how scatter events distribute through the image, equation 2.2.3.2 

describes this process.[112] 
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𝐈𝒔 = 𝐈𝐰𝐨 ⊗ 𝐒     ( 2.2.3.2 ) 

where: Is is the image with scatter.  Therefore, if we can determine Is and subtract it from 

the measured image (Im) (after accounting for the scatter fraction), we would be left with 

an image without scatter (note: Iwo will still contain random events).  The measured image 

is used as an initial estimate for Iwo, and the process can be repeated iteratively until 

convergence, as shown in equation 2.2.3.3.[112] 

𝐈𝒘𝒐
𝒏 = 𝐈𝒎 − 𝐟𝒔(𝐈𝒘𝒐

𝒏−𝟏 ⊗ 𝐒)    ( 2.2.3.3 ) 

where: n is the iteration number and fs is the scatter fraction.  Scatter fraction is the ratio of 

total scatter events to total measured events.  Since this method of scatter correction works 

with 2D planar images, the initial estimate for one plane is used as a starting estimate for 

other planes to correct the 3D sinogram. 

In 1996 Ollinger et al developed a simulated single scatter (SSS) algorithm for 

scatter correction.[113]  Here it is assumed the majority of scatter events result from only 

a single Compton interaction, and the multiple scatter distribution can be modelled by an 

integral transformation of the single scatter distribution.  The effect of multiple scatters is 

small but not negligible.  To account for the multiple scatter the assumption is made that 

multiple scatter arises from a convolution of the single-scatter distribution with a one-

dimensional Gaussian kernel. Analytical models of single scatter are used incorporating 

the Klein Nishina formula to simulate single scatter events along a LOR.   To do this an 

initial estimate of the scatter is needed, which is done after random and dead time 

corrections.  Initial scatter is typically estimated using a back-projection of the emission 

data at low resolution (sometimes as low as 1 cm³ voxel volume).  Typically this initial 

estimate is then used within an ordered subset expectation maximization (OSEM) 
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algorithm by incorporating the SSS information in the forward projection and updating 

these estimates for each subsequent iteration.[114–117]  The tails of the scatter estimate 

are used for normalization, which scales the data to the true activity concentration. 

 

 

Figure 2.2.3.2: Example of a sinogram profile (black solid line) and estimated 

scatter from the tails of data (red dotted line). 

Other methods of scatter correction involve performing a Monte Carlo simulation 

to simulate the amount of scatter, but this is much slower than the analytical 

methods.[118,119]  Without a doubt, scatter correction is one of the most difficult PET 

corrections to implement, due to the difficulty of accurately modeling and determining 

scatter in the patient, which in theory requires a priori knowledge of both the scattering 

medium and the emission distribution. 

 

2.2.4 Randoms and Correction 

A random event occurs when two photons for two different annihilation events are detected 

by the system and recorded as a coincident event.  The paths of the incident photons are 

shown in red in figure 2.2.4.1, and the resultant (erroneous) line of response is shown in 

blue. 
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Figure 2.2.4.1: Representation of a random (accidental) coincidence.  The blue line 

is the resultant line of response. 

The rate (Rij) at which detector crystal pairs ‘i’ and ‘j’ detect random events is given by the 

singles rate of the two detector crystals as shown in equation 2.2.4.1.[120] 

𝐑𝐢𝐣 = 𝟐𝛕𝐒𝐢𝐒𝐣     ( 2.2.4.1 ) 

Where: 2τ is the coincidence time window, Si is the singles rate of detector crystal ‘i’ and 

Sj is the singles rate of detector crystal ‘j’.  To use this ‘randoms from singles’ correction 

method you must have a PET camera capable of accurately measuring the singles rates for 

each detector crystal.  One of the issues with this method is that you would need to estimate 

the singles rate for each individual detector crystal.  In reality you can only measure a 

system average which can have averaging biases due to asymmetric PET sources such as 

a patient.[121]    Another method would be to try to estimate the randoms from the 

projection data outside the patient (the tails) and subtract them from the measured 

data.[122]  This is called the profile method. The issue with this method is that the estimate 
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can change depending on the shape of the object and residual uncorrected scatter outside 

the object. 

The most commonly used method is the delayed coincidence method.[123]  To 

utilize this method the scanner must have a dual coincidence circuit to measure the delayed 

coincidences.  The second circuit has a delay in the coincidence timing such that any true 

coincidence will not be detected.  Thus, in the delayed window the only coincidences 

measured would be randoms.  None of these methods remove the random events from the 

data set, so randoms add a background noise in the image.  What we are estimating is the 

number of random events likely to have occurred during an acquisition.  This then corrects 

for bias in the measured activity concentration of the image, but not the noise. 

When we correct for randoms by subtracting the delayed events we also increase 

the uncertainty on the estimated trues rate. This is expressed in equation 2.2.4.2 as 

𝛔𝐓 = √𝐓 + 𝟐 × 𝐑    ( 2.2.4.2 ) 

where: σT is the error on the estimate of the trues, T are the number of trues and R is the 

number of random events.[124] 

 

2.2.5 Correction for Prompt-Gamma Coincidence 

In addition to the emission of a positron, Rb-82 also emits a gamma ray at 776 keV for 

about 13 % of all decay emissions.[125]  Since prompt gammas occur during the Rb-82 

decay, they are emitted from the site of the decay event.  The positron annihilation event 

may occur some distance from the decay event due to the positron range.  It is possible for 

some of these prompt gammas to be detected within the energy window and coincidence 

timing window and be counted as a coincident event.  An example of a prompt gamma 
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coincidence is shown in figure 2.2.5.1.  Unlike random coincidences which occur due to 

two separate decay events, prompt coincidences will be correlated in time with the positron 

annihilation gamma photons since they occur at almost the same time, thus the delayed 

window random correction technique does not correct for prompt events.  The resultant 

line of response (the blue line in figure 2.2.5.1) from such a prompt coincidence is shifted 

from the annihilation event, and thus needs to be corrected.  The distribution of prompt 

events is nearly uniform since the prompt emission is isotropic and not correlated to the 

emission of the positron.[125]  The prompt emission and annihilation locations do not 

necessarily occur at the same location.  In figure 2.2.5.1 the purple dot is where the gamma 

emission occurred (decay of Rb-82) and the yellow dot is where the annihilation event 

occurs. 

 

Figure 2.2.5.1: Representation of a prompt-gamma coincidence.  The blue line is the 

resultant line of response, the green line is the prompt gamma ray, and the red lines 

are the gamma rays from the annihilation event. 
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 Correction for this effect can be combined with scatter correction since after 

random and dead time corrections the only accidental coincidences left are scatter and 

prompt-gamma events – see chapters 2.2.4 and 2.2.6.  First the sinogram is corrected for 

randoms, attenuation (see chapter 2.2.7) and dead time.  The shape of the prompt gamma 

distribution is estimated from a prompt-gamma compensation (PGC) kernel.  The shape of 

the SSS distribution is also determined.  A threshold is applied to the sinogram to mask 

everything outside the body.  The data outside the body contains only scatter and prompt-

gamma events and are fit to a linear combination of the PGC and SSS distributions, and 

after scaling these are subtracted from the data.[125]   

 

2.2.6 Detector Dead Time and Pulse Pile-Up 

After conversion of a photon there is a finite time required for the light integration process 

to result in a signal production, and a detection pulse to be generated.  If another photon 

interacts with the detector (either at the crystal, block or module level) while the previous 

photon is being processed, the secondary photon will not be detected.  This is due to the 

finite time it takes for the electronic system to integrate the incoming signal from the 

detector.  The latency time under which the detector cannot detect photons is known as the 

dead time since the detector is effectively ‘dead’ to subsequent photons.  Pile up is when 

two different photons deposit energy in the same crystal close enough to each other that 

their signals are combined into one apparent signal. 

In the scintillation crystal, the process starts with conversion as outlined in chapter 

2.2.1.  Since the conversion process takes < 1 ps it is not a significant source of dead time.   

Significant delay from transport to luminescence can occur due to the time is takes to 
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recapture the electron hole pairs.  The total decay time from conversion to luminescence 

(crystal response time) for BGO scintillation crystals is 300 ns and for YLSO scintillation 

crystals it is 40 ns.[126–128]  The speed of the whole process from conversion to 

luminescence is related to the merit ‘M’ which is the speed of the crystal as shown in 

equation 2.2.6.1.[129] 

𝐌 =
𝟏𝟎𝟔𝛃𝐒

𝟐.𝟑𝛕𝐫𝐄𝐠
    ( 2.2.6.1 ) 

Where: M is the merit related to the speed of the crystal, β is the conversion efficiency 

from the incident γ-ray to electron hole pairs, S is the efficiency of the transfer of energy 

from the electron-hole pairs to the activator ions or luminescence centers, τr is the radiative 

decay time and Eg is the bandgap energy of the crystal. 

Figure 2.2.6.1 shows the measured count rate as a function of the total phantom (or 

patient) activity.  With low activity in the field of view, the true count rate measurement 

and ideal count rate measurement are almost the same behaving like a linear function.  

Ideally we would want a linear response rate from the detector system for all levels of 

activity.  In practice the count rate linearity drops off at high activity levels due to events 

lost to detector dead time; and the precision decreases due to the increase in randoms and 

detector dead time effects.  Since the number of random events rises exponentially with 

the increase in activity and dead time effects become more significant at high count rates, 

at high count rates the system response becomes saturated where any further increase in 

total activity results in little to no improvement in image quality. 
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Figure 2.2.6.1: Count-rate measurement as a function of total phantom activity.  

Ideal count rate would be linear increasing in proportion to total activity.  True 

count rate is affected by dead time. 

Dead time can be paralyzable or non-paralyzable as shown in figure 2.2.6.2.  If a 

detector is non-paralyzable then the dead time is fixed and pulses arriving within this 

window have no effect.  For paralyzable detectors, pulses arriving during the dead time 

effectively resets the dead time clock, thereby extending the length of the dead time and all 

photons are integrated together.  PET detectors can contain circuits that are paralyzable, 

non-paralyzable or a combination of the two. 

 

Figure 2.2.6.2: Paralyzable and non-paralyzable dead time responses.  Length of 

dead time (yellow blocks) is extended for the paralyzable response when subsequent 

pulses arrive close together. 
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It is relatively easy to determine the random events (R) in an acquisition (see 

chapter 2.2.4) using the delayed window technique.  The prompt window coincidences 

(trues (T) + randoms (R) + scatter (S)) and randoms will both suffer from the same dead 

time losses since they are acquired from timing windows of the same length.  Therefore, 

the determination of T + S can be made accurately, and will be proportional to the activity 

in the field of view.   The ratio of the measured T + S to the ideal T + S is called the live 

time fraction (FL).  Mathematical models suggested by Eriksson et al of the live time 

fractions for paralyzable, non paralyzable and the combination dead times are given in 

equations 2.2.6.2, 2.2.6.3 and 2.2.6.4 respectively.[130] 

𝐅𝑳(𝒑𝒂𝒓𝒂𝒍𝒚𝒛𝒂𝒃𝒍𝒆) = 𝐤𝐞−𝐧𝛕    ( 2.2.6.2 ) 

𝐅𝑳(𝒏𝒐𝒏 − 𝒑𝒂𝒓𝒂𝒍𝒚𝒛𝒂𝒃𝒍𝒆) = 𝐤
𝟏

𝟏+𝐧𝛕
   ( 2.2.6.3 ) 

𝐅𝑳(𝒄𝒐𝒎𝒃𝒊𝒏𝒂𝒕𝒊𝒐𝒏) = 𝐤√
𝐞−𝐧𝛕

𝟏+𝐧𝛕
    ( 2.2.6.4 ) 

Where: k is a constant (usually set to 1), τ is the dead time and n is the true input count 

rate. 

The live-time fractions can also be described at the detector block (scintillation and 

PMT) and data handling (data processing and storage) levels as shown in equations 2.2.6.5 

and 2.2.6.6.[130] 

𝐅𝑳(𝒃𝒍𝒐𝒄𝒌) = 𝐞−𝐍𝐒𝒊𝛕𝒃𝒍𝒐𝒄𝒌    ( 2.2.6.5 ) 

𝐅𝑳(𝒅𝒂𝒕𝒂) = 𝐞−𝐂𝑳𝛕𝒔𝒚𝒔    ( 2.2.6.6 ) 

Where: N is the total number of crystals in a detector block, Si is the average singles rate 

of crystal ‘i’ in the detector block, CL is the coincidence load (ideal count rate), τblock is the 

block dead time and τsys is the data processing dead time.  The quantity CL can be 
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calculated from equation 2.2.6.7, and the overall system live-time fraction can be 

calculated from equation 2.2.6.8.[130] 

𝐂𝐋 = 𝐏 × 𝐅𝐋(𝒃𝒍𝒐𝒄𝒌)𝟐    ( 2.2.6.7 ) 

𝐅𝑳(𝒔𝒚𝒔) = 𝐅𝐋(𝒃𝒍𝒐𝒄𝒌)𝟐 × 𝐅𝑳(𝒅𝒂𝒕𝒂)   ( 2.2.6.8 ) 

Where: P is the prompt coincident rate. 

Another approach to dead-time modelling suggested by Moisan et al in 1997 was 

to modify the detector efficiency to account for dead time losses.  Here we model block 

dead-time as discussed earlier, but we separate detector modules’ dead-time from the 

system bandwidth.  As was discussed in chapter 2.3.1 blocks are grouped together in 

modules to a common circuit called a bucket which has a separate dead-time due to the 

multiplexing and processing speed of the bucket.  The detector efficiency for block and 

bucket dead-times are given in equations 2.2.6.9 and 2.2.6.10.[131] 

𝛆𝐛𝐥 = 𝛆𝐝
𝐞

−
𝛕𝐛𝐥𝐍𝐢(𝛆𝐝)

𝐧𝐛𝐥

𝟏+
𝛕𝐛𝐥𝐍𝐬(𝛆𝐝)

𝐧𝐛𝐥

    ( 2.2.6.9 ) 

𝛆𝐛𝐮 = 𝛆𝐛𝐥
𝟏

𝟏+
𝛕𝐛𝐮𝐍𝐢(𝛆𝐛𝐥)𝐧𝐛𝐛𝐤

𝐧𝒃𝒍

    ( 2.2.6.10 ) 

Where: εbl is the detector block efficiency, εbu is the bucket detector efficiency, εd is the 

regular detector efficiency, τbl is the block dead time, τbu is the bucket dead time, Ni(εd) is 

the singles rate corrected for scatter with the regular detector efficiency, Ni(εbl) is the 

singles rate corrected for scatter with the detector efficiency of the block, nbl is the number 

of blocks in the scanner and nbbk is the number of blocks per bucket.  The total system 

bandwidth is accounted for in equation 2.2.6.11, where the rates of all the blocks cannot 

exceed a certain level due to the processing speed of the electronics.[131] 

𝐍𝐬(𝛆𝐛𝐮) = 𝐍𝐢(𝛆𝐛𝐮)
𝐒𝐁𝐖

∑ 𝐍𝐢(𝛆𝐛𝐮)𝐢
, 𝐢𝐟 ∑ 𝐍𝐢(𝛆𝐛𝐮)𝐢 ≥ 𝐒𝐁𝐖  ( 2.2.6.11 ) 
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Where: Ns(εbu) is the total system singles rate,  Ni(εbu) is the singles rate corrected for 

scatter with the bucket detector efficiency, SBW is the system band-width which describes 

the maximum allowable singles rate, and ∑ Ni(εbu)i  is the total singles event rate for all 

blocks and buckets.  Several experiments with Monte Carlo simulations have shown that 

this model gives excellent agreement with measured data.[132,133] 

An example of the possible effect of dead-time on the count rate measurement of a 

PET camera is given in figure 2.2.6.3.  With low activity, the randoms rate is usually below 

both scatter and trues rate, in addition the trues rates dominate and behaves linearly.  At 

higher activities randoms dominate, for some phantom sizes the scatter rate will sometimes 

equal or exceed the trues rate.  At very high activities the randoms rate can actually 

decrease, and trues and scatter rates fall as the system band-width is reached.  

 

Figure 2.2.6.3: Count rate measurement of true, scatter and random events (counts 

per second [cps]) as well as total prompt (T + R + S) events as a function of activity 

in the phantom or patient. 

The GEA PET scanner can be modeled by two paralyzable dead times, one at the 

individual crystal level (332 ns) and one at the block level (625 ns).[134]  For the D690 
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there is a 200 ns paralyzable dead time at the block level where pileup occurs followed by 

200 ns non-paralyzable circuit reset time.  The D690 is a modern scanner which takes 

advantage of fast computers and has a system band-width limit of (1Gbit/s data transfer 

rate) 15M cps.[135]  Dead-time correction can be accomplished by using these system 

models and adjusting the measured data accordingly, or by using the randoms 

measurements and extrapolating the ideal randoms without dead-time to estimate the 

correction factors.[124,136] 

 

2.2.7 Attenuation and Correction 

Radiation sources located in a patient or phantom lose photons through attenuation, caused 

by the physical interactions of scatter and absorption.  Since this loss would cause an 

underestimation of the true activity concentration inside the patient it must be corrected 

for.  An example of uncorrected PET data after reconstruction is shown in figure 2.2.7.1 

with attenuation corrected data shown for comparison. 
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Figure 2.2.7.1: Example of a PET scan reconstructed without (top) and with 

(bottom) attenuation correction. 

The fraction of photons leaving an attenuating medium ‘φ’ as a function of travel 

distance ‘x’ and linear attenuation coefficient ‘μ’ is given by equation 2.2.7.1.[106] 

𝛗 = 𝐞− ∫ 𝛍(𝐱)𝐱𝐝𝐱    ( 2.2.7.1 ) 

If we assume the total thickness of the patient is D (that is: ∑ x = D) for a photon traveling 

in the opposite direction, we would get: 

𝛗 = 𝐞− ∫ 𝛍(𝐱)(𝐃−𝐱)𝐝𝐱    ( 2.2.7.2 ) 

The total probability for two photons from a positron annihilation event to be 

detected by our PET system is: 

𝛗𝐓 = 𝐞− ∫ 𝛍(𝐱)𝐱𝐝𝐱 × 𝐞− ∫ 𝛍(𝐱)(𝐃−𝐱)𝐝𝐱 = 𝐞− ∫ 𝛍(𝐱)(𝐱+𝐃−𝐱)𝐝𝐱 = 𝐞−𝐃 ∫ 𝛍(𝐱)𝐝𝐱 ( 2.2.7.3 ) 

Or simply the probability of detection is independent of the location along the line of 

response where the annihilation event took place.  If the negative of the exponent in 

equation 2.2.7.3 is taken and multiplied by the appropriate line of response, then 
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attenuation along that line of response is corrected for.  This is called the attenuation 

correction factor (ACF). 

There are two common methods for determining the ACF.  The original method 

used a Ge-68 point or line source rotating around the patient.  Acquisitions were made with 

(transmission scan) and without (blank scan) the the patient in the field of view, and the 

ACF projection data was determined by using equation 2.2.7.4 as: 

𝐀𝐂𝐅 =
𝐈𝐛𝐥

𝐈𝐭𝐫
      ( 2.2.7.4 ) 

where: Ibl is the blank scan and Itr is the transmission scan.[43] 

Most modern PET scanners have an x-ray CT scanner attached to the device.  While 

the CT can be used to correlate the regions of tracer uptake with anatomic location of the 

organs in the body, its main purpose is for attenuation correction.[31]  A CT works by 

producing a beam of photons from a rotating x-ray source around the patient and detecting 

them with position sensitive detector located on the opposite side.  The measurements from 

a CT scan are in Hounsfield units (HU) but can be converted to units of photon attenuation 

for 511 keV photons [137]; thus, information from a CT can be used in the direct 

calculation of the ACF.  By stacking the CT projections appropriately an ACF sinogram 

can be used to correct measured coincidence sinograms for attenuation as shown in figure 

2.2.7.2. 
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Figure 2.2.7.2: Example of an ACF sinogram.  On the right projections for a single 

angle along the slices are shown.  The ACF values are unit-less and calculated using 

the negative of the exponent in equation 2.2.7.3. 

 

2.2.8 Projection Consistency Conditions  

As discussed in chapter 2.2.2 measured PET data is essentially the radon transform (or 

forward projection) of the emission distribution.  Radon transforms have several 

mathematical properties such as the consistency property.  If we denote S as the space for 

rapidly decreasing functions: C∞ ϵ ℝ (where: C∞ are functions that are infinitely 

differentiable and ℝ implies these are real functions).  A rapidly decreasing function f(x) 

satisfies the following conditions:[138] 

1) f(x) is infinitely differentiable 

2) sup
x

||x|mP(∂1, ⋯ , ∂n)f(x)| < ∞, for positive integers m, polynomials P in the 

operators ∂ (supremum or ‘sup’ means the largest as x varies). 

If a function g(ℓ, θ) is a function of the 2D radon transform of a function f ϵ S it must 

satisfy the following consistency conditions:[139] 

(a) g(ℓ, θ)  ϵ S 

(b) g(ℓ, θ + π)  = g(-ℓ, θ) (i.e. past 180º the information is repeated (periodicity) 

which is true for cylindrical geometry) 
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(c) the integral ∫ g(ℓ, θ)ℓmdℓ
∞

−∞
 is a homogeneous trigonometric polynomial of 

degree m.  The variable ‘m’ is also called the moment. 

When m = 0 (the first moment) condition ‘c’ reduces to the following condition 

(∀ θ):[139] 

∫ 𝐠(𝓵, 𝛉)
∞

−∞
𝐝𝓵 = ∫ 𝐟(𝐱)𝐝𝐱

𝐱∈ℝ𝟐     ( 2.2.8.1 ) 

where: f(x) is a function describing the object (x is a 2D vector).  This is known as the mass 

constraint and basically states that the sum of any projection at any given angle is the same.  

For the second moment when m = 1 we get the center-of-mass sinogram constraint shown 

as follows:[139] 

∫ 𝐠(𝓵, 𝛉)𝓵
∞

−∞
𝐝𝓵 = 𝐜𝟏 𝐜𝐨𝐬 𝛉 + 𝐜𝟐 𝐬𝐢𝐧 𝛉   ( 2.2.8.2 ) 

where c1 and c2 are constants.  This constraint states that the 1D center of mass of a 

projection is the same as the 2D projection of the object’s center of mass, thus a collection 

of the center of masses for different angles of these projections will form a sinusoidal 

function.[140] 

One such formulation of these conditions for attenuation correction in PET imaging 

is the Helgason-Ludwig consistency conditions on 2D Radon transforms as shown in the 

following equation:[62,141] 

𝚽𝐦,𝐤 = ∫ ∫ 𝐬𝐦𝐞𝐢𝐤𝛉𝐞𝐀(𝐬, 𝛉)𝐄(𝐬, 𝛉)𝐝𝐬𝐝𝛉
∞

−∞

𝟐𝛑

𝟎
  ( 2.2.8.3 ) 

where: A(s,  θ) is the radon transform (forward projection) of the attenuation image (CT, 

IE eA(s, θ) is the CTAC correction factors - see chapter 2.2.5), k are the Fourier 

components, m are the transform moments, E(s, θ, z) is the measured emission sinogram 



 71 

(see chapter 2.2.2).  This is extended this to 3D with equation 2.2.8.4 where we sum over 

all slices in the sinogram:[62] 

�̂� = ∑ ∑ ∑ 𝚽𝐦,𝐤(𝐳)𝐤=𝐦+𝟏𝐦=𝟎𝐳    ( 2.2.8.4 ) 

where: z is the slice number.  For a sinogram properly aligned to the CT we expect this 

metric to yield a zero value; however, with the addition of noise it is proper to minimize 

this function to the lowest value since it will never be exactly zero. 

 

2.2.9 Intrinsic and Reconstructed Spatial Resolution 

Spatial resolution is a measure of the minimum resolvable size of an object in an image.  

After a positron decay the positron travels a short distance in tissue before it loses enough 

energy to combine with an electron and annihilate.  That means that the line of response 

determined between two crystals may not cross the exact point of decay.  The difference 

in spatial position of the decay and annihilation points adds a blurring effect to the 

reconstructed images, which in turn reduces the image resolution.  It is important to 

remember we are measuring the distribution of annihilation events and assuming this is the 

tracer distribution (i.e. the decay points).  Isotopes with shorter half-lives tend to have more 

energetic positrons and thus have a larger positron range and lower image resolution, see 

table 2.1.1.2 (for Rb-82 it is ~6 mm full width at half maximum FWHM).  There is also a 

small loss in resolution that occurs due to the angular distribution (±0.5º) of the annihilation 

photons caused by conservation of momentum, called acollinearity, see figure 2.1.3.2.  

This blurring effect can be calculated using the relationship 0.0044R where R is the radius 

of the detector ring.[142] 
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Another factor limiting image resolution is the detector crystal size.  This creates 

an uncertainty in the position on the crystal face between two detector crystals.  A detector 

crystal has a triangular point spread function that starts at zero at the crystal edge and 

reaches a maximum for coincidence detection at the middle of the detector crystal.   The 

spatial resolution is equal to half the detector crystal width as shown in figure 2.2.9.1, 

where H is the point of high coincidence sensitivity and L is the point of low coincidence 

sensitivity.[142] 

 

Figure 2.2.9.1: Point spread function of a detector crystal.  The sensitivity to various 

possible lines of response (LOR’s) is shown as a triangle function, with the most 

sensitive region being the middle of the crystal. 

The high energy of the annihilation photons is highly penetrating, therefore if the 

incident angle is not 90º it may penetrate the initial crystal and deposit some or all of its 

energy to the adjacent crystal.  This causes the LOR to be assigned to the wrong crystal 

which in turn causes an asymmetric blurring effect in the radial direction as shown in figure 

2.2.9.2.[142]  As emissions occur closer to the edge of the detector ring this effect becomes 

more pronounced.  This penetration can be modeled as a Gaussian function with a FWHM 

defined by the following equation:[142] 

𝟏𝟐.𝟓𝐫

√𝐫𝟐+𝐑𝟐
     ( 2.2.9.1 ) 

where: r is the distance from the center of the detector ring and R is the radius of the detector 

ring. 
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Figure 2.2.9.2: Asymmetric blurring due to photon penetration into an adjacent 

crystal.  Line of response due to penetration is shifted towards the center of the field 

of view. 

Crystal blocks are grouped together and coupled to a single PMT.  Typically, there 

are 4 PMT’s for each crystal block, e.g. consisting of a 6 × 6 or 9 × 6 array.  The position 

of the detected even must be decoded using equations 2.2.1.6 and 2.2.1.7.  Since this is an 

approximation there is an error associated with the determination of the position in the 

LOR.  This can be calculated using a Gaussian function with a full width at half maximum: 

FWHM = d/3 where d is the width of the crystal.[142] 

One final limiting factor for spatial resolution is the sampling error.  If all possible 

line of response are plotted as in figure 2.2.9.3 for a simple PET system, the distribution 

is non uniform across the field of view with some regions having more LOR’s than other 

regions.  Typically, this resolution limit multiplies all other factors by ~1.25. 
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Figure 2.2.9.3: Sampling error caused by the geometry of the LOR’s in the field of 

view.  Note the center of the field of view has fewer LOR’s. 

The final system resolution is given by adding all the resolution contributions in 

quadrature. The final resolution for a point located a distance r from the center can be 

calculated using the following formula:[142] 

𝚪 = 𝟏. 𝟐𝟓√(
𝐝

𝟐
)

𝟐

+ (𝐬)𝟐 + (𝟎. 𝟎𝟎𝟒𝟒𝐑)𝟐 + (
𝐝

𝟑
)

𝟐

+ (
𝟏𝟐.𝟓𝐫

√𝐫𝟐+𝐑𝟐
)

𝟐

  ( 2.2.9.2 ) 

where: d is the width of the crystal, s is the positron range (in FWHM), and R is the detector 

ring radius. 

  The intrinsic resolution (I) of the D690 (ignoring the penetration effect) is 6 mm 

FWHM and typically to reduce noise an 8 mm Gaussian filter (F) is applied to the 

reconstructed images, thus the final reconstructed resolution for Rb-82 PET is: 

𝑹𝒆𝒔 = √𝑰𝟐 + 𝑭𝟐 + 𝑷𝟐 = √𝟔𝟐 + 𝟖𝟐 + 𝟔𝟐 = 𝟏𝟏. 𝟕 ≈ 𝟏𝟐 𝐦𝐦 𝐅𝐖𝐇𝐌 ( 2.2.9.3 ) 

where: P is the FWHM positron range. 

Another source of image blurring is the partial volume effect, which can be 

represented as a convolution of the tissue profile with the point spread function of the 
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scanner.  The causes of partial volume effect include both periodic patient motion and the 

scanner resolution as well as any smoothing applied to the reconstructed images.  Figure 

2.2.9.4 is a schematic of a cross section of a tissue profile (e.g. through the heart walls).  

True tissue profiles are shown as red rectangles.  The rectangular tissue profiles are 

convolved with the Gaussian point spread function to give the blue measured curves, figure 

2.2.9.4 (A).  Spill-in and spill-out are shown in blue and yellow respectively.  The 

individual measured profiles are added to give the final combined profile shown in figure 

2.2.9.4 (B).  For structures will a small spatial separation, two objects may be 

indistinguishable due to the partial volume effect. 
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Figure 2.2.9.4: Schematic of spill-in and spill-out and the resultant measured tissue 

profile.  True tissue profiles are shown as red rectangles.  Due to spatial smoothing 

activity spills into adjacent regions. 

 

2.3 Image Reconstruction from Projections 

Tomographic image reconstruction is a mathematical method of combining projection 

information and reconstructing an estimate of the 2D (or 3D) object used to create it.  The 

mathematics of projection was first discovered by Johan Radon in 1917, and first applied 

to image reconstruction in 1956.[143,144]  A projection is a collection of LOR’s at the 
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same angle but spatially distributed across the object, i.e. spanning an image plane.  In 

PET, a LOR is the summation of all counts between two detector crystals.   

 

2.3.1 Filtered Back-projection 

In medical imaging, back-projection methods were originally developed for CT imaging 

purposes; however, the mathematical principles of image reconstruction can be applied to 

any set of projection data.[145]  Back-projection begins with the understanding of the 

radon transform outlined in equation 2.2.2.2.  If we start with the radon transform for only 

one specific angle g(ℓ, θ’) (i.e. a single projection) it is impossible to reconstruct the image 

function f(x,y) that produced the projection.  If we look at the projection profile and follow 

it along its length ℓ (see figure 2.2.2.3), we will find some minima and maxima at location 

ℓ’ that describe regions along the length of the object L(ℓ’, θ’)  where the signal is greater, 

signifying more activity in that region of the object.  Therefore, to reconstruct the data we 

need to assign every point on L(ℓ’, θ’) the corresponding value from g(ℓ’, θ’), which is 

known as a back-projection.  This process can be described by equation 2.3.1.1:[109] 

𝐛𝛉(𝐱, 𝐲) = 𝐠(𝐱𝐜𝐨𝐬𝛉 + 𝐲𝐬𝐢𝐧𝛉, 𝛉)   ( 2.3.1.1 ) 

To reconstruct the whole image, we need to sum all contributions at all angles θ 

and displacements ℓ (or integrate in the continuous case, i.e. back-project for all possible 

cases) such as in equation 2.3.1.2:[109] 

𝒇𝒃(𝒙, 𝒚) = ∫ 𝐛𝛉(𝐱, 𝐲)
∞

−∞
𝐝𝛉    ( 2.3.1.2 ) 

This process is illustrated in figure 2.3.1.1, where the initial g(ℓ, θ) for three 

different angles is calculated in part (A).  Parts (B), (C) and (D) of this figure assign values 

g(ℓ’, θ’) to each corresponding L(ℓ’, θ’) on an initial blank matrix.  Next in part (E) the 
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values in the matrix have the sum along the projection (which is the same for any angle) 

subtracted out, this operation can cause negative values.  Lastly the matrix is scaled by 2 

to produce the final reconstructed image.  Notice this construction is not without loss of 

information as the initial and final matrices are not identical.  Further improvements can 

be made as more projection angles are sampled. 

 

Figure 2.3.1.1: Simple example of back projection.  Forward projection in section 

(A) at 0º, 45º and 90º leads to 3 projections.  Parts (B), (C) and (D) the 90º, 45º and 

0º projections are back-projected onto a blank matrix, while parts (E) and (F) are 

for scaling. 

An important extension of this theory is the projection slice theorem.  We begin 

with the 1D Fourier transform of the random transform: 

𝐆(𝛠, 𝛉) = 𝓕𝟏𝐃{𝐠(𝓵, 𝛉 )} = ∫ 𝐠(𝓵, 𝛉 )𝐞−𝐣𝟐𝛑𝛠𝓵 𝐝𝓵
∞

−∞
  ( 2.3.1.3 ) 

where: ℱ1D is the 1D Fourier transform of the random transform (g(ℓ, θ)), and ϱ is the 

spatial frequency.  This leads to:[109] 

𝐆(𝛠, 𝛉) = ∫ ∫ ∫ 𝐟(𝐱, 𝐲 )𝛅(𝐱 𝐜𝐨𝐬 𝛉 + 𝐲 𝐬𝐢𝐧 𝛉 − 𝓵)𝐞−𝐣𝟐𝛑𝛠𝓵 𝐝𝐱𝐝𝐲𝐝𝓵
∞

−∞

∞

−∞

∞

−∞
 ( 2.3.1.4 ) 

∴ 𝐆(𝛠, 𝛉) = ∫ ∫ 𝐟(𝐱, 𝐲) ∫ 𝛅(𝐱 𝐜𝐨𝐬 𝛉 + 𝐲 𝐬𝐢𝐧 𝛉 − 𝓵)𝐞−𝐣𝟐𝛑𝛠𝓵 𝐝𝓵𝐝𝐱𝐝𝐲
∞

−∞

∞

−∞

∞

−∞
  ( 2.3.1.5 ) 

where we can use the identity:[109] 
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∫ 𝐟(𝐛)𝛅(𝐫 − 𝐛) 𝐝𝐛 = 𝐟(𝐫)   ( 2.3.1.6 ) 

∴ 𝐆(𝛠, 𝛉) = ∫ ∫ 𝐟(𝐱, 𝐲)𝐞−𝐣𝟐𝛑𝛠(𝐱 𝐜𝐨𝐬 𝛉+𝐲 𝐬𝐢𝐧 𝛉) 𝐝𝐱𝐝𝐲
∞

−∞

∞

−∞
 ( 2.3.1.7 ) 

We can make a change of variables:[109] 

𝐮 = 𝛠𝐜𝐨𝐬 𝛉, 𝐯 = 𝛠𝐬𝐢𝐧 𝛉   ( 2.3.1.8 ) 

∴ 𝐆(𝛠, 𝛉) = ∫ ∫ 𝐟(𝐱, 𝐲)𝐞−𝐣𝟐𝛑(𝐱𝐮+𝐲𝐯) 𝐝𝐱𝐝𝐲
∞

−∞

∞

−∞
  ( 2.3.1.9 ) 

Which leads to the projection slice theorem:[109] 

𝐆(𝛠, 𝛉) = 𝐅(𝐮, 𝐯)    ( 2.3.1.10 ) 

This represents a slice of the 2D Fourier transform of the object.  We can reconstruct 

the image function using the 2D inverse Fourier transform as shown below:[109] 

𝐟(𝐱, 𝐲) = 𝓕𝟐𝑫
−𝟏{𝐆(𝛠, 𝛉)} = ∫ ∫ 𝐆(𝛠, 𝛉)𝐞−𝐣𝟐𝛑𝛠(𝐱 𝐜𝐨𝐬 𝛉+𝐲 𝐬𝐢𝐧 𝛉) 𝛠𝐝𝛠

∞

−∞

𝟐𝝅

𝟎
𝐝𝛉 ( 2.3.1.11 ) 

𝐟(𝐱, 𝐲) = ∫ ∫ |𝛠|𝐆(𝛠, 𝛉)𝐞−𝐣𝟐𝛑𝛠(𝐱 𝐜𝐨𝐬 𝛉+𝐲 𝐬𝐢𝐧 𝛉) 𝐝𝛠
∞

−∞

𝟐𝝅

𝟎
𝐝𝛉 ( 2.3.1.12 ) 

since: ℓ = xcosθ + ysinθ we write 

𝐟(𝐱, 𝐲) = ∫ ∫ |𝛠|𝐆(𝛠, 𝛉)𝐞−𝐣𝟐𝛑𝛠𝓵 𝐝𝛠
∞

−∞

𝟐𝝅

𝟎
𝐝𝛉  ( 2.3.1.13 ) 

which: is the filtered back-projection formula where |ϱ| is a ramp filter.  Filtering is required 

for the Fourier method since the sampling frequency is inversely proportional to ϱ and this 

must be compensated for.  Figure 2.3.1.2 shows the effect on the number of projections 

for a filtered back-projection reconstruction.  For a single projection angle, only 1 

projection is back-projected onto a blank matrix as in the numerical example in figure 

2.3.1.1.  As the number of projection angles increases, the approximation becomes closer 

and closer to the true object.  For 100 and 500 projection angles the reconstructed object is 

very close to the original image, thus any increase above 100 projection angles results in 

little to no improvements in image quality. 
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Figure 2.3.1.2: Example of the effect of the number of projections on image 

reconstruction.  The image given at 100 and 500 projections is nearly identical to the 

original image. 

 

2.3.2 Iterative Reconstruction 

Iterative reconstruction begins with the understanding that the measurement of events using 

radiation detectors is a Poisson process.  That is the probability of counting the number of 

events from a radiative process follows a Poisson distribution as shown in the histogram in 

figure 2.3.2.1. 
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Figure 2.3.2.1: The Poisson distribution for measuring radiation (for λ = 3). 

The mean number of observed events on a given detector pair ‘i’ from the expected 

value of a point (voxel) that produced the pair is given by:[146] 

𝛌𝐢 = ∑ 𝐟𝐣𝐚𝐢𝐣𝐣 , 𝐢 = 𝟏 ⋯ 𝐦   ( 2.3.2.1 ) 

where: aij is the expected value of pixel j, fj is the probability that emission in ‘j’ will be 

detected by detector pair ‘i’.  We know that detected radiation follows a Poisson 

distribution therefore using these definitions we have:[146] 

𝐩𝐢(𝐧𝐢) =
𝛌𝐢

𝐧𝐢𝐞−𝛌𝐢

𝐧𝐢!
    ( 2.3.2.2 ) 

with: λi the mean and variance of the measured events in detector pair ‘i’ and ni is the total 

number of measured events in detector pair ‘i’.[146]  The total probability of all observed 

detections given a parameter (λ) is defined as the likelihood and is shown in equations 

2.3.2.3 and 2.3.2.4. 

𝓛(𝛌) =
𝛌𝟏

𝐧𝟏𝐞−𝛌𝟏

𝐧𝟏!
×

𝛌𝟐
𝐧𝟐𝐞−𝛌𝟐

𝐧𝟐!
×

𝛌𝟑
𝐧𝟑𝐞−𝛌𝟑

𝐧𝟑!
⋯

𝛌𝐤
𝐧𝐤𝐞−𝛌𝐤

𝐧𝐤!
  ( 2.3.2.3 ) 
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𝓛(𝛌) = ∏
𝛌𝐢

𝐧𝐢𝐞−𝛌𝐢

𝐧𝐢!
𝐢     ( 2.3.2.4 ) 

If we can maximize the likelihood function, we find the most probable image (f) 

that generated the parameters (λ).  A computationally simpler method is given by the log 

likelihood function shown in equation 2.3.2.5. 

𝐥𝐧(𝓛(𝛌)) = 𝐥𝐧 (
𝛌𝟏

𝐧𝟏𝐞−𝛌𝟏

𝐧𝟏!
) + 𝐥𝐧 (

𝛌𝟐
𝐧𝟐𝐞−𝛌𝟐

𝐧𝟐!
) + 𝐥𝐧 (

𝛌𝟑
𝐧𝟑𝐞−𝛌𝟑

𝐧𝟑!
) ⋯ 𝐥𝐧 (

𝛌𝐤
𝐧𝐤𝐞−𝛌𝐤

𝐧𝐤!
) ( 2.3.2.5 ) 

Using the rules of logarithms, we can simplify equation 2.3.2.5 to: 

𝐥𝐧(𝓛(𝛌)) = 𝓵(𝛌) = ∑ 𝐥𝐧 (
𝛌𝐢

𝐧𝐢𝐞−𝛌𝐢

𝐧𝐢!
)𝐢    ( 2.3.2.6 ) 

Now we expand this result to: 

𝓵(𝛌) = ∑ (𝐧𝐢𝐥𝐧(𝛌𝐢) − 𝛌𝐢 − 𝐥𝐧(𝐧𝐢!))𝐢    ( 2.3.2.7 ) 

Substituting equation 2.3.2.1 into this results in: 

𝓵(𝛌) = ∑ (𝐧𝐢𝐥𝐧(∑ 𝐟𝐣𝐚𝐢𝐣𝐣 ) − ∑ 𝐟𝐣𝐚𝐢𝐣𝐣 − 𝐥𝐧(𝐧𝐢!))𝐢   ( 2.3.2.8 ) 

To find the maximum, we take to derivative and set this equal to zero: 

𝐝(𝓵(𝛌))

𝐝(𝐟𝐣)
=

𝐝(∑ (𝐧𝐢𝐥𝐧(∑ 𝐟𝐣𝐚𝐢𝐣𝐣 )−∑ 𝐟𝐣𝐚𝐢𝐣𝐣 −𝐥𝐧(𝐧𝐢!))𝐢 )

𝐝(𝐟𝐣)
= 𝟎  ( 2.3.2.9 ) 

thus: 

𝐝(𝓵(𝛌))

𝐝(𝐟𝐣)
= ∑ (𝐧𝐢

𝐝(𝐥𝐧(∑ 𝐟𝐣𝐚𝐢𝐣𝐣 ))

𝐝(𝐟𝐣)
− ∑

𝐝(𝐟𝐣)

𝐝(𝐟𝐣)
𝐚𝐢𝐣𝐣 −

𝐝(𝐥𝐧(𝐧𝐢!))

𝐝(𝐟𝐣)
) = 𝟎𝐢  ( 2.3.2.10 ) 

Finally we get the result: 

𝐦𝐚𝐱 (
𝐝(𝓵(𝛌))

𝐝(𝐟𝐣)
) = ∑ (𝐧𝐢

∑ 𝐚𝐢𝐣𝐣

∑ 𝐟�̂�𝐚𝐢�̂��̂�
− ∑ 𝐚𝐢𝐣𝐣 )𝐢 = 𝟎  ( 2.3.2.11 ) 

Here we add an accent to the ‘ĵ’ subscript to distinguish the sum on the denominator 

with the one on the numerator.  This is useful since the term ∑ fĵaiĵĵ   (a sum across the 
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pixels ‘j’ of an image for each detector pair ‘i’) is a forward projection which can be done 

separately.  Next, we fix all other ‘j’ values to a fixed arbitrary ‘j’. 

𝐟𝐣 ∑ 𝐧𝐢
𝐚𝐢𝐣

∑ 𝐟�̂�𝐚𝐢�̂��̂�
𝐢 − 𝐟𝐣 ∑ 𝐚𝐢𝐣𝐢 = 𝟎   ( 2.3.2.12 ) 

Rearranging we find the usual form for the maximum likelihood expectation 

maximization (MLEM) algorithm: 

𝐟𝐣
𝐤+𝟏 =

𝐟𝐣
𝐤

∑ 𝐚𝐢𝐣𝐢
∑

𝐧𝐢𝐚𝐢𝐣

∑ 𝐟�̂�
𝐤𝐚𝐢�̂��̂�

𝐢     ( 2.3.2.13 ) 

A way of optimizing the convergence speed of this algorithm is to split up the 

angular projections into even subsets and then iterate over each subset.  Since the whole 

matrix is updated for each subset (which are computationally faster), far fewer iterations 

are required to reach convergence and the whole algorithm converges faster. 

𝐟𝐣
𝐤+𝟏,𝐒 =

𝐟𝐣
𝐤,𝐒

∑ 𝐚𝐢𝐣𝐢∈𝐒
∑

𝐧𝐢𝐚𝐢𝐣

∑ 𝐟�̂�
𝐤,𝐒𝐚𝐢�̂��̂�

𝐢∈𝐒    ( 2.3.2.14 ) 

The OSEM (ordered subsets expectation maximization) algorithm converges to MLEM 

provided the following conditions are met: 

(1) An image fj
∗ satisfying the consistency condition: ni = ∑ fi

∗aiji∈S  exists.  

Effectively this means we must have a valid sinogram to perform unbiased 

image reconstruction (see chapter 2.4.1). 

(2) The balancing condition for all k = 1 … m – 1, aj = m ∑ aiji∈S  is met. 

 

2.3.3 OSMAPOSL Reconstruction in STIR 

The Software for tomographic image reconstruction (STIR) is an open source software 

package with tools for image reconstruction.  The software package contains both iterative 
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and filtered back-projection algorithms that are well documented.[147–153]  One of the 

issues with the OSEM algorithm is that the log likelihood function in equation 2.3.2.5 

could be a noisy function (i.e. with frequent changes in the sign of the gradient), as pointed 

out by Good et al.[154]  A possible solution for the MLEM (or OSEM) algorithm suggested 

by Greene was to subtract a roughness penalty function (U(f)) from equation 2.3.2.6 before 

maximizing.  One such algorithm that takes this into account is the ordered subsets 

maximum a posteriori one-step-late (OS-MAP-OSL) iterative algorithm shown in 

equation 2.3.3.1.[155,156] 

𝐟𝐣
𝐤+𝟏,𝐒 =

𝐟𝐣
𝐤,𝐒

∑ 𝐚𝐢𝐣+𝛃
𝐝

𝐝𝐟𝐣
𝐔(𝐟𝐣)|

𝐟=𝐟𝐤𝐢∈𝐒

∑
𝐧𝐢𝐚𝐢𝐣

∑ 𝐟�̂�
𝐤,𝐒𝐚𝐢�̂��̂�

𝐢∈𝐒    ( 2.3.3.1 ) 

where: β is a scaling factor and U(fi) is the roughness (or energy) function.  The function 

d

dfj
U(fj)|

f=fk  is the gradient of the energy function as shown here for OSMAPOSL: 

𝛃
𝐝

𝐝𝐟𝐣
𝐔(𝐟𝐣)|

𝐟=𝐟𝐤 = 𝛃
𝐟𝐢

𝐤−𝐌𝐢(𝐟𝐤)

𝐌𝐢(𝐟𝐤)
    ( 2.3.3.2 ) 

where: Mi(f k) is the median filtered image.[153]  Since the gradient of the roughness 

function is determined from the current estimate (f k) rather than the new estimate it is 

called one step late (OSL).[155] 

 

2.4 PET-CT Co-Registration 

As mentioned in chapter 2.2.7 photons are attenuated as they travel through a medium 

such as a patient, and this is corrected for by using a CT scan of the patient.  Since the CT 

and PET scans are not performed simultaneously, alignment of the CT to the PET data may 

be suboptimal.  Typically, cardiac patients are older and suffer from arthritis; therefore, 

remaining still for the scan duration which may be 10 minutes or more is unlikely.  In 
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addition, there may be a gradual deformity in the morphology of the organs which can 

cause an effect called ‘organ creep’ where organs slowly drift over the course of the scan.  

Periodic effects such as cardiac and respiratory motion are also important for their 

degrading effects on spatial resolution.  Any misalignment from the CT and PET data will 

cause reconstruction artifacts as shown in Figure 2.4.1.1 and Figure 2.4.2.1. These 

artifacts are a direct result of inconsistency between the measured emission vs attenuation 

correction sinograms (or projection) data, as described in section 2.2.7.  Artifacts cause 

increases (overcorrections) and decreases (undercorrections) from the true activity 

concentration. 

 

2.4.1 CTAC Artifacts from Left and Right Shifts 

Figure 2.4.1.1 shows the reconstruction artifacts that result from left (-x) and right (+x) 

shifts. 
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Figure 2.4.1.1: Reconstruction artifacts resulting from PET-CT misalignment.  CT 

used for attenuation correction shown on top.  The PET-CT reference standard is 

perfectly aligned to the CT and has no CTAC artifacts.  Left (-x) and right (+x) 

shifts in the PET data from the CT are also shown. 

A right shift (+x) of the PET image (left shift of the body) results in the most severe 

CTAC artifacts. Right shifts can cause a 300 % over-correction near the lung-tissue 

boundary, with under-corrections in the lateral heart wall of 50 %, and 10 % in the septal 

wall.  A 2 cm left shift (-x) in PET data results in a 20 % over-correction in the lateral heart 

wall and a 15 % under-correction in the septal wall.  Left shifts can also cause a 50 % 
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overcorrection near the lung-liver boundary, and a 500 % over-correction near the lung-

tissue boundary. 

 

2.4.2 CTAC Artifacts from Anterior/Posterior and Superior/Inferior Shifts 

Figure 2.4.2.1 shows the reconstruction artifacts that result from anterior (+y), posterior 

(-y) shifts, superior (+z) and inferior (-z) shifts. 

 

Figure 2.4.2.1: Reconstruction artifacts resulting from PET-CTAC misalignment.  

Anterior (towards chest: +y) and posterior (towards back: -y) shifts in the PET data 

from the CT are shown.  In addition superior (towards the head: +z) and inferior 

(towards feet: –z) are also shown. 
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An anterior shift (+y) in PET data results in a 40 % undercorrection in the apex of 

the heart wall and a 20 % undercorrection in the septal heart wall.  Shifts also cause a 70 

% overcorrection near the lung-liver boundary.  A posterior shift (-y) in PET data results 

in a 10 % overcorrection in the apex of the heart wall, and a 10 % undercorrection in the 

septal heart wall and a 40 % undercorrection in the lateral heart wall.  A superior shift (+z) 

in PET data results in a 30 % undercorrection in the whole the heart wall except for the top 

of the heart wall where the undercorrection is 50 %.  Shifts also cause a doughnut artifact 

near the top of the liver with the inside of the doughnut 88 % undercorrection and the lung 

liver boundary (outside the doughnut) a 50 % overcorrection.  An inferior shift (-z) in PET 

data results in a 10 % overcorrection in the whole the heart wall except for the septal wall.  

In addition, the top part of the liver is overcorrected by 80 %. 

 

2.5 Dynamic PET imaging and Blood Flow Quantification 

As mentioned in chapter 1.1 PET imaging is functional as opposed to anatomical imaging.  

The purpose of functional imaging is to measure the concentration of radioactive tracer 

within the body with the goal of quantifying the interaction of the tracer with a 

physiological process.  Both static (time-independent) and dynamic (time-dependent) 

functional imaging provide useful information for clinicians.  Static imaging involves 

determining where the tracer is located at a particular point in time (i.e. where the 

physiological processes defined by the tracer chemistry are most prevalent), whereas 

dynamic imaging can determine both the tracer spatial distribution and temporal kinetics 

(rate of tracer absorption vs rate of extraction by tissues). 
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A PET image consists of the superposition of many signals dependent on the unique 

physiological processes present.  The spatial separation for some processes is great enough 

that they can be isolated and analyzed separately.  Quantification of a physiological process 

is achieved by the use of mathematical models which relate the image data to the tracer 

dynamics for possible states that the tracer can take.  Each state described using these 

models can be considered as a compartment, which is the distribution of a tracer at a 

specific location and time.  In the next section we will discuss the 1 and 2 compartment 

models used for blood flow imaging. 

 

2.5.1 The Compartment Model 

To perform compartment modeling the rate of exchange of tracer over time between the 

compartment and other systems must be defined.  Differential equations with coefficients 

describing the exchange rates can be solved for the physiological quantity of interest.  The 

coefficients making up the differential equations reflect the steady state (or average state) 

of the kinetic properties of the tracer in the system.  The tracer concentration in arterial 

blood over time is used as the input function, and the concentration in the tissue 

compartments as the model output.  The most difficult task is the determination of the 

blood/plasma input function; often a direct measurement of the input function using arterial 

blood samples is not possible.   By comparing the input function to the measured data, the 

coefficients for the differential equations describing the exchange between compartments 

can be estimated.  For tracer studies the following assumptions are made:[157] 

(1) The tracer is injected in very small (trace) amounts so no physiological 

changes are made on the system by the tracer. 
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(2) The compartments are spatially invariant, but not time invariant. 

(3) The tracer has the chemical properties needed to characterize the 

physiological process under investigation (usually by mimicking a known 

biological chemical that is important to that process). 

(4) There are no isotope effects. 

(5) The coefficients (parameters) in the differential equations are time invariant. 

(6) Often the assumption is made that all organs (or parts of the organs) see the 

same input function, particularly in PET imaging. 

The first task in blood flow quantification is to define the path the tracer takes from 

the input function (blood) to the important components (tissues/systems) taking into 

account extraction from those components.  This knowledge is then used to formulate a 

compartment model for that system.  For heart blood flow imaging, we are concerned with 

tracer uptake in the myocardium (heart wall), and the input function is the arterial blood 

supply to the heart.  To further understand the mechanism of Rb-82 uptake in the heart 

muscle it is useful to look at the active transport across the muscle cell membranes since 

that is how Rb-82 is taken up into the muscle tissue.  As discussed in chapter 1.0 Rb-82 is 

a potassium analogue, an illustration of active sodium-potassium transport can be found in 

figure 2.5.1.1. 
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Figure 2.5.1.1: Sodium-potassium active transport. (A) Sodium ions bind to the 

protein.  (B) Phosphorylation: phosphate from ATP binds to the NaK-ATPase 

protein causing it to change shape. (C) Sodium ions are released into the blood while 

potassium ions bind to the protein. (D)  Potassium bound to the protein causes the 

phosphate to be released.  Protein changes shape again releasing potassium into the 

cytoplasm.[158] 

As figure 2.5.1.1 shows the active transport in cell muscles exchanges 3 sodium 

ions for every 2 potassium (or Rb-82) ions.  One could model this using a single 

compartment called the 1-compartment model where the input function is the blood 

plasma, and the compartment is the myocardium tissue cells.  This is illustrated in figure 

2.5.1.2 where the activity concentration over time in the myocardium is given by Cmyo(t), 



 92 

in the blood plasma it is given by Cb(t), coefficient K1 is the uptake (influx) rate constant 

and coefficient k2 is the clearance (efflux) rate constant. 

 

Figure 2.5.1.2: 1-Tissue compartment model for Rb-82. 

The differential equation that describes figure 2.5.1.2 will define each unknown 

quantity (in this case just 1, Cmyo(t), since the blood plasma input function is assumed to be 

known and is therefore not a variable).  An equation that describes this system is shown in 

equation 2.5.1.1.[159] 

𝐂𝐦𝐲𝐨(𝐭) = 𝐊𝟏𝐞−𝐤𝟐𝐭 ∗ 𝐂𝐛(𝐭)   ( 2.5.1.1 ) 

where: * is the convolution integral.  To accurately assess the correct activity concentration 

in the heart wall, partial volume effects must be accounted for (see figure 2.2.6.4).  To 

account for these effects Cmyo(t) is usually modified by the following relationship: 

�̂�𝐦𝐲𝐨(𝐭) = 𝐅𝐋𝐕𝐂𝐛(𝐭) + (𝟏 − 𝐅𝐋𝐕)𝐂𝐦𝐲𝐨(𝐭)  ( 2.5.1.2 ) 

where: Ĉmyo(t) is the estimated tracer concentration in the myocardium including partial 

volume effects, FLV is the spillover of the blood activity into the myocardium region of 

interest.  This formulation assumes that the region of interest (ROI) volume includes only 

myocardial tissue and blood pool.  Therefore, the quantity (1 − FLV) is the fraction of 

volume of myocardial tissue.  This quantity can be calculated on a regional (breaking up 

the myocardium into small regions and calculating each individually) or global 

(considering the myocardium as one single unit with a single correction factor) basis. 
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Another model is to define two compartments: 

(1) The vascular (blood) and interstitial spaces, which is the fluid surrounding the 

cell membranes but still outside the cell and the main blood supply. 

(2) The intracellular space, i.e. inside the cell. 

 

This model is illustrated in figure 2.5.1.3. 

 

Figure 2.5.1.3: 2-Tissue compartment model. 

In this case the myocardium is represented as two compartments (2-compartment model), 

with F being the flow rate [ml/min] into the region.  The coefficient k1 is the uptake rate 

constant and coefficient k2 is the clearance rate back into the vascular and interstitial 

spaces.  The differential equations that describe this system is defined as follows: 

𝐝𝐪𝟏(𝐭)

𝐝𝐭
= 𝐅 (𝐂𝐚(𝐭) −

𝐪𝟏(𝐭)

𝐕𝟏
) − 𝐤𝟏𝐪𝟏(𝐭) + 𝐤𝟐𝐪𝟐(𝐭)  ( 2.5.1.3 ) 

𝐝𝐪𝟐(𝐭)

𝐝𝐭
= 𝐤𝟏𝐪𝟏(𝐭) − 𝐤𝟐𝐪𝟐(𝐭)    ( 2.5.1.4 ) 

where: q1(t) and q2(t) is the amount of tracer in compartment 1 and 2 respectively, F is the 

flow rate, Ca is the arterial tracer concentration, V1 is the volume of compartment 1, and k1 
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and k2 are the fractional rate constants of compartment 1 and 2 respectively.  The solution 

to these differential equations is: 

𝐪𝟏(𝐭) = [
𝐅

𝛃−𝛂
] [(𝛃 − 𝐤𝟐)𝐞−𝛃𝐭 + (𝐤𝟐 − 𝛂)𝐞−𝛂𝐭]𝐂𝐚(𝐭)  ( 2.5.1.5 ) 

𝐪𝟐(𝐭) = [
𝐅𝒌𝟏

𝛃−𝛂
] [𝐞−𝛂𝐭 − 𝐞−𝛃𝐭]𝐂𝐚(𝐭)   ( 2.5.1.6 ) 

with the following definitions: 

𝛂, 𝛃 =
𝟏

𝟐
[𝐚 ± √(𝐚𝟐 − 𝟒𝐛)]    ( 2.5.1.7 ) 

and ‘a’ and ‘b’ are defined as follows: 

𝐚 = (
𝐅

𝐕𝟏
) + 𝐤𝟏 + 𝐤𝟐     ( 2.5.1.8 ) 

𝐛 = (
𝐅

𝐕𝟏
) + 𝐤𝟐      ( 2.5.1.9 ) 

Partial volume correction is achieved using the equation 2.5.1.2 to correct for partial 

volume losses.  Coefficients for these compartment models can be solved using a weighted 

least squares method. 

The equation that describes this 2-tissue component model is shown in equation 2.5.1.3. 

𝐂𝐓(𝐭) = (𝐀𝐞−𝛂𝐭 + 𝐁𝐞−𝛂𝐭) ∗ 𝐂𝐛(𝐭)   ( 2.5.1.10 ) 

where: CT(t) is the activity concentration in the tissue and Cb(t) is the activity 

concentration in in the arterial system, and the variables A and B are defined as follows: 

𝐀 =
𝐅

𝛃−𝛂
(𝐊𝟏 + 𝐊𝟐 − 𝛂)    ( 2.5.1.11 ) 

𝐁 =
𝐅

𝛃−𝛂
(𝛃 − 𝐊𝟏 − 𝐊𝟐)    ( 2.5.1.12 ) 

The observed activity concentration is given by the following equation: 

𝐂𝐓𝐏𝐄𝐓
(𝐭) = 𝐅𝐌𝐌𝐂𝐓(𝐭) + 𝐅𝐁𝐌𝐂𝐚(𝐭)   ( 2.5.1.13 ) 
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where: CTPET
(t) is the observed activity concentration, FMM is the tissue recovery 

coefficient, FBM is fraction of activity in the blood pool region, CT(t) is the activity 

concentration in the tissue and Cb(t) is the activity concentration in in the arterial system. 

 

2.5.2 Myocardial Blood Flow Estimation using FlowQuant©  

In chapters 3 and 4 quantification of regional myocardial blood flow (MBF) will be 

accomplished using an in-house validated software program called FlowQuant© (Ottawa, 

ON).  While the implementation details of the program are beyond the scope of this thesis, 

a structural overview of the program is covered here. 

PET imaging begins with a controlled injection of Rb-82 into the left arm which 

carries the tracer to the heart via the superior vena cava to the right atrium.  From the right 

atrium, it travels to the lungs through the pumping action of the right ventricle.  From the 

lungs, the blood circulates back to the left atrium and ventricle where afterward it is 

pumped to the rest of the body.  Therefore, early time frames have significant activity in 

the atria/ventricle cavities and little in the myocardium.  As time progresses the Rb-82 is 

taken up by various organs (liver/spleen/stomach/kidneys/thyroid and myocardium) and 

the activity in the blood diminishes.  Due to the action of the NaK active transport in the 

myocardium, in the late time frames the myocardium has typically retained more activity 

than surrounding tissues. 

The FlowQuant© program begins first by identifying the myocardium in order to 

define the uptake images.  As such the contrast between the left ventricle (LV) and the 

surround tissue must be high enough for clear delineation of the LV.  To achieve this, 

uptake images are generated by averaging the last 6 minutes of the dynamic image data (2-
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8 min) typically the last 4-5 frames.  Using a smoothing filter image noise is reduced, then 

the myocardium is identified and reoriented from the body reference frame to a LV axis 

reference frame.  An example of this can be seen in figure 2.5.2.1. 

 

 

Figure 2.5.2.1: Orientation and selection of the LV heart wall.  Identification of the 

heart wall is shown in transaxial (A) and sagittal (mid vertical long axis (VLA)) (B) 

slices.  Reorientation of the myocardium to LV reference frame is shown in mid 

horizontal long axis (HLA) (C) and basal short axis (SA) (D). 

The user can manually select the slice on the transaxial plane used to identify the 

heart wall, and the contours can be modified if so desired.  The initial contours found in 

(A) and (B) help inform the algorithm where to look for the whole heart wall, and to 
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reorient the image matrix to the LV reference frame as shown in (C) and (D) as shown in 

figure 2.5.2.2. 

In the next step, the heart wall is reoriented so that the long axis of the heart is 

orthogonal to the image plane.   Then contours of the entire LV heart wall are defined 

(using a cubic b-spline smooth function outside the scope of this thesis) and the blood pool 

regions for the arterial input function are identified.  Regions of interest with fixed 

epicardial (outside surface of the heart) and endocardial (inside surface of the heart) extent 

are generated, and used to sample the dynamic image sequence to derive myocardial time-

vs-activity curves (TACs).  Figure 2.5.2.2 gives an example of the results from this 

process.  Blood pool regions in the LV cavity ‘C’, base ‘B’ and left atrium ‘A’ are 

identified.  The median of TAC values from these three regions is used as the arterial blood 

input function for kinetic modeling. 

 

Figure 2.5.2.2: Example of short axis slices of the heart wall (left).  Short axis slices 1 

to 18 are used for myocardial blood flow quantification (A).  Blood pool regions (A, 
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B and C) are shown, along with the identification of the left atrium (B).  The right 

ventricle is shown in green but not used in this work.  The left atrium is shown in 

red. 

The next step is the kinetic modeling of the time activity curves used for myocardial 

blood flow quantification.  As mentioned in the previous section, by comparing the 

measured blood input to the output (myocardium) TAC functions, the parameters of the 

compartment model are determined.  In all cases for this thesis the 1-tissue-compartment 

model is used for blood flow quantification.  An example of a time activity curve measured 

by the FlowQuant© program is given in figure 2.5.2.3.   

Various orientations of the resultant contour maps from identification of the 

myocardium is shown in figure 2.5.2.4.  The resultant shape resembles a paraboloid.  To 

make the analysis of this data easier the contours are projected onto a 2-dimensional plane 

called a polar map.   

 



 99 

Figure 2.5.2.3: Example of time activity curves measured by FlowQuant© for blood 

flow quantification.  The red curve is the blood input function. The blue dots are the 

measured myocardium values and the blue line is the estimated compartment model 

function. The total blood volume (TBV = 𝐅𝐋𝐕) and K1 rate constant are also shown. 

 

Figure 2.5.2.4: Example of contour maps of the heart wall and the resultant polar 

map. 

FlowQuant produces values of MBF in units of mL/min/g using regional and global 

partial-volume corrections (PVC).  This is done by splitting the myocardium into ~500 

sectors and defining an ROI on a sector by sector basis and calculating (1−TBV) for each 

sector.  Global PVC is accomplished by using an average of these values and applying it 

globally.  Regional PVC is accomplished by using each (1−TBV) on the corresponding 

sector.  Polar maps generated from FlowQuant© are shown in figure 2.5.2.5.  The TBV 

and K1 polar maps are the estimated parameters from the kinetic model.  This data used in 
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conjunction with the assumed tracer extraction function produces the regional and global 

PVC polar maps in units of tissue blood flow [mL/min/g].  Flow can be calculated using 

the following equations:[160] 

𝐌𝐁𝐅 =
𝐊𝟏

𝐄(𝐌𝐁𝐅)
     ( 2.5.2.1 ) 

where: E(MBF) is the extraction function which is tracer specific and describes the 

nonlinear tracer extraction and is a function of MBF.  This quantity can be calculated using 

equation 2.5.2.2: [160] 

𝐄(𝐌𝐁𝐅) = 𝟏 − 𝐞−(𝛂𝐌𝐁𝐅+𝛃)/𝐌𝐁𝐅   ( 2.5.2.2 ) 

where: α and β are constants that are tracer specific.  The purpose of the extraction function 

is to effectively calibrate the blood flow measurements to a known standard (for example 

microsphere studies). 

 

Figure 2.5.2.5: Example of polar maps generated from FlowQuant©. 
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Typically, the polar maps are divided into larger regions called segments.  In 

subsequent chapters the polar maps are divided into 5 segments (called the 5-segment 

model) consisting of the following anatomic regions: anterior, posterior, septal, lateral, and 

apex – see figure 2.5.2.6.  The average MBF value in each segment is reported as the data 

value for that segment.  

 

Figure 2.5.2.6: 5-Segment model and its anatomic regions. 

 

2.6 PET Simulation 

When evaluating the performance of an algorithm used to analyze PET data, one of the 

biggest issues is how to separate the algorithm’s inherent limitations from the multiple 

competing physiological processes.  Sometimes we need to know that the limitations in the 

algorithm’s performance is due to one physiological process as opposed to a different one.  

One method would involve using physiological phantoms which can be expensive and time 

consuming to use.  In addition, often one cannot change the internal anatomy to include 

things like abnormal lesions or other defects, and one cannot introduce controlled and 

known time activity curves on all organ systems.   In this thesis, digital simulations have 

been used extensively.  The advantage of digital simulations is that they can simulate whole 

bodies, blood flow defects (lesions) can be introduced; time activity curves can be defined 
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on all major organs, and they are inexpensive.  The disadvantages include limitations in 

the internal morphology (i.e. inability to simulate complex congenital abnormalities), and 

you can only simulate known tracer dynamics. 

 

2.6.1 The Digital NCAT Phantom 

The non-uniform rational B-spline cardiac torso (NCAT) phantom is a digital phantom that 

is derived from real patient CT and MRI scans.[161–163]  The NCAT phantom has the 

capacity to simulate both cardiac and respiratory motion.  Real patient data from an 

electrocardiogram (ECG) can be used to determine the respiratory and cardiac periods and 

amplitudes, or a set period and amplitude of motion can be defined for each.  This feature 

is not used in this thesis and therefore will not be discussed further.  NCAT phantoms are 

generated using an executable program with an appropriate parameter file to describe the 

time activity curves and various physiological options that are exhaustive and beyond the 

scope of this thesis. A detailed description can be found in [161–163]. 

An example of the NCAT phantom generated for the examination of body motion 

in this thesis is shown in figure 2.6.1.1.  Both the matrix and voxel size can be defined, in 

this thesis the transaxial field of view is always 40 cm.  Shown in figure 2.6.1.1 is a 

phantom with a 256 × 256 × 256 matrix.  The voxel size is 1.5625 mm/pix which is less 

than clinical scans with a transaxial voxel size usually around 3.1 mm/pix, therefore herein 

this phantom is called the ‘high resolution’ phantom.  The ‘low resolution’ phantom is 

anatomically identical to the high resolution phantom but with a clinically similar voxel 

size of 3.125 mm/pix.  The final phantom shown in figure 2.6.1.1 is the 20 cm phantom.  

The phantom is anatomically identical to the other two phantoms but is proportionally 
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smaller so that the transaxial dimension of the chest is 20 cm (the field of view is still 40 

cm), with the same voxel size of 3.125 mm/pix. 

 

Figure 2.6.1.1: Various NCAT CT phantoms used in this thesis. 

The CT generated in the NCAT phantom takes into account the photon energy 

desired.  The voxels are unit-less, expressed as μ × x where x is the voxel size and μ is the 

linear attenuation coefficient.  Therefore, to generate an ACF, the CT can be forward 

projected and each element of the forward projected CT can be exponentiated to give an 

appropriate ACF sinogram. 

The following organs can be assigned time activity curves in the NCAT phantom: 

remainder body (what is not on this list for example fat), liver, gall bladder, lungs, stomach 

wall, stomach contents, kidney, spleen, ribs, spine head, spine process, pelvis, bone 

cartilage, arteries, veins, bladder (content and wall), prostate, ascending large intestine, 

transcending large intestine, descending large intestine, small intestine, rectum, seminal 

vesicles, vas deferens, and testes.  In addition, a constant activity can be assigned to the 
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following regions: ascending large intestine air, transverse large intestine air, descending 

large intestine air, small intestine air, rectum air, ureter, urethra, lymph normal, lymph 

abnormal, and airway tree.  The heart can also be assigned separate time activity curves to 

its 4 myocardium regions (left ventricle (LV), right ventricle (RV), left atrium (LA) and 

right atrium (RA)) and their corresponding 4 blood pool regions as shown in figure 2.6.1.2. 

 

Figure 2.6.1.2: Digital NCAT myocardium model with myocardium and blood pool 

regions shown. 

An example of a decay corrected dynamic sequence of the low resolution NCAT 

phantom is given in figure 2.6.1.3.  The first 9 frames are 10 seconds in duration and frames 

2, 4, 7 and 9 are shown.  Frame 2 shows the initial high activity in the blood pool regions, 

frame 4 shows the activity at the peak of the blood pool curve and frame 7 shows the 

activity when the concentration in the myocardium and blood pool regions are almost the 

same.  Frames 9 and 15 show the progression near the end of the scan as the myocardium 

becomes the dominant source of Rb-82 activity. 
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Figure 2.6.1.3: Example of time activity curves assigned to various organs in the 

body. 

 

2.6.2 Analytical PET Simulator (ASIM) 

The NCAT phantom program does not include physical effects from processes such as: 

noise, positron range, photon attenuation and scanner resolution.  Therefore, all these 

effects if they are desired must be simulated.  One method would be Monte Carlo 

simulations, which can accurately simulate the physical interaction of particles with matter.  

A major disadvantage of Monte Carlo simulations is the amount of computational time 
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required to simulate the data and the degree of complexity required to create an accurate 

simulation.  If a large number of simulations are required, the simulation time may render 

the Monte Carlo method prohibitively slow.  Monte Carlo simulations are beyond the scope 

of this thesis and will not be discussed further. 

In this work the analytical simulator ASIM (Analytical SIMulatior) is used, which 

is an ultra-fast way to add noise to a noiseless PET sinogram [164]. One disadvantage of 

analytical simulators is that the noise model must be provided, and effects such as scanner 

resolution and positron range must be added by post hoc blurring of the simulated data 

rather than a simulation of these physical effects.  In addition, more accurate photon 

tracking algorithms like Monte Carlo methods can simulate all physical effects such as 

true, random and scatter events whereas in analytical simulations these are calculated using 

approximate methods. 

The amount of noise introduced by scatter can be estimated relative to other noise 

sources, but the residual bias from scatter can only be approximated.[113,165,166]  This 

leaves a residual bias that must be estimated to give accurate scatter correction.  ASIM 

overcomes this limitation by using the mean estimated scatter to calculate the added noise 

from scatter and then use this for scatter correction.[164]   This process leaves no residual 

bias and therefore the computed scatter correction is very accurate.  The total activity in 

the phantom is assumed to be concentrated along the axis of the specified scanner and not 

the voxelized input phantom, thus activity outside the field of view is not considered.  A 

uniform cylindrical phantom scan is used to measure the typical scatter fraction.  A Monte 

Carlo integration technique incorporating the Klein-Nishina Compton scatter cross-section 

formula is used to estimate the axial scatter profile.  This is done with the following three 
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integrations taking into account the lower energy threshold and the energy resolution of the 

scanner:[164] 

(1) over the position of the positron annihilation along the scanner axis  

(2) over the Compton scatter location in the attenuating medium 

(3) over the Compton scatter angle 

Random coincidences are calculated taking into account that the annihilation events 

must take place within the phantom.  Final prompts are calculated using these profiles and 

a Poisson pseudo-random realization for the mean value of each sinogram element.   

The work flow to generate a noise-added sinogram for the NCAT phantom is shown 

in figure 2.6.2.1.  We begin with physical estimates of the count rate statistics of the 

phantom we wish to model.  This is typically done using a National Electrical 

Manufacturers Association (NEMA) phantom scan starting at high count rates.  Two 

example phantoms are shown with diameters of 20 cm and 35 cm.  From the count rate 

statistics, we get plots of the global count rates for measured true, random and scatter events 

as a function of the total phantom activity.  These are then used in conjunction with an 

activity phantom to get estimates of the measured true, random and scatter events taking 

into account the total activity concentration and scan length time.  The activity phantom 

and number of true, random and scatter events are defined as input to the ASIM program 

which distributes the events according to the true, random and scatter profiles defined in 

the process described earlier.  The output sinograms have no attenuation and are fully 

corrected for random and scatter effects, but have all the noise characteristics one would 

expect from a measured clinical PET scan. 
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Figure 2.6.2.1: Example of the production of a noise added sinogram without 

attenuation from a voxelized NCAT phantom. 
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3    Chapter: Patient Motion Effects on the Quantification of Regional 

Myocardial Blood Flow with Dynamic PET Imaging 

 

3.1 Introduction 

This chapter discusses “Patient Motion Effects on the Quantification of Regional 

Myocardial Blood Flow with Dynamic PET Imaging”. The content was previously 

published in Medical Physics and selected for Editors Pick.  The content of this paper has 

been modified in the current document to improve readability.[167] 

Studies have shown that quantification with positron emission tomography (PET) 

imaging and Myocardial blood flow quantification has superior diagnostic and prognostic 

value compared to conventional relative perfusion imaging.[168–172]   Dynamic imaging 

begins with intravenous injection of a tracer and passive acquisitions over time are binned 

into frames reconstructed as images.  Later frames reflect the completion of biodistribution 

of the tracer to the perfused tissues which can take several minutes.  As covered in chapter 

2.5, these images are analyzed using regions of interest (ROI) to sample the tissue time-

activity curves (TAC) of the heart muscle (myocardium) and LV cavity (arterial blood) 

regions to be processed using kinetic modelling for regional myocardial blood flow 

quantification (MBF). 

As shown in chapter 2.5, MBF quantification requires dynamic imaging and 

assumes that the tissue components in the kinetic model are spatially invariant.  Recent 

studies have indicated that the occurrence of patient body motion is highly 

prevalent.[173,174]  Patients are typically elderly and may suffer from arthritis, and chest 

discomfort can occur due to the pharmacologic stress agents used. Therefore, it can be 
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uncomfortable for the patient to stay still for the long periods of time needed to acquire the 

dynamic data and patients often move.  Motion also occurs due to coughing and organ 

creep.  This then leads to misalignment between the attenuation correction (AC) map and 

PET data which causes CT attenuation correction (CTAC) errors after reconstruction, and 

violates the spatial invariant assumptions for kinetic modelling;  therefore, affecting blood 

flow quantification.[44,175]  Inter-frame motion leads to distorted TAC’s since the frame-

to-frame spatial sampling is inconsistent, whereas intra-frame motion leads to spatial 

blurring within the frame.  The effects of CT misalignment on the heart wall activity have 

been studied to some degree for PET and SPECT.[43,44,173]  The accuracy of MBF 

quantification is reduced due to these motion effects.[60] 

A review of motion correction techniques was presented in chapter 1.2.  Primarily, 

motion correction can be performed by applying a tracking protocol using external 

radioactive, optical markers, cross correlation algorithms in the late time frames or manual 

realignment.[56,66,76]  It has been previously pointed out that motion correction should 

be based on cardiac (internal) markers due to the fact that external markers do not 

necessarily reflect the complex internal motion of organs when a patient moves.[56]  

However, placing markers in the cardiac region would be highly invasive and is not 

practical.  The issue with image-based correction is that often CTAC errors are left 

uncorrected, and late frame motion correction would leave any early frame motion 

uncorrected.  In addition, manual correction is hindered by operator bias.  

 The purpose of this study was to evaluate the prevalence of patient body motion in 

a typical clinical population for Rb-82 rest and stress perfusion imaging, and to quantify 

the possible MBF errors associated with motion using noiseless computer simulations.  The 
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clinical prevalence study results are used to define the simulation parameters (direction, 

sign, magnitude and time of motion shift).  In addition, the effects from spatial resolution, 

PET-CTAC misalignment, LV polar-map regions, partial-volume and motion corrections 

were evaluated.  Computer-generated phantom studies were chosen due to the fact that 

ground-truth physiology is known, and any deviations from the standard case can be 

evaluated precisely.  In this study, sources of MBF error were evaluated without cardiac 

and respiratory motion in order to quantify the effect from patient body motion on MBF 

error by itself.  While attempts at such a study have been done in part for various tracers, 

to our knowledge a comprehensive 3-dimensional modeling study using an NCAT 

phantom for Rb-82 cardiac imaging has not been conducted. 

 

3.2 Methods 

 

3.2.1 Clinical Prevalence Cohort 

The clinical prevalence cohort consisted of 236 patients recruited from August to 

November 2010 for Rb-82 PET rest-stress myocardial perfusion imaging (MPI) at the 

University of Ottawa Heart Institute.  All patients gave written informed consent as part of 

the Rubidium-ARMI (NCT01128023) research protocol approved by the University of 

Ottawa Human Research Ethics Board.  Perfusion imaging began with a low-dose (0.2 

mSv) normal-end-expiration CT attenuation scan acquired before the start of the PET 

acquisition (120 kVp, axial and angular mA modulation in the range 20–200 mA, with 40% 

noise index and a 1.5 s helical scan time).  Infusion of Rb-82 (RubyFill™, Jubilant 

DraxImage, Kirkland, QC) chloride at 10 MBq/kg was performed by a 30 second constant-

http://www.clinicaltrials.gov/ct2/show/NCT01128023
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activity-rate ‘square-wave’.  PET data was acquired for 8 minutes in list-mode using a 

Discovery 690 PET-VCT scanner (GE Healthcare, Waukesha, WI), and data was 

reconstructed by filtered back-projection with an 8 mm Hann window of the Ramp filter.  

A dipyridamole (0.14 mg/kg/min) 5-minute infusion was used to induce cardiac stress, and 

a second 82Rb PET scan was initiated 3 minutes later.  Final 3D images had a matrix size 

of 128×128×47 voxels of size 3.125×3.125×3.270 mm, and final isotropic spatial 

resolution was ~10 mm (using 6 mm FWHM positron range, 6 mm FWHM intrinsic 

resolution and 6 mm FWHM post reconstruction smoothing).  All corrections for detector 

efficiency, dead-time, isotope decay, photon attenuation, and scatter, random and prompt-

gamma coincidences were used to reconstruct quantitative images of activity concentration 

(Bq/cc).  The PET acquisition was split up into the following time frames: 9×10s, 3×30s, 

1×60s, and 2×120s, and Rb-82 PET image registration was verified manually (the vendor 

ACQC program was used for manual adjustment if required) using a static PET image of 

tracer uptake (2-8 min). 

 The reconstructed dynamic images were analyzed using the FlowQuant[176] 

software (uOHI, Ottawa, ON) in cine-mode, which allowed the user to sweep back and 

forth through the time frames.   The view was centered on the heart in the transaxial, sagittal 

and coronal axes.  Visual assessment by two independent observers was used to determine 

the severity, time and direction of motion.  Disagreements between the two observers was 

resolved by both observers reviewing the scan until consensus was reached.  The affected 

time frames, presence or absence of heart motion, and direction was recorded by each 

observer.  The magnitude of motion was determined by estimating how far the edge of the 

heart wall shifted in pixels.  Magnitude was classified as mild (1-2 pixels or 3-7 mm) or 
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moderate (>2 pixels or >7 mm).  Some (3 %) low image quality scans could not be assessed 

(NA) since the absence or presence of motion could not be determined.  Motion was only 

assessed in the frames after the first-pass transit of tracer through the heart which was 

typically > 90 s, since motion in only those frames could be determined with confidence.  

Rest and stress scans were both evaluated, therefore the total number of scans reviewed 

was 472. 

 

3.2.2 Computer Phantom Simulations 

The NURBS-based Cardiac-Torso (NCAT) digital phantom program as described in 

chapter 2.6.1 was used to produce the noiseless anatomical images, as illustrated in Figure 

3.2.2.1.[177,178]  The final matrix size of the phantoms was 128 × 128 × 63 voxels with 

cubic voxels of size of 3.125 mm; therefore, final image sizes were 40 × 40 × 19.7 cm. 

Time activity curves (TAC) were derived from a previous Rb-82 dosimetry study 

in human patients.[95]  The following organs had time activity curves assigned: 

Myocardium, blood pool regions, liver, lungs, spleen, kidney, gall bladder and heart wall.  

The same time activity curve was assigned to all blood pool regions and myocardial 

regions.  Respiratory and cardiac motion was not simulated to eliminate the characteristic 

blurring from these effects, thus patient body motion was characterized by itself. 

The PET NCAT images were smoothed using a 3D Gaussian function to simulate 

positron range and the intrinsic resolution of the D690 PET/VCT scanner.  The NCAT 

phantom CT volume image was used to calculate the tissue attenuation factors scaled to 

the known values at 511 keV by forward projection as described in chapter 2.6.1.  

Attenuation was simulated by forward projection the PET NCAT images using the 
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MATLAB® 2D radon transform (128 angles) to create PET sinograms and then dividing 

by the tissue attenuation factors derived from the NCAT CT.  The PET sinograms were 

then corrected for attenuation and reconstructed with filtered back-projection, then 

smoothed to a final resolution of 10 mm FWHM to recreate the post-reconstruction filtering 

used in clinical practice, herein this data set is called the low-resolution data set.  Another 

data set was generated with a final resolution of 2 mm FWHM, herein called the high-

resolution data set.  This data set had a final matrix size of 256 × 256 × 126 voxels with 

cubic voxels of size of 1.5625 mm; therefore, final image sizes were 40 × 40 × 19.7 cm.  

Final reconstruction was achieved using MATLAB® 2D filtered back-projection. Noise 

was not simulated to avoid potential effects of noise-bias in the estimation of myocardial 

blood flow. 

 

Figure 3.2.2.1: (A) NCAT phantom for PET-CT simulation studies showing the CT 

used for attenuation correction (CTAC).  (B) Homogeneous tracer distribution is 

observed in the LV myocardium on the PET-CT images with perfect alignment used 
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as the no-motion reference-standard. (C) A case with CT misalignment +2 cm in the 

X -direction shows the resulting CTAC artifacts evident in the LV lateral wall and 

lung margins (red arrows). 

 

 Figure 3.2.2.2 shows the work-flow used to generate all the motion and correction 

combinations.  A reference standard was simulated without any PET motion or CTAC 

artifacts (Figure 3.2.2.2: No motion, Figure 3.2.2.1 (B)), and all PET motion-shifted 

images were compared to this standard.  Frames possessing both CTAC misalignment and 

PET dynamic frame misalignment artifacts were generated to replicate uncorrected motion 

cases seen in a clinical setting (Figure 3.2.2.2: PET motion and CTAC misalignment, 

Table 3.2.2.1: None).  Frames with PET dynamic motion artifacts, but no CTAC 

misalignments were also generated (Figure 3.2.2.2: CTAC misalignment, Table 3.2.2.1: 

CTAC-alignment) to study the effect of patient motion in the PET data alone.  To replicate 

the effect of post-reconstruction motion correction datasets were generated with no residual 

motion in the PET data, but with CTAC misalignment artifacts remaining (Figure 3.2.2.2: 

PET motion, Table 3.2.2.1: PET-dynamic). 
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Figure 3.2.2.2: Computer simulations used to produce the patient motion and 

correction test cases. Attenuation of the projection data is denoted by '÷' and 

attenuation correction by '×'. 

 

 Table 3.2.2.1 gives a list of all simulated motion and correction parameters.  Rigid 

inter-frame motion of ±0.9375 (herein called ±1 cm) and 1.8750 cm (herein called ±2 cm) 

was simulated by a discrete shift of the PET data at in one of 6 directions (±X right/left, 

±Y posterior/anterior, and ±Z superior/inferior) at 30, 60, 120, and 240 s.  Nonlinear effects 

and rotations present in some clinical motion cases were not simulated.  As in clinical 

practice, a single CT aligned to the late PET frames was used to correct for attenuation of 

all frames.  Therefore, any motion in the early frames will have CTAC errors due to the 

PET-CT misalignment of those frames.  To interrogate the effects of early frame alignment 

we also simulated alignment in the blood pool time frames, this motion misalignment 

occurs in the late time frames for those data sets.  Motion correction was achieved by 
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excluding PET motion and/or CTAC misalignment from motion corrected frames, thus 

these are perfectly corrected for motion. 

Table 3.2.2.1:  

Computer simulation parameters (N=5,760 combinations). 

Stage Parameter Description 

Acquisition Motion Direction 

 

 

X (left/right),  

Y (anterior/posterior),  

Z (superior/inferior) 

Motion Sign 

 

Positive (left/anterior/sup), 

Negative(right/posterior/inferior) 

Motion Magnitude 1, 2 cm 

Motion Time (of shift) 30, 60, 120, 240 s 

 

Reconstruction 

 

Spatial Resolution High, Low (2, 10 mm FWHM) 

CTAC Alignment Early, Late PET reference frames  

 

Analysis 

Polar-Map Segment 

Partial-Volume Correction 

Anterior, Posterior, Lateral, Septal, Apex 

Regional, Global 

Motion Correction None, PET-dynamic, CTAC-alignment 

 

 Our in-house validated software program (FlowQuant©, Ottawa, ON) was used to 

quantify regional myocardial blood flow (MBF).[172,176,179,180]    In this specific study 

the average of the last 6 minutes of the dynamic image data (2-8 min) was used to generate 

the uptake images due to the high myocardium-to-blood-pool contrast at those times.  A 
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more detailed description of FlowQuant© is given in chapter 2.5.2.[176]  Data was 

analyzed using a 1-tissue-compartment kinetic model and the globally-derived average 

distribution volume was estimated from the blood (input) and myocardium (output) TAC 

functions.[181]   Both regional and global MBF in units of mL/min/g were calculated as 

described previously in chapter 2.5.1.  The polar maps were organized according to a 

standard 5-segment model consisting of the average MBF value with the following 

anatomic regions (segments): anterior, posterior, septal, lateral, and apex.  The absolute 

relative difference (in %) of each segment in the 5-segment model from the reference 

standard case was used to calculated the % MBF error as shown in equation 3.2.2.1.   

MBF error =  
|Measured MBF −Standard MBF)|

StandardMBF
× 100%  ( 3.2.2.1 ) 

A total of 5,760 total data points over 9 simulated parameters were generated from this 

study – see Table 3.2.2.1. 

 

3.2.3 Statistical Analysis 

In the clinical cohort, the recorded magnitudes of motion are reported as the mean ± 

standard deviation, and the proportions of magnitudes (severe/moderate) and directions are 

reported as a percentage. 

 Multivariate analysis of MBF errors was carried out using analysis of variance 

(ANOVA) on the computer simulation studies for the individual simulation parameters.  In 

addition, analysis on the 2- and 3-parameter interactions was performed – see Appendix 

A   for more detail.  The most highly significant 2- and 3-parameter interactions were 

chosen for analysis.  The median interaction effects were analyzed in box plots.  Potential 

outliers were defined as > 1.5 times the inter-quartile range above the median values.  The 
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Wilcoxon rank-sum test at the 95 % confidence level was used for post-hoc pair-wise 

comparison of median values. 

MATLAB® (Mathworks, Natick, MA) was used for all statistical analyses and 

calculated probabilities (P-values) < 0.05 were considered statistically significant. 

 

3.3 Results 

 

3.3.1 Clinical Prevalence Cohort 

The average age for our patients was 64 ± 11 years (range 33 to 89), and 51 % of the 

patients were male.  For more detail please see Appendix A. 

 Figure 3.3.1.1(A) shows the prevalence of motion magnitude in percentage.  

Moderate motion (>7 mm) made up 38 % of all motion cases, mild motion made up 35 % 

of all motion cases, 24 % of cases had no motion and for 3 % of cases the direction and/or 

magnitude could not be assessed (NA).  Cross-correlation of sequential time-frame images 

in FlowQuant© was used to automatically measure the mean magnitude of motion.  Results 

showed that mild motion had a mean value of 0.5 ± 0.1 [0.3 to 0.7] cm whereas moderate 

motion had a mean value of 1.0 ± 0.3 [0.7 to 1.8] cm, which agreed with the visual 

classification of motion magnitude.  There were no significant differences between rest and 

stress in the direction or magnitude of motion. 

 The prevalence of motion direction is shown in Figure 3.3.1.1(B) with mild and 

moderate data combined.  Axial motion was the most common making up 45 % of all 

motion cases with 30 % in the superior (+Z) direction and 15% in the inferior (-Z) direction.  

Motion in the Y direction (anterior/posterior) was almost entirely posterior (29%), whereas 
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motion in the X direction had a similar proportion in the left (+X) and right (-X) directions 

and accounted for 24% of cases.  Computer simulations were based upon the moderate-

motion (worst-case) results.  Shifts were simulated in all three axes (X, Y and Z) with 

bidirectional magnitudes of ±0.9375 cm and ±1.8750 cm reflective of the average moderate 

(1.0 cm), and maximum of the moderate cases (herein called severe or 1.8 cm) results. 

 The prevalence of motion time (following a detected shift) is shown in Figure 

3.3.1.1(C), demonstrating a relatively constant probability (dashed line median) of motion 

shift over the entire time-course of the scans. A substantially lower frequency of motion 

was recorded during the first minute, due to the confounding effects of the rapidly changing 

biodistribution during the tracer first-pass through the heart and lungs immediately 

following injection.  Visual assessment of motion in the first minute may be 

underestimated.  Based on these results, the times for simulated body motion were selected 

to cover most of the scan length, with added focus on the early times when the tracer 

activity was changing rapidly at 30, 60, 120 and 240 s, as shown in the example time-

activity curves (Figure 3.3.2.1). 
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Figure 3.3.1.1: (A) prevalence of patient (rigid) body motion, (B) directions and (C) 

times of mild or moderate body motion. 

 

3.3.2 Computer Phantom Simulations 

Example MBF polar-maps computed for the reference case (without any PET motion) are 

shown in Figure 3.3.2.1. Without motion, the polar-map using regional PVC looks quite 

similar to that with global PVC, indicating relatively uniform partial-volume effects over 

different regions of the simulated LV myocardium.  No defects on the myocardium were 

simulated; therefore, only homogeneous polar maps are expected. 
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Figure 3.3.2.1: FlowQuant® analysis results for the reference standard case with no 

PET motion (and perfect CTAC alignment).  The PET slices used to sample the LV 

myocardium and blood time-activity curves are shown top-left, with contours of the 

LV and blood-pool regions shown top-middle. 3D surface contour maps of the 

sampled LV uptake (2-6 min average) are shown top-right for left lateral, posterior 

and anterior views.  The resulting time-activity curves and kinetic model parameter 

values used for blood flow quantification are shown in the middle panel. MBF 
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polar-maps using regional [1 − TBV(total blood volume)] and global [1 – TBVmean] 

partial-volume corrections (PVC) are shown in the bottom panel. 

 

All of the simulated parameters had a statistically significant effect on the MBF error, as 

shown in Table 3.3.2.1; this includes the F-statistics which compare the variability within 

the groups to the variability to other groups. 

Table 3.3.2.1:  

Multivariate ANOVA analysis of the simulated parameter effects on MBF. 

Parameter Degrees of freedom 

(n-1) 

Main-effect statistics* 

F-statistic p-value 

Correction (None/CTAC/PET) 2 192 <0.001 

CTAC (Early/Late) 1 19 <0.001 

PVC (Global/Regional) 1 71 <0.001 

Resolution (High/Low) 1 57 <0.001 

Direction (X/Y/Z) 2 192 <0.001 

Magnitude (1/2 cm) 1 588 <0.001 

Sign (+/-) 1 7.9 0.005 

Time of motion shift (30/60/120/240) 3 178 <0.001 

Segment (ant/pos/sep/lat/apex) 4 6.4 <0.001 

*main-effects should be interpreted with caution 

 The reductions in MBF error associated with each simulated parameter are 

illustrated in Figure 3.3.2.2.  The worst-case combination of parameter values results in a 

mean MBF error of 240%. The effects of changing a single parameter value at a time from 
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this worst-case combination are shown in rank order from smallest to largest improvement 

in MBF error.  Data is averaged over all segments and positive-negative directions (10 

points total).  As expected, PET-dynamic motion correction results in the single largest 

improvement from 240% using the worst-case combination down to 10%, with residual 

errors due mainly to the effects of CTAC misalignment. Regional partial-volume 

correction has the least effect, still resulting in ~220% residual error.  CTAC alignment 

with the early (blood-pool) PET images reduces the MBF error by a factor of 2 to ~120%. 

These results show that patient body motion in the dynamic PET image sequence is a much 

larger source of error than CTAC misalignment effects, and therefore should be the first 

priority for accurate correction. 

 

Figure 3.3.2.2: Reduction in MBF error associated with each independent 

simulation parameter compared to the worst-case combination of parameter 

settings (global PVC, late CTAC alignment, high resolution, X direction, ±2 cm 
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magnitude, 60,120 s time of motion shift, no motion correction (MC)).  Error bars 

are ± SD reflecting changes in the Sign and Segment parameters. 

3.3.3 Parameter Interaction Effects 

 

Figure 3.3.3.1 shows the most highly significant interaction (CTAC alignment, motion 

direction and sign) affecting MBF error. The largest MBF errors occurred for right (+X) 

motion when the CTAC was aligned with the late PET frames, and for left (−X) motion 

when the CTAC was aligned with the early PET frames. This corresponds with the well-

established CTAC alignment artifacts observed clinically in the lateral wall, at the interface 

of low attenuating lung and high attenuating heart tissue. Similar magnitude MBF errors 

were measured in the septal segments (Figure 3.3.3.1 polar-map insert), associated with 

misalignment of the RV blood pool sampling in early frames.  There were significant 

differences in the effect of X-direction motion vs. other directions. 
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Figure 3.3.3.1: Three-parameter interaction of CTAC alignment, motion direction 

and sign was highly significant (F=248; p<0.0001) by multivariate ANOVA.  Data 

are shown for 2 cm magnitude (no motion correction and CTAC-alignment 

correction values are combined) (N=1920). Median values are shown next to the 

box-plots. Polar map example is for 2 cm left shift (−X) of the PET data at 60 s, with 

late CTAC alignment. 

*p < 0.05 X vs Y, Z and left vs right. 

 

Figure 3.3.3.2 shows the significant interaction of motion direction and motion correction 

(at 2 cm magnitude) on MBF error. Errors were highest in the cases with no motion 

correction (None) or with CTAC-alignment correction only, regardless of direction.  When 

PET-dynamic motion correction was performed, errors were significantly decreased 

(p<0.05), and residual errors were due solely to CTAC misalignment. MBF errors were 
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significantly higher for motion in the X vs Y, Z directions, with or without CTAC-

alignment correction (p < 0.05).  

 

 

Figure 3.3.3.2: Three-parameter interaction of motion correction, direction and 

magnitude was highly significant (F=35; p<0.001) by multivariate ANOVA.  Data 

are shown for 2 cm magnitude only (N=2880).  Median values are shown next to the 

box-plots.  Polar map example is for 2 cm left shift of the PET data at 60 s, with no 

motion correction.   

*p< 0.05 PET-dynamic vs No motion correction (None) and CTAC-alignment only. 

**p<0.05 X vs Y, Z directions. 

 

Figure 3.3.3.3 shows the significant interaction of motion direction and time of motion 

shift (at 2 cm magnitude) on MBF error.  The errors for motion at 60 and 120 s were similar, 
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and significantly higher than motion at 30 and 240 s.  These results confirm that the MBF 

error is again higher for X motion vs. Y, Z motion, and that mid-scan motion (e.g. 1 to 2 

min) is much worse than motion near the start or end of the scan only. The highest over-

estimation in MBF occurred with motion in the X-direction, at 60 or 120 seconds after scan 

start-time.

 

Figure 3.3.3.3: Three-parameter interaction of motion direction time of motion shift 

and magnitude was highly significant (F = 40; p<0.001) by multivariate ANOVA.  

Data are shown for 2 cm magnitude only (N=1920).  Median values are shown next 

to the box-plots. Polar map example is for 2 cm posterior shift (-Y) of the PET data 

at 60 s with no motion correction. 

*p < 0.05 X direction motion at 60 and 120 s vs all other groups. 
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 Figure 3.3.3.4 shows the significant effect of PVC, segment and direction (for late 

CTAC alignment as per clinical practice). Regional (A) and global (B) partial-volume 

correction (PVC) in each segment are shown for motion in the right (+X) direction and +Z-

direction (superior) directions.  The greatest errors occurred using late CTAC alignment 

with motion at 60 or 120 s.  For negative early-frame CTAC alignment the median values 

were higher segment by segment - Figure 3.3.3.7.  In the presence of motion, regional 

PVC generally produced greater regional MBF errors compared to global PVC, indicating 

that the global PVC method may be more robust against body motion effects than regional 

PVC.  There were significant differences in the median values between the 

posterior/anterior and lateral/septal walls and in the anterior and septal segments using 

regional partial volume correction.  Median MBF error drops significantly for the left (-X) 

direction for both regional and global partial volume correction methods. Similar regional 

effects to the +Z-direction (superior) were observed for the −Z (inferior) direction, with the 

posterior wall increasing to 158% and the septal wall decreasing to 9% using regional PVC.  

There is much improved regional uniformity across segments using global vs. regional 

PVC. 
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Figure 3.3.3.4: Three-parameter interaction of motion direction, segment and PVC 

was highly significant (F = 20; p<0.001) by multivariate ANOVA.  Data are shown 

for late CTAC alignment (data with no motion correction and CTAC-alignment 

correction are combined), for shifts at 60 and 120 s in the right (+X) and superior 

(+Z) directions (N=160 (A); N=160 (B)). Median values are shown next to the box-
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plots.  Both X and Z directions are shown with regional (A) and global (B) PVC.  

Polar map examples are for 2 cm right shift (+X) of the PET data at 120 s, with 

CTAC alignment and with regional (A) and global (B) PVC.  

*p < 0.05 septal or lateral vs anterior or posterior segments using regional PVC for the X 

direction. 

**p < 0.05 anterior vs all other segments using regional PVC for the Z direction. 
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Figure 3.3.3.5: Three-parameter interaction of motion direction, segment and PVC 

was highly significant (F = 20; p<0.001) by multivariate ANOVA.  Data are shown 

for early CTAC alignment (data with no motion correction and CTAC-alignment 

correction are combined), for shifts at 60 and 120 s in the right (+X) direction and 

superior (+Z) directions (N=160 (A); N=160 (B)). Median values are shown next to 
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the box-plots.  Both X and Z directions are shown with regional (A) and global (B) 

PVC.  Polar map examples are for 2 cm superior shift (+Z) of the PET data at 60 s 

(A) with CTAC-alignment correction, and 2 cm right shift (+X) of the PET data at 

120 s (B) with no motion correction. 

*p < 0.05 septal wall vs all others for X and posterior wall vs all others for Z (A). 

**p < 0.05 lateral vs anterior and apex for X (B). 
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Figure 3.3.3.6: Three-parameter interaction of motion direction, segment and PVC 

was highly significant (F = 20; p<0.001) by multivariate ANOVA.  Data are shown 

for late CTAC alignment (data with no motion correction and CTAC-alignment 

correction are combined), for shifts at 60 and 120 s in the left (-X) and inferior (-Z) 
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directions (N=160 (A); N=160 (B)). Median values are shown next to the box-plots.  

Both X and Z directions are shown with regional (A) and global (B) PVC.  Polar 

map examples are for 2 cm inferior shift (-Z) of the PET data at 60 s (A) with 

CTAC-alignment correction, and 2 cm left shift (-X) of the PET data at 120 s (B) 

with no motion correction. 

*p < 0.05 septal wall vs all others for X and posterior wall vs all others for Z (A). 
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Figure 3.3.3.7: Three-parameter interaction of motion direction, segment and PVC 

was highly significant (F = 20; p<0.001) by multivariate ANOVA.  Data are shown 

for early CTAC alignment (data with no motion correction and CTAC-alignment 

correction are combined), for shifts at 60 and 120 s in the left (-X) and inferior (-Z) 

directions (N=160 (A); N=160 (B)). Median values are shown next to the box-plots.  
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Both X and Z directions are shown with regional (A) and global (B) PVC.  Polar 

map examples are for 2 cm left shift (-X) of the PET data at 60 s (A) and (B) with no 

motion correction. 

*p < 0.05 septal/lateral walls vs all others for X and anterior/ septal walls vs all others for 

Z (A). 
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Figure 3.3.3.8: Three-parameter interaction of motion direction, segment and PVC 

was highly significant (F = 20; p<0.001) by multivariate ANOVA.  Data are shown 

for late CTAC alignment (data with no motion correction and CTAC-alignment 

correction are combined), for shifts at 60 and 120 s in the up (+Y) (A) and down (-Y) 
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(B) directions (N=160 (A); N=160 (B)). Median values are shown next to the box-

plots.  Both regional and global PVC are shown.  Polar map examples are for 2 cm 

up shift (+Y) of the PET data at 60 s (A) with no motion correction, and 2 cm down 

shift (-Y) of the PET data at 60 s (B) with CTAC-alignment correction. 

*p < 0.05, septal wall vs all others for regional PVC (A). 

**p < 0.05, septal wall vs all others for global PVC (A). 
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Figure 3.3.3.9: Three-parameter interaction of motion direction, segment and PVC 

was highly significant (F = 20; p<0.001) by multivariate ANOVA.  Data are shown 

for early CTAC alignment (data with no motion correction and CTAC-alignment 

correction are combined), for shifts at 60 and 120 s in the up (+Y) (A) and down (-Y) 

(B) directions (N=160 (A); N=160 (B)). Median values are shown next to the box-
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plots.  Both regional and global PVC are shown.  Polar map examples are for 2 cm 

up shift (+Y) of the PET data at 60 s (A) with no motion correction, and 2 cm down 

shift (-Y) of the PET data at 60 s (B) with CTAC-alignment correction. 

*p < 0.05, Anterior, septal and posterior wall were all significant vs posterior and lateral 

walls for regional PVC (A). 

**p < 0.05, apex vs posterior wall for regional PVC, and apex vs posterior and lateral 

walls for global PVC (B). 

 

3.4 Discussion 

 

To our knowledge this study is the most comprehensive investigation of the common 

effects of patient body motion on MBF measurement using dynamic 82Rb-PET imaging. 

This work confirmed that patient motion is highly prevalent in a clinical population of 

cardiac perfusion exams, as reported earlier in our preliminary study.[174]  In 38% of 

patients with moderate body motion, the observed average shift was 1 cm, but in severe 

cases it was as high as 1.8 cm – see Figure 3.3.1.1.  There was no significant difference in 

the prevalence of motion between rest and stress (data not shown). 

 This study confirms that greater MBF errors occur with larger magnitude patient 

motion (data not shown), with MBF errors exceeding true MBF values by up to a factor of 

five. Optimal CTAC alignment correction can result in larger MBF error, due to the fact 

that misaligned frames have higher activity without CTAC artifacts, and thus affect the 

kinetic modeling by biasing the misaligned frames more strongly.  However, optimal 

correction of dynamic PET alignment alone results in a dramatic reduction of median MBF 
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errors to 8-12 %, with the residual error resulting from CTAC misalignment in some time-

frames – see Figure 3.3.3.2. The main finding of this work, therefore, is that motion 

correction algorithms should prioritize correction of dynamic PET sequence over dynamic 

CTAC alignment correction. Nevertheless, the optimal long-term goal is to correct for 

motion effects in both the PET dynamic sequence and corresponding motion-free CTAC 

alignment. 

 Perfect motion-correction of the dynamic PET sequence may not be possible. In 

such cases, it is important to understand what other variables can be controlled to reduce 

MBF error. For instance, motion in the X direction (left/right) is more detrimental than 

motion in either the Y (anterior/posterior) or Z (superior/inferior) directions. Fortunately, 

the prevalence data (Figure 3.3.1.1) suggests that X motion is least common, accounting 

for only 24% of cases with motion, compared to 76% in Y or Z directions.  

 The simulation results also show that motion which occurs during the middle frame 

of the scan (60-120 s represent mid frame in a 15-frame scan) results in far greater MBF 

errors than motion which occurs at the beginning or near the end of the scan (Figure 

3.3.3.3).  However, the effect of motion near the end of the scan is worse than motion near 

the beginning; likely because the later time frames are used to define the ROIs for TAC 

sampling, resulting in more mispositioned time points, along with CTAC misalignment in 

majority of time frames. Furthermore, motion in late frames results in blurring of static 

myocardial perfusion images (MPI) and electrocardiogram (ECG)-gated images typically 

averaged over the last 6-8 minutes, which are used for clinical interpretation.[182] We 

speculate that the maximum MBF error occurs when the largest number of time frames are 
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misaligned with each other, which is consistent with our findings that mid-scan motion 

results in the largest MBF errors. 

In our prevalence study, almost all motion was detected in the late time frames 

(Figure 3.3.1.1); however motion within the first minute was difficult to assess. Late time 

frames consist of the majority of the exam time (i.e. 6 minutes of an 8-minute scan) and 

therefore have a greater likelihood of capturing a motion shift event. In addition, motion is 

easier to discern in late time frames when the heart uptake is nearly completed, and the 

spatial distribution is static compared to the early time frames. In the absence of effective 

motion correction techniques, MBF and MPI errors may be best mitigated by cropping 

PET acquisition data from the time of motion shift, so long as sufficient data remains to 

reconstruct diagnostic quality images. Our results suggest that early frame motion may be 

relatively well tolerated by MBF quantification algorithms, resulting in only small MBF 

errors. Furthermore, early time frame data is not used to reconstruct MPI or ECG-gated 

uptake images. 

 Similar errors are observed with early and late CTAC alignments.  The main 

difference between early and late CTAC alignment are that large errors occur when the 

CTAC is aligned in the early frames for right(+X) shifts, whereas if the CTAC is aligned 

in the late frames large errors are observed for left(-X) shifts (compare Figure 3.3.3.4 vs 

Figure 3.3.3.7).  Similar magnitude converse effects are observed for Y and Z shifts 

(compare Figure 3.3.3.4 vs Figure 3.3.3.7 and Figure 3.3.3.8 vs Figure 3.3.3.9).  

 Similar effects to superior/inferior (±Z) shifts are observed for anterior/posterior 

shifts (±Y) except largest errors in MBF come from the anterior (median = 24 %), septal 

(median = 84 %) and apex (median = 51 %) for anterior (-Y) shifts, and anterior (median 
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= 16 %), septal (median = 30 %) and apex (median = 22 %) for posterior (+Y) shifts when 

calculated using regional PVC.  For global PVC the median value for all segments for 

either anterior or posterior motion drops to 10 % on average (see Figure 3.3.3.4, Figure 

3.3.3.5, Figure 3.3.3.6, Figure 3.3.3.7, Figure 3.3.3.8 and Figure 3.3.3.9). 

 The highest over-estimation in MBF occurs with motion in the positive X-direction 

when CTAC is aligned with the late PET images, using either a regional or global partial-

volume correction – see Figure 3.3.3.1.  Therefore, if the direction of motion can be 

determined, CTAC alignment and PVC methods can be chosen to minimize the error in 

MBF. This is important for cases where only approximate corrections for motion can be 

made.  Larger errors in MBF were observed with the high-resolution simulations; these 

results may be more applicable to longer-lived tracers such as 13N-ammonia where higher 

spatial resolution imaging is possible (data not shown).  Recent developments in PET-MR 

and time-of-flight (TOF) PET may offer unique solutions to the problem of patient motion.  

For instance with MR, tagged myocardial imaging can be used to asses regional motion 

due to the distortions in the magnetization patterns.[183]  Alternatively with TOF PET, 

both the activity and attenuation images can be reconstructed simultaneously, thus 

eliminating CTAC-misalignment artifacts for static imaging.[184,185] Further work is 

needed to develop and evaluate the potential of these emerging methods for dynamic PET 

motion correction. 

 Limitations of this study are that these are noiseless simulations, only one direction 

of motion at a time was simulated, the same TAC based on 82Rb-PET kinetics was applied 

to the LV and RV blood, and there was no motion simulated within frames. In addition, 

only one numerical phantom was used with the same internal organ morphology for all 
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simulations, and the simulated motion was rigid and thus did not consider non-linear effects 

from patient motion sometimes present in clinical cases. 

 

3.5 Conclusion 

This study highlights the importance of dynamic PET motion correction, as well as the 

relative effects of motion parameters and corrections. Mild-to-moderate patient motion 

occurs in more than 60% of clinical scans, and can have highly detrimental effects on MBF 

calculations.  Motion correction of the reconstructed PET dynamic image sequence reduces 

MBF bias, but CTAC alignment errors should also be addressed to further reduce MBF 

error.  Motion correction algorithms should be developed with highest priority targeting of 

mid- and late-time-frame motion, high resolution imaging and motion in the X-direction, 

since these cases produce the largest errors in MBF estimation.  
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4    Chapter: Motion Correction for Cardiac PET Dynamic Imaging 

using Projection Consistency Conditions  

4.1 Introduction 

This chapter discusses “Motion Correction for Cardiac PET Dynamic Imaging using 

Projection Consistency Conditions”. This content has been submitted for publication in 

Medical Image Analysis and has been modified in the current document to improve 

readability. 

Ischemic heart disease including coronary artery disease (CAD) is the leading cause 

of death among people in the industrialized world.[186]  As mentioned in chapter 3.1, 

studies have shown that early diagnosis of CAD with stress PET perfusion imaging can be 

used to direct optimal therapy, improving patient morbidity and longevity.[187,188]  If 

dynamic images are acquired over time, then tracer kinetic modeling of the spatio-temporal 

distribution can be used to quantify blood flow to the myocardium in absolute units of 

mL/min/g.  Since tracer kinetic modeling assumes that the tracer activity vs time profiles 

have been measured with no patient motion, and as chapter 3.3 shows that patient motion 

is a common problem, causing detrimental effects in up to 40% of rubidium PET scans for 

the determination of MBF, motion correction is essential.[167]  Previous motion-

prevalence studies (see chapter 3.3) indicate that head-to-foot translations are the most 

common, while left-right translations are the most detrimental to accurate estimation of 

MBF. 

One of the most noticeable effects from patient motion is the CT attenuation 

correction (CTAC) artifacts in the reconstructed images caused by misalignment with the 

PET data.[44]  In typical clinical practice, a single CT scan is used for attenuation 
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correction of all dynamic PET time frames, and in clinical practice is aligned to the last 

frame of the dynamic sequence, used for myocardial perfusion imaging (MPI) of the 

relative uniformity of tracer uptake in the LV. Therefore, in addition to the inconsistent 

spatial sampling caused by patient motion, the corresponding dynamic PET frames will 

also have artifacts in the reconstructed images due to the inconsistency between the 

position of the PET versus the CT data used for attenuation correction.  

 Various motion detection and compensation methods were reviewed in chapter 

1.2, and include but are not limited to image-based motion correction, 4D CT imaging in 

conjunction with respiratory gating, aligning non-AC PET frames to frames with known 

alignment, edge detection algorithms have been reported, tracking using external 

radioactive and optical markers, and using MR imaging for motion 

tracking.[54,56,61,66,72,76,78,189–191]   

The Radon transform consistency conditions for PET-CTAC alignment have been 

reported by Alessio et al and Welch et al.[62,141]  As described in chapter 2.2.7, accurate 

attenuation corrected PET data should satisfy these consistency conditions, and deviations 

from these conditions can be caused by intra-frame motion, CT to PET misalignment, or 

other degrading factors.  This fact can be exploited to align the CT to the PET data thereby 

extracting the spatial information needed to align dynamic time frames to a common 

reference frame and thus perform motion correction.  However, to our knowledge, 

correction of patient body motion by exploiting the PET-CTAC projection data consistency 

conditions has not been reported. 

 The purpose of this study was to evaluate the efficacy of using the projection data 

consistency conditions for patient body motion correction. Due to the uncertainty of the 
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true alignment of PET frames in a typical clinical dynamic sequence, noise-added computer 

simulations were used to evaluate the performance of this algorithm. Computer simulations 

have the advantage that the ground-truth of anatomy and tracer distribution over time are 

known exactly. In addition, cardiac and respiratory motion can be perfectly removed so the 

ability to correct patient body motion can be characterized uniquely, and any errors can be 

absolutely known. 

 

4.2 Methods 

 

4.2.1 NCAT Dynamic Phantom  

Positron emission tomography (PET) images of radio-isotope activity and attenuation 

phantoms (for CT attenuation correction) were created in silico using the digital NURBS-

based Cardiac-Torso (NCAT) phantom – see chapter 2.6.1.[192,193]  Arms were 

positioned above the head and out of the field of view (FOV), to simulate normal clinical 

practice. Two phantoms of different physical sizes but with similar internal anatomy were 

generated by scaling to 20 and 35 cm transaxial (left-right) extent. Both phantoms had the 

same initial voxel size of 3.125 mm, and a final reconstructed PET image resolution of 12 

mm FWHM. 

Tracer time activity curve (TAC) values were assigned from a previous rubidium-

82 dosimetry study in humans [95] to simulate a dynamic PET image series following 

injection of 10 MBq/kg at rest as described in chapter 3.2. This previous study consisted 

of 10-minute PET dynamic scans in 30 patients with images reconstructed at the following 

time intervals: 9×10, 3×30, 1×60, 1×120, 1×240 = 600 s. Patient-averaged organ time-
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activity curves (TAC) were used to generate the dynamic NCAT phantom images. TAC 

curves (without isotope decay correction) were assigned to the following anatomical 

regions: liver, gall bladder, lungs, stomach wall, kidney, spleen, small intestine, large 

intestine, small intestine and myocardium. A single blood time-activity curve was assigned 

to the arteries, veins, and heart cavities.  To simulate the patient background organs 

distribution, a small amount of activity was assigned to the lymph nodes taken 10% of the 

thyroid TAC. In addition, a small amount of activity in the ribs, spine and bone cartilage 

was taken as 10 % of the red marrow. Finally, the remainder body activity (mainly fat) 

TAC was assigned as 30% of the measured breast activity.  

 

4.2.2 PET Noise Model 

The NCAT tracer distributions were smoothed using a Gaussian filter to simulate positron 

range and the intrinsic resolution of the PET scanner (GE Advance) so that the intrinsic 

resolution was 8.5 mm FWHM prior to image reconstruction. To simulate realistic PET 

scans, noise was added using the analytical simulator ASIM.[164,194]  The analytical 

simulator required a model of the count-rate statistics of the simulated scanner to determine 

the correct number of trues, random and scatter events corresponding to the activity within 

the scanned volume. Two NCAT data sets were produced with added noise that was 

consistent with the physical sizes of 20 and 35 cm to match the published count-rate 

measurements for the GE Advance as shown in Figure 4.2.2.1.[195]  The GE Advance 

count-rate data was measured using the NEMA NU-2 scatter phantom in 3D-mode with 

the septa removed.  
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ASIM uses the Klein-Nishina equation first to determine the mean estimated scatter 

using a uniform phantom, and then to calculate the added noise due to scatter using a 

pseudo-random Poisson distribution. The mean estimated scatter is used for scatter 

correction. A similar process is used to add and correct for random events. The result is a 

realistic noise-added sinogram, but without photon attenuation, scatter or randoms; which 

can be considered as fully-corrected for all physical effects including isotope decay, and 

ready for tomographic image reconstruction. Attenuation is not simulated with ASIM, 

therefore the noise-added sinograms were attenuated by division with an aligned 

attenuation sinogram derived by forward projection through the simulated CT image (see 

Figure 1). Since the attenuation correction sinogram is aligned to the last PET time-frame 

(as per clinical practice) any frames with motion are reconstructed with realistic CTAC 

artifacts, as observed in clinical practice.  
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Figure 4.2.2.1: PET noise model based on global count-rate characteristics [23] 

measured for 2 different phantom sizes: 20 cm (A), and 35 cm (B). 

 

Five noise realizations without any motion were simulated for each phantom size, 

as reference standard cases to which all other data are compared (Table 4.2.3.1). These 

same cases were also processed by the motion correction algorithm to determine the 

potential bias and precision in the absence of any body motion. 

 

4.2.3 Dynamic PET Body Motion  
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Patient body motion was simulated with instantaneous shifts in the x (left-right) and z 

(superior-inferior) directions, based on our previous findings that y-direction shifts are 

relatively rare [4].  In the time dimension, patient motion in the mid-to-late dynamic time 

frames was shown to be the most detrimental to blood flow quantification accuracy, 

therefore motion times were simulated at 90, 120, 150, 180, 240, and 360 seconds. Motion 

magnitudes of 0.25, 0.5, 1, 2, 3, and 6 voxels (representing shifts of 0.8, 1.6, 3.1, 6.3, 9.4 

and 18.8 mm) were simulated at each of the above times. A voxel size of 3.125 mm was 

chosen so that the trans-axial matrix size of 128 × 128 had a 40-cm field of view. For both 

phantom sizes, 5 separate noise realizations were simulated for each motion condition, for 

a total of 1,440 unique dynamic PET scans with 14 time frames each (20,160 volume 

images). 

Table 4.2.3.1:  

Motion Simulations. 

Motion  Parameter DOF Values 

No Motion (n=10) 

Reference Standard 

Phantom Size 2 20, 35 cm diameter 

Noise 5 Independent ASIM realizations  

Motion Added 

(n=1,440) 

Phantom Size 2 20, 35 cm diameter 

Noise 5 Independent ASIM realizations  

Direction 4 (left/right) x, (superior/inferior) z 

Time 6 90, 120, 150, 180, 240, 360 s 

Magnitude 6 

0.25, 0.5, 1, 2, 3, 6 voxels  

(0.8, 1.6, 3.1, 6.3, 9.4, 18.8 mm) 
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DOF = Degrees of Freedom 

 

Motion shifts were applied to the PET activity and CT images (used to create the 

CT attenuation factors) in image space prior to forward projection, resulting in shifted 

sinograms.  During PET image reconstruction, the CT attenuation correction factors (ACF) 

were correctly aligned with the PET data at the last time-frame, and were potentially 

misaligned at early times, due to patient motion that was simulated at the earlier scan-times. 

This protocol design was used because in clinical practice the CT is typically aligned 

(either manually or with some automated approach) with the PET perfusion image at late 

time-frames, and then used to correct for attenuation of the entire dynamic image sequence. 

Our proposed motion correction algorithm sought to shift the CT image to align with each 

PET dynamic frame, such that the derived attenuation map was consistent with the PET 

sinogram data prior to image reconstruction; thereby producing a PET image series with 

optimal emission and attenuation registration. Then the reconstructed PET data was shifted 

back into a common reference frame (last time-frame) to produce a motion-free dynamic 

series. 

 

4.2.4 Motion Correction 

Tracer kinetic modeling for MBF quantification requires dynamic PET imaging for 

determination of the time-activity curves in arterial blood and heart tissues, and thus 

assumes all dynamic time frames are spatially aligned and the images are artifact-free.   

The proposed motion detection algorithm exploits the fact that the tomographic 

projection data (sinograms), when fully corrected for all physical measurement effects 

including photon attenuation, must satisfy certain consistency conditions in order to be 
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considered fully valid for accurate tomographic image reconstruction. One such metric is 

Natter’s formulation of the Helgason-Ludwig consistency conditions on the 2D Radon 

transform. A computationally efficient form is shown below in Equations 4.2.4.1 and 

4.2.4.2 [62,141], and has previously been evaluated for late frame PET-CTAC alignment 

in cylindrical, simple anatomical and NCAT phantoms, and limited patient studies, 

 

𝚽𝐦,𝐤(𝐳) = ∫ ∫ 𝐬𝐦𝐞𝐢𝐤𝛉𝐞𝐀(𝐬, 𝛉,𝐳)𝐄(𝐬, 𝛉, 𝐳)𝐝𝐬𝐝𝛉
∞

−∞

𝟐𝛑

𝟎
  ( 4.2.4.1 ) 

 

�̂� = ∑ ∑ ∑ 𝚽𝐦,𝐤(𝐳)𝐤={𝐂𝐦}
𝟏
𝐦=𝟎𝐳    ( 4.2.4.2 ) 

 

where: Cm = {1, 3, …, 9} for m = 0, and Cm = {0, 2, …, 8} for m = 1, z is the transaxial 

slice number, E(𝑠, θ, z) is the measured (or simulated) PET emission projection sinogram 

in slice z without attenuation correction, A(𝑠, θ, z) are the corresponding attenuation 

projections (i.e. fractional units of linear attenuation coefficient (μ) × distance), k are the 

Fourier sampling components, m are the transform moments (0 and 1 for rigid body 

motion). In theory, perfectly aligned PET and CTAC images should yield a value Φ̂ = 0, 

in the ideal case with no noise and if k > m or when k + m is odd as shown by Alessio et 

al.[62]  Here Equation 1 is evaluated for each slice independently then summed over all 

slices as shown in Equation 2.  

Motion correction was achieved by minimization of Φ (Eq.2), through 

transformation of spatially misaligned into aligned attenuation factors, i.e. A(𝑠, θ, z) → 

A(𝑠’, θ’, z’) as illustrated in Figure 4.2.4.1. The attenuation correction factors (ACF 

= eA(s,θ,z)) are calculated, and multiplied by the uncorrected (attenuated) emission data. 
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The consistency condition is calculated for each trans-axial plane Φm,k(z) and then 

summed over all planes and m,k indices. Only projection samples with valid (complete) 

PET and ACF data are used to calculate consistency. Minimization of Φ̂ was achieved 

using Powell’s method of unconstrained optimization.   

The proposed algorithm for generating motion-corrected and uncorrected PET data 

is illustrated in Figure 4.2.4.1. It should be noted that the last time frame of the dynamic 

sequence was always correctly aligned with the CT, reflecting the clinical practice of 

careful CTAC alignment with the late dynamic frame(s) for standard MPI.  Clinically, often 

static perfusion images are used for CTAC alignment, here we assume only the last frame 

was aligned properly. Simulations started with a noise-free PET image I(x, y, z), and an 

aligned CT(x, y, z). Rigid spatial shifts were introduced to the PET image using bi-cubic 

interpolation, transforming: x → x + ∆x = x′ , y → y + ∆y = y′ and z → z + ∆z = z′; or 

I(x, y, z) → I(x′, y′, z′). The shifted PET image was then used as input into ASIM to create 

noise-added sinograms as shown in Figure 4.2.2.1. To simulate a clinical acquisition, the 

noise-added sinogram must also be attenuated to produce a realistic emission sinogram 

E(s′, θ′, z′).  This is achieved by dividing by the attenuation correction factors (ACF), as 

computed from a CT aligned with the shifted PET data. The unshifted CT was then 

transformed (forward-projected) into an ACF dataset A(s, θ, z), properly aligned with the 

last frame.  Therefore, this reference ACF was misaligned with any PET frames that 

contain patient motion.   

The minimization of Φ̂  produces a new aligned ACF A(ŝ′, θ̂′, ẑ′) with estimates of 

the shifted parameters ŝ′, θ̂′ and ẑ′.  When A(ŝ′, θ̂′, ẑ′) is used for attenuation correction it 

should produce the attenuation-corrected sinogram P(ŝ′, θ̂′, ẑ′), which has been realigned 
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according to the best estimate of the detected patient motion. If the original misaligned 

A(s, θ, z) was used for attenuation correction it would produce a corrected sinogram 

P(s′, θ′, z′) which has spatially shifted information without an aligned ACF. After 

reconstruction Î(x′, y′, z′) would have clear motion artifacts due to inconsistent AC. In 

addition, it would be spatially shifted relative to the last frame of the dynamic sequence. 

Conversely, the CT-aligned PET image Î(x̂′, ŷ′, ẑ′) should ideally have no discernible 

attenuation artifacts, but would still be spatially shifted from the reference PET frame. 

Therefore, the final step after reconstruction is to transform the motion-corrected PET 

frame by the negative value of the estimated shift distance, i.e. we transform: x̂′ → x̂′ −

∆x̂ = x̂ , ŷ′ → ŷ′ − ∆ŷ = ŷ and ẑ′ → ẑ′ − ∆ẑ = ẑ; or I(x̂′, ŷ′, ẑ′) → I(x̂, ŷ, ẑ).  

To summarize, the CT-derived ACF projections are aligned to the motion-shifted 

PET data frame, then the attenuation corrected PET data are reconstructed into images 

that are shifted back to the reference ACF frame. Reconstruction was accomplished using 

STIR and the ordered subsets maximum a posteriori one-step-late (OS-MAP-OSL) 

iterative algorithm. 

 The consistency metric corrects each frame independently of all other frames and 

all frames are aligned to a common CT.  This gives the consistency metric an advantage 

over any frame-to-frame comparison methods such as with a post-reconstruction image-

based method.  In addition, post-reconstruction image-based motion correction methods 

often have errors due to CTAC misalignment, whereas the consistency metric aligns the 

CT to each frame independently. 
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Figure 4.2.4.1: Motion-correction algorithm illustrated for the simulated NCAT 

torso phantom (35 cm phantom) with attenuation misalignment artifact 

(Misaligned) and without attenuation artifact (Realigned) by minimizing Φ, to 

maximize consistency in the attenuation-corrected projection sinograms. Noise is 

added with ASIM, attenuation is added using an aligned CT and dividing by the 

attenuation factors. Images in the shaded region represent non-motion-corrected 

processing and are shown for information only are not necessary for 

implementation of the method. 
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4.2.5 ROC Analysis of Motion Correction 

Receiver operator characteristic (ROC) analysis was performed to determine the threshold 

of motion below which motion may not be reliably detected. Since the algorithm is unlikely 

to produce zero-value motion estimates, some detected shifts will represent small errors 

due to noise only, and should be ignored for optimal results. The ROC confusion matrix 

which defines a true positive, true negative, false positive and false negative is given in 

Table 4.2.5.1. Using the results from the ROC analysis a threshold value of estimated 

motion was determined, below which motion correction was not performed. The optimal 

threshold value was selected as the point on the ROC curve where equal weight is given to 

sensitivity and specificity by use of Youden’s index.[196,197] 

Table 4.2.5.1:  

ROC Confusion Matrix  

  If measured motion is > threshold If measured motion is > threshold 

  Motion is detected No motion is detected 

Motion was present True positive False Positive 

No motion was present False Negative True negative 

 

The motion corrections estimated by the consistency algorithm were compared to the 

known (simulated) shifted values. Bias was defined as the mean difference between the 

estimated and simulated shift parameters (i.e. Δx ± Δx̂ , Δy ± Δŷ and Δz ± Δẑ). 
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Table 4.2.5.2:  

Characterization of Motion Parameters. 

  Dynamic 

scans 

(Table 1) 

Motion Frames 

(dynamic scans  

×13 frames/scan) 

Motion shifts for 

ROC analysis 

(motion frames  

×3 directions) * 

MBF Segments 

(dynamic scans  

×5 segments/scan  

×2 PVC methods) 

No-motion 

standard 

10     100 

No-motion 

corrected 

10   100 

Simulated 

motion 

1,440     14,400 

Motion-

corrected 

1,440 18,720 56,160 14,400 

*Note: While motion-shifts in the y-direction were not simulated, motion-correction was 

applied in the y-direction, with the expected value of 0 for all frames. 

 

4.2.6 Myocardial Blood Flow Analysis 

 

MBF values estimated from the motion-corrected dynamic PET scans (N=1,440) 

were compared to the reference standard case without motion. The reference standard cases 

(N=10) were simulated by using the properly aligned CT for PET attenuation correction 

and not inserting any motion nor motion correction. 
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The automated software program FlowQuant (Ottawa, ON) was used for MBF 

analysis as illustrated in Figure 4.2.6.1.[176]  Tracer uptake images (2-10 min activity) 

were used for identification of the heart wall (myocardium) and three blood pool regions 

in the LV cavity (C), base (B), and left atrium (A). The blood input function used for tracer 

kinetic modeling was derived from the median of the three blood pool regions. The 

parameters of a 1-tissue-compartment kinetic model with globally-derived average 

distribution volume were estimated from the blood (input) and myocardial (output) TAC 

functions. From the uptake rate parameter (K1), values of MBF [mL/minute/g] were 

estimated using regional (Flow) and global (FlowRC) partial-volume recovery corrections 

(PVC) respectively.  LV blood flow polar-maps were divided into the following 5 segments 

anterior, posterior, septal, lateral, and apex.  Reported values are the average flow value 

within each segment.   

The average flow values in each segment of the no-motion reference standards were 

averaged over the 5 noise realizations.  The segmental motion-corrected MBF results 

(N=1,440) were then compared to the no-motion reference standard values (with perfectly 

aligned CT).  Segmental errors in MBF (bias) were calculated as the percent difference 

between the motion-corrected or uncorrected cases relative to the average no-motion 

reference standard values. 
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Figure 4.2.6.1: Initial identification of the heart wall is shown in (A).  Short axis slices 

of the heart wall are shown in (B).  The blood pool regions used as the input function 

for blood flow are shown in (C).  The resultant countours of the left ventrical are 

shown in (D). FlowQuant Analysis of myocardial blood flow (MBF) using regional 

(Flow) and global (FlowRC) partial volume corrections are shown in (E) as polar 

maps. The time activity curves are shown in (F). 
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4.3 Results 

4.3.1 Motion Detection Results 

Figure 4.3.1.1 shows the accuracy and precision of the proposed projection-based 

correction for all 18,720 simulated motion frames.  The motion estimation was highly 

accurate on average, with standard deviation (precision) for all data points on the order of 

1 to 2 mm (N = 630 per simulated shift value) which is less than 1 voxel (3.125 mm).  For 

the larger 35 cm phantom, there was a small positive bias of 2.6 mm in the measured values 

for all simulated shifts.  Comparisons between 20 cm and 35 cm were highly significant 

for all data points (t-distribution showed that in all cases P < 0.01). 

 

Figure 4.3.1.1: Estimated (measured) versus simulated motion values (mean ± 

standard deviation) for the 20 cm (red) and 35 cm (green) phantom noise models.  

Dashed lines are lines of best fit. The blue solid line corresponds to perfect 

agreement (measured = simulated). 



 163 

The bias in the measured motion values according to dynamic frame number is 

shown in Figure 4.3.1.2.  Larger deviations occurred with the larger 35 cm diameter 

phantom, primarily due to the lower count-rates and higher image noise of the larger 

phantom, particularly in the mid-to-late time frames. Median absolute bias values were all 

<1 mm for the 20-cm phantom, and <2.5 mm for the 35 cm phantom, but some outliers 

approached deviations as high as 15 mm.  Frame 15 is not shown, since it was the reference 

standard for proper alignment with the CT for attenuation correction, as used in clinical 

practice. In addition, frame 1 typically had too few counts to support a proper alignment 

with the CT and therefore was omitted from the analysis. 

 

 

Figure 4.3.1.2: Bias in estimated motion values for all dynamic frames using the 20 

cm (A) and 35 cm (B) phantom noise models. 

 Figure 4.3.1.3 shows the results from the ROC analysis of 1,440 simulated 

dynamic PET scans (×13 time-frames ×3 directions = 56,160 values), including n=15,120 

values with motion and 41,040 without motion (depending on the time of simulated motion 
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frames in Table 1), used to evaluate sensitivity and specificity respectively.  This analysis 

demonstrated the algorithm’s ability to correctly identify cases with actual motion and 

cases without any motion. The 20 cm phantom the optimum cutoff point was measured at 

a threshold (t) of 0.83 voxels (2.6 mm).  For the 35 cm it was 1.09 voxels (3.4 mm), and 

for the combined data it was 0.91 voxels (2.8 mm).  The measured area under the curve 

(AUC) for the 20 cm, 35 cm and combined data was 0.86, 0.82 and 0.80.  

 

Figure 4.3.1.3: ROC curve showing the true-positive rate (TPR) and false-positive 

rate (FPR) for different values of estimated vs. simulated motion, using all 56,160 

motion values.  Thresholds are also shown, as well as the Youden’s indexes (lines 

that connect the linear line to the ROC curve). 

 

Table 4.3.1.1 shows the bias values (ideally zero) for both phantom noise models, 

with detected motion values less than a threshold of 2.8 mm (from the ROC analysis) set 

to zero. The standard deviation and bias tend to increase from the 20 to 35 cm phantom 
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models. Comparisons between 20 cm and 35 cm using were highly significant for all data 

points (t-distribution showed that in all cases P < 0.001). 

Table 4.3.1.1:  

Absolute bias in estimated motion, excluding sub-threshold values. 

Simulated Number of 

image frames 

20 cm 35 cm 

motion [mm] Bias[mm] ± SD Bias[mm] ± SD 

-18.8 630 0.77 0.76 3.05 1.91 

-9.4 630 0.81 0.84 2.79 1.78 

-6.3 630 0.81 0.83 2.70 1.83 

-3.1 630 0.74 0.76 2.77 1.91 

-1.6 630 0.74 0.77 2.65 1.77 

-0.8 630 0.79 0.84 2.71 1.76 

0.0 (no motion) 20,520 1.02 0.88 1.98 1.66 

0.8 630 0.74 0.79 2.64 1.84 

1.6 630 0.74 0.76 2.60 1.79 

3.1 630 0.74 0.82 2.61 1.85 

6.3 630 0.75 0.85 2.53 1.83 

9.4 630 0.76 0.83 2.56 2.00 

18.8 630 0.71 0.75 2.55 2.09 

Non-Zero Total 7,560 

    
 

 

Table 4.3.1.2 shows the MBF mean and standard deviation (SD) values in the 5 

segments of the LV myocardium, for the noise-free and noise-added reference standard 

cases (perfectly aligned to the CT) using both phantom models and partial-volume 
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correction methods. Any differences in these values are the result of noise alone since none 

of these cases contained any simulated motion.  Ideally the delta values (and SD values) 

should be zero; however, there are fluctuations in the determination of blood flow values 

due to noise. Larger segmental differences were observed for the larger phantom noise 

model. 
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Table 4.3.1.2: Segmental MBF values (mL/min/g) for the no-motion reference 

standard cases (n = 5 noise realizations) compared to ‘ideal’ noise-free simulations. 

 
Regional Partial-volume Correction 

 
20 cm 35 cm 

 
Noise- 

free 

Noise-

added 

±SD Delta Noise- 

free 

Noise-

added 

±SD Delta 

Anterior 0.344 0.369 0.026 7.3% 0.436 0.522 0.016 19.7% 

Septal 0.483 0.430 0.024 -

11.0% 

0.479 0.530 0.041 10.6% 

Posterior 0.382 0.398 0.015 4.2% 0.427 0.475 0.016 11.2% 

Lateral 0.378 0.388 0.013 2.6% 0.441 0.501 0.016 13.6% 

Apex 0.418 0.404 0.012 -3.3% 0.465 0.496 0.018 6.7% 

Average 0.401 0.398 0.018 -0.8% 0.450 0.505 0.021 12.3% 

         

 
Global Partial-volume Correction 

 
20 cm 35 cm 

 
Noise- 

free 

Noise-

added 

±SD Delta Noise- 

free 

Noise-

added 

±SD Delta 

Anterior 0.305 0.343 0.027 12.2% 0.387 0.485 0.014 25.3% 

Septal 0.287 0.272 0.013 -5.3% 0.377 0.377 0.019 0.0% 

Posterior 0.396 0.430 0.024 8.6% 0.410 0.494 0.007 20.4% 

Lateral 0.435 0.458 0.025 5.3% 0.441 0.535 0.023 21.2% 

Apex 0.417 0.440 0.032 5.5% 0.479 0.538 0.024 12.4% 

Average 0.368 0.388 0.024 5.5% 0.419 0.486 0.018 16.0% 

  SD = standard deviation; Delta = (Noise-added – Noise-free) ÷ Noise-free 
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4.3.2 MBF Analysis Results 

The magnitude of simulated motion tended to increase segmental errors in 

estimated MBF as illustrated in Figure 4.3.2.1. Median errors tended to be higher with the 

35-cm phantom model, except for the 18.8 mm motion magnitude, which resulted in the 

highest errors with the 20 cm phantom model. Small deviations <3.1 mm (or <1 voxel) still 

resulted in median MBF errors on the order of 5-7 % for the 20 cm phantom model.  

Variability (SD) values were significantly different for all segments of the 35 cm phantom 

except the septal wall using global PVC (Table 4.3.1.2).  In addition, significant 

differences were observed for the septal wall of the 20 cm phantom calculated with regional 

PVC and the anterior / posterior walls when calculated with global PVC. 

 

Figure 4.3.2.1: Absolute MBF error for 20 and 35 cm phantom sizes, before motion 

correction. 
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Figure 4.3.2.2 shows the polar maps of left ventricular MBF for four individual 

simulations.  In (A) a right shift (shift of the heart wall into lung region) resulted in a global 

positive bias in MBF.  Motion correction of the 2 cm right shift in (B) resulted in flow 

values much closer to the reference standard.  Motion correction of a case without motion 

in (D) had a minimal effect on the flow values.  

 

Figure 4.3.2.2: MBF (mL/min/g) polar-maps from FlowQuant analysis for the 35 cm 

phantom.  The top row (A) shows an uncorrected case using 2 cm motion at 120 s. 

After motion-correction by the projection-based method artifacts are greatly 
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reduced as shown in (B), as compared to the reference standard case with no motion 

shown in (C).   Motion correction of the reference standard case is also shown in (D). 

 

Projection-based motion correction resulted in dramatic reductions in MBF error 

using both regional and global PVC, as shown in Figure 4.3.2.3. There was a significant 

reduction in the median error in MBF values from 30-40% down to 6-20% and a 

dramatically reduced variance.  Small residual errors in MBF quantification were still 

observed due to residual bias in the motion correction, resulting in imperfect inter-frame 

alignment. However, CT alignment attenuation artifacts were greatly reduced and could 

not be visually observed in any of the motion-corrected images.  

  

 

Figure 4.3.2.3: Motion-corrected vs. uncorrected absolute errors in segmental MBF 

values (N = 3,600 per group).  Errors up to 4000 % occur for uncorrected data for 

the 35 cm phantom – those extreme outliers are not shown. 
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4.4 Discussion 

This study has demonstrated for the first time that projection sinogram consistency 

conditions can be used effectively for motion correction of cardiac PET dynamic scans, to 

improve the estimation of myocardial blood flow. 

4.4.1 ASIM PET Noise Model 

The use of analytic vs. Monte Carlo methods allowed simulation of a large number 

of independent PET scans (1,440 with >20,000 dynamic frames) with realistic noise-

modeling. The total number of simulated events (true (T), random (R) and scatter (S)) and 

the noise equivalent count rate (NEC) was different, as expected between the two phantom 

sizes as shown in Figure 4.4.1.1 and Figure 4.4.1.2.  For the 35 cm phantom (similar to a 

70 kg patient) the random and scatter events were generally higher in all frames than the 

smaller phantom due to higher simulated ‘injected activity’ and body size, leading to 

noisier images and larger errors in the estimated motion using the consistency metric.  The 

simulated true count-rates were also similar to those observed in clinical practice using a 

current 3D PET system (GE Discovery 690), as observed in a Rb-82 scan on a 90 kg patient 

(Figure 4.4.1.3), however the randoms rate is higher.  The reason for this is likely due to 

the fact that the 35 cm phantom simulation is similar to a 70 kg patient with optimal body 

mass index (BMI), whereas the 90 kg patient is obese.  Since activity is injected at 10 

MBq/kg we expect a higher injected activity in the 90 kg patient than the 35 cm phantom, 

and thus a much higher randoms rate. 
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Figure 4.4.1.1: Simulated count rates by frame for the 20 cm phantom. 

 

Figure 4.4.1.2: Simulated count-rates by frame for the 35 cm phantom. 
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Figure 4.4.1.3: Measured count-rates by frame for a 90 kg patient. 

 

4.4.2 Motion Estimation 

There was a clear positive bias and a decrease in precision in the estimated motion 

values for the 35 cm phantom vs the 20 cm phantom as seen in Figure 4.3.1.1.  This was 

likely due to the consistency metric losing performance as noise increases.  The largest 

motion estimation errors occurred in the mid- to late-time frames, which was beyond the 

peak of the blood curve (frames 5 or 6, i.e. 50-60 s from the scan start time) and errors 

remained high for all subsequent frames (Figure 4.3.1.2).   

Using ROC analysis it was determined that a threshold value of 2.8 mm provided 

an optimum balance between sensitivity and specificity for the consistency metric; 

therefore, corrected values below this threshold might be ignored to improve performance 

– see Figure 4.3.1.3.  The mean measured motion correction magnitude values are shown 

in Table 4.3.1.1.   The bias for the 20 cm cases was significantly lower (P < 0.01) than the 
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35 cm cases, and the precision for the 20 cm cases was higher than the 35 cm cases.  This 

reflects the earlier finding that performance of the consistency metric for motion correction 

appears to be count-rate dependent; and that lower errors are observed for scans with higher 

count densities. 

For both phantoms, comparisons of regional to global PVC from the reference 

standard (ideal) noiseless case to the noise-added case showed an increase in all segmental 

MBF bias values, except for the septal wall where the mean MBF segment values decreased 

– see Table 4.3.1.2.  Deviations in the mean MBF segment values from the noiseless cases 

were larger for the 35 cm phantom than the 20 cm phantom, indicating greater variability 

due to noise.  Deviations of MBF of the segments up to 20 % were observed for the no-

motion reference standard scans. Since the location of the heart wall for these cases is 

known exactly and there is no motion, these errors are caused by the combination of 

simulation geometry, tracer kinetic modeling and noise effects.  This is a confirmation of 

earlier work by Moody et al, which showed similar variations using a combination of 

clinical and Monte Carlo simulations.[198]  Therefore, shifts < 1.6 mm which cause errors 

up to 20 % (see Figure 4.3.2.1) could be due to noise. 

4.4.3 Motion Effects on MBF 

For uncorrected data, the median MBF error for the 20 cm phantom was in the 

range of 5-7% for shifts ≤3.1 mm (Figure 4.3.2.1).  Maximum errors as high as 150 % 

were observed for shifts of 6.3 mm.  Higher errors were observed for the 35 cm phantom 

in general, but the 20 cm phantom had higher maximum errors for the largest motion shifts 

of 18.8 mm.  This was likely due to the count-rate dependence on the precision of MBF 

estimation.  
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4.4.4 Motion Correction 

Motion correction improved the median MBF error by a factor of 6 for both 

regional and global partial volume corrections for the high count-rate small phantom (20 

cm).   In addition, the maximum % MBF percent errors dropped by factors of 29 and 16 

for regional and global partial volume correction respectively – see Figure 4.3.2.3. For the 

lower count-rate large phantom (35 cm) the median % MBF error improved by factors of 

2.2 and 1.3 for regional and global partial-volume corrections respectively.  Additionally, 

the maximum % MBF errors dropped by a factor of 27 for both regional and global partial 

volume corrections – see Figure 4.3.2.3.  Largest % MBF errors occurred with the 20 cm 

phantom. This was likely caused by the fact that CTAC artifacts were more severe, since 

motion for smaller patients causes larger relative displacements from the attenuation map.  

This in turn had detrimental effects on the identification of the heart wall and the kinetic 

modeling, and ultimately the determination of MBF. 

The larger drop in % MBF error for the 20 cm phantom is likely due the higher 

count rate statistics thus the estimation of motion is more accurately determined.  This is a 

further indication that the utility of the consistency metric is dependent on the count rate 

statistics of the measurement.  Previous work with a simple ellipsoid phantom using 

Poisson noise modeling showed no bias in the estimated parameters, but only a decrease in 

precision.[141]   

 

4.5 Study Limitations 

Limitations of this study are that only orthogonal motions were simulated, single 

motion events were simulated, the same TAC was applied to the LV and RV blood, only 
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normal blood flow was simulated, and effects from intra-frame motion (motion within a 

frame) was not considered. In addition, only two numerical phantoms were used, both had 

the same internal organ morphology although they were physically scaled differently and 

had appropriate clinically-relevant noise levels.  Also, the simulated motion was rigid and 

thus did not consider non-linear effects from patient motion or rotations sometimes present 

in clinical cases.  In addition, this study uses a noise model from an older PET scanner the 

GE Advance, results may be different for a more modern scanner.  Considering motion 

correction performance degrades in frames with lower counts, potential improvements to 

this approach could include intra-frame or inter-frame noise reduction strategies (filtering, 

down-sampling, etc.).  These improvements were beyond the scope of this work.  

 

4.6 Conclusion 

Motion correction using the projection consistency metric is a promising method 

for both early- (blood pool) and late-frame (tissue uptake) motion correction.  Performance 

is dependent mainly on the count-rate statistics of the scan, and on the magnitude of motion.  

Further study is warranted to establish definitive clinical benefits with respect to other 

motion correction methods. 
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5    Chapter: Summary and Future work 

The results from chapter 3.3 clearly demonstrate the necessity for patient body motion 

correction.  In noiseless simulations, MBF errors can approach 500 %, noisy simulations 

had similar results for the phantom with the same physical size, whereas the smaller 

phantom had double the maximum MBF errors (1000 %).  Motion is also a common 

problem, with severe motion (> 7 mm) occurring in 38 % of clinical scans.  Left 

uncorrected, errors of this magnitude would likely lead to a misdiagnosis in a significant 

number of clinical cases.  The noiseless study involved 5,760 data points with motion in 6 

directions (± x, y and z), 2 magnitudes (9.4 and 18.8 mm), 4 shift times (36, 60, 120 and 

240 s), 2 spatial resolutions (2 and 10 mm FWHM), as well as several other parameters 

(see Table 3.2.2.1 for more details).  Motion in the axial direction was the most common 

making up 45 % of all motion cases, and was predominantly in the superior (+Z) direction 

(30 %) with 15% in the inferior (−Z) direction.  Anterior/posterior motion (Y) was almost 

entirely posterior (29%), whereas motion in the X direction had a similar proportion in the 

left (+X) and right (−X) directions and accounted for 24% of prevalence cases.  Cases 

where the patient shifted to the right were the most detrimental to MBF, likely due to the 

severe CTAC artifacts in the myocardium, and that consistent identification of the 

myocardium and blood pool regions is critical for kinetic modelling.  Even if CTAC 

artifacts are left uncorrected, perfect correction of motion for noiseless data resulted in a 

drop of MBF error from a maximum of 500 % to 50 % (10-fold improvement).  Therefore, 

if possible, movement in the positive x direction should be restricted as much as possible, 

or corrected more stringently. 
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The results from chapter 4.3 demonstrate the efficacy of motion correction using 

projection consistency conditions.  Using realistic simulations, maximum MBF errors 

reached 1000 % for the physically smaller phantom (20 cm).  The larger phantom (35 cm) 

was the same size as the noiseless phantom and thus had similar MBF errors.  The noiseless 

study incorporated 56,160 data points over 6 directions (± x, y and z), 6 magnitudes (0.8, 

1.6, 3.1, 6.3, 9.4 and 18.8 mm), 6 shift times (90, 120, 150, 180, 240 and 360 s), 2 phantom 

sizes (20 and 35 cm), 5 noise realizations, as well as several other parameters (see Table 

4.2.3.1 for more details).  The consistency metric can yield different values due to noise 

bias for the different realizations.  For the 20 cm phantom the bias was 1 mm, whereas for 

the 35 cm phantom it was more than double at 2.5 mm.  This was likely due to the 

dependence of the consistency metric on the count rate statistics.  As such, the 20 cm 

phantom benefited more from motion correction with the maximum error dropping from 

1000 % to 20 %, and the 35 cm phantom maximum MBF error dropped from 600 % to 80 

%.  The no-motion reference standard cases showed deviations from the known (noiseless) 

value on the order of 3-10 % and 10-20 % for the 20 and 35 cm phantoms respectively.  

For the small magnitude cases (<1.6 mm) there was little effect on MBF error above the 

noise effects. This was true for both the 20 and 35 cm phantoms.  Since the threshold value 

determined by the ROC analysis was 0.91 mm, the algorithm should be accurate enough 

to correct for all cases where the motion was above 0.91 mm.  The consistency metric had 

the same accuracy for all 6 motion directions, however for the 35 cm phantom there was a 

clear positive bias for all motion magnitudes.  This is another confirmation that the 

accuracy of the consistency conditions seems to rely on the count rate statistics of the PET 

acquisition. 
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Future research is warranted to characterize the algorithm’s apparent ability to 

correct for patient motion at all time-frames, including in the early frames where even 

visual assessment is problematic.  The effects of intra-frame motion were not studied, and 

prior to clinical use should be characterized.  A phantom study may be warranted in this 

case due to the difficulty of determining how much intra-frame motion has occurred in 

clinical cases, where there is no gold-standard reference.  Physical (capable of motion) or 

digital phantoms could be used for this purpose. The prevalence of rotational motion could 

also be studied, since there are indications that this results in severe artifacts as per McCord 

et al.[44]  This could be done by combining external tracking with visual assessment in 

small patients, where the true count rates are higher.  External tracking could be used to 

flag cases of interest where rotation is suspected.  Rotation could be visually assessed on 

high count rate images by observing the frame-to-frame positions of the liver, heart wall 

and spleen.  These evaluated cases could then be corrected using the consistency metric to 

evaluate its ability to correct rotational motion.  In addition, the effect of rotational motion 

on MBF could be assessed using digital phantoms, with the severity of rotational motion 

informed by the prevalence data.  Ultimately studies in a clinical population should be 

conducted.  External tracking should be used to select patients without suspected motion, 

to be used as negative controls.  For such cases, known motion could be artificially 

introduced and corrected using the consistency metric method, and/or evaluated on the no-

motion cases.  Since patient motion is known (or not present), any deviations from the 

known position will be errors generated by imperfect estimation of motion by the 

consistency metric. 
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Future patient motion-correction studies should demonstrate clinically that the bias 

and precision effects on MBF estimation are minimized relative to other sources of 

variability such as the physiological day-to-day changes in MBF or the test-retest 

measurement variability. 
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Appendices 

Appendix A   

Table A- 1: Analysis of variance (ANOVA) for computer simulation parameters – Part 1 

Source Sum Sq. d.f. Mean Sq. F Prob>F Paper Fig. 

Correction(None/CTAC/PET) 439570 2 219785 192 <0.001   

CTAC(Early/Late) 21194 1 21194 19 <0.001  

PVC(Global/Regional) 81783 1 81783 71 <0.001   

Resolution(High/Low) 65251 1 65251 57 <0.001  

Direction(X/Y/Z) 438551 2 219276 192 <0.001   

Magnitude(1/2 cm) 673005 1 673005 588 <0.001  

Sign(+/-) 9055 1 9055 7.9 0.0049   

Time(30/60/120/240) 612524 3 204175 178 <0.001  

Segment(ant/pos/sep/lat/apex) 29377 4 7344 6.4 <0.001   

Motion Correction(None/CTAC/PET)*CTAC(Early/Late) 21148 2 10574 9.2 0.0001   

Motion Correction(None/CTAC/PET)*PVC(Global/Regional) 38738 2 19369 17 <0.001   

Motion Correction(None/CTAC/PET)*Resolution(High/Low) 75104 2 37552 33 <0.001  

Motion Correction(None/CTAC/PET)*Direction(X/Y/Z) 256016 4 64004 56 <0.001 Fig 7 

Motion Correction(None/CTAC/PET)*Magnitude(1/2 cm) 201667 2 100833 88 <0.001  

Motion Correction(None/CTAC/PET)*Sign(+/-) 2003 2 1001 0.88 0.42   

Motion Correction(None/CTAC/PET)*Time(30/60/120/240) 287637 6 47940 42 <0.001  

Motion Correction(None/CTAC/PET)*Segment(ant/pos/sep/lat/apex) 21233 8 2654 2.3 0.018   

CTAC(Early/Late)*PVC(Global/Regional) 415 1 415 0.36 0.55  

CTAC(Early/Late)*Resolution(High/Low) 35 1 35 0.03 0.86   
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Table A- 2: Analysis of variance (ANOVA) for computer simulation parameters – Part 2 

Source Sum Sq. d.f. Mean Sq. F Prob>F Paper Fig. 

CTAC(Early/Late)*Direction(X/Y/Z) 4391 2 2195 1.9 0.15  

CTAC(Early/Late)*Magnitude(1/2 cm) 2551 1 2551 2.2 0.14   

CTAC(Early/Late)*Sign(+/-) 153878 1 153878 134 <0.001 Fig. 6 

CTAC(Early/Late)*Time(30/60/120/240) 3930 3 1310 1.1 0.33   

CTAC(Early/Late)*Segment(ant/pos/sep/lat/apex) 12150 4 3037 2.7 0.031  

PVC(Global/Regional)*Resolution(High/Low) 2957 1 2957 2.6 0.11   

PVC(Global/Regional)*Direction(X/Y/Z) 43053 2 21526 19 <0.001 Fig. 9 

PVC(Global/Regional)*Magnitude(1/2 cm) 9412 1 9412 8.2 0.0041   

PVC(Global/Regional)*Sign(+/-) 2 1 2 0 0.97  

PVC(Global/Regional)*Time(30/60/120/240) 41480 3 13827 12 <0.001   

PVC(Global/Regional)*Segment(ant/pos/sep/lat/apex) 36190 4 9047 7.9 <0.001  

Resolution(High/Low)*Direction(X/Y/Z) 102726 2 51363 45 <0.001   

Resolution(High/Low)*Magnitude(1/2 cm) 97997 1 97997 86 <0.001  

Resolution(High/Low)*Sign(+/-) 6495 1 6495 5.7 0.017   

Resolution(High/Low)*Time(30/60/120/240) 69048 3 23016 20 <0.001  

Resolution(High/Low)*Segment(ant/pos/sep/lat/apex) 7004 4 1751 1.5 0.19   

Direction(X/Y/Z)*Magnitude(1/2 cm) 279428 2 139714 122 <0.001  

Direction(X/Y/Z)*Sign(+/-) 6164 2 3082 2.7 0.068   

Direction(X/Y/Z)*Time(30/60/120/240) 277570 6 46262 40 <0.001 Fig. 8 

Direction(X/Y/Z)*Segment(ant/pos/sep/lat/apex) 232891 8 29111 25 <0.001   

Magnitude(1/2 cm)*Sign(+/-) 9281 1 9281 8.1 0.0044  
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Table A- 3: Analysis of variance (ANOVA) for computer simulation parameters – Part 3 

Source Sum Sq. d.f. Mean Sq. F Prob>F Paper Fig. 

Magnitude(1/2 cm)*Time(30/60/120/240) 231718 3 77239 67.5 <0.001   

Magnitude(1/2 cm)*Segment(ant/pos/sep/lat/apex) 22875 4 5719 5 0.0005  

Sign(+/-)*Time(30/60/120/240) 18574 3 6191 5.4 0.001   

Sign(+/-)*Segment(ant/pos/sep/lat/apex) 975 4 244 0.21 0.93  

Time(30/60/120/240)*Segment(ant/pos/sep/lat/apex) 28192 12 2349 2.1 0.017   

Motion Correction(None/CTAC/PET)*CTAC(Early/Late)*PVC(Global/Regional) 1702 2 851 0.74 0.48   

Motion Correction(None/CTAC/PET)*CTAC(Early/Late)*Resolution(High/Low) 8627 2 4314 3.8 0.023   

Motion Correction(None/CTAC/PET)*CTAC(Early/Late)*Direction(X/Y/Z) 7104 4 1776 1.6 0.18  

Motion Correction(None/CTAC/PET)*CTAC(Early/Late)*Magnitude(1/2 cm) 6148 2 3074 2.7 0.068   

Motion Correction(None/CTAC/PET)*CTAC(Early/Late)*Sign(+/-) 119126 2 59563 52 <0.001  

Motion Correction(None/CTAC/PET)*CTAC(Early/Late)*Time(30/60/120/240) 26336 6 4389 3.8 0.0008   

Motion Correction(None/CTAC/PET)*CTAC(Early/Late)*Segment(ant/pos/sep/lat/apex) 5985 8 748 0.65 0.73  

Motion Correction(None/CTAC/PET)*PVC(Global/Regional)*Resolution(High/Low) 1815 2 908 0.79 0.45   

Motion Correction(None/CTAC/PET)*PVC(Global/Regional)*Direction(X/Y/Z) 20491 4 5123 4.5 0.0013  

Motion Correction(None/CTAC/PET)*PVC(Global/Regional)*Magnitude(1/2 cm) 5153 2 2576 2.3 0.11   

Motion Correction(None/CTAC/PET)*PVC(Global/Regional)*Sign(+/-) 53 2 26 0.02 0.98  

Motion Correction(None/CTAC/PET)*PVC(Global/Regional)*Time(30/60/120/240) 21868 6 3645 3.2 0.004   

Motion Correction(None/CTAC/PET)*PVC(Global/Regional)*Segment(ant/pos/sep/lat/apex) 27212 8 3401 3 0.0025  
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Table A- 4: Analysis of variance (ANOVA) for computer simulation parameters – Part 4 

Source Sum Sq. d.f. Mean Sq. F Prob>F Paper Fig. 

Motion Correction(None/CTAC/PET)*Resolution(High/Low)*Direction(X/Y/Z) 51888 4 12972 11 <0.001   

Motion Correction(None/CTAC/PET)*Resolution(High/Low)*Magnitude(1/2 cm) 28745 2 14373 13 <0.001  

Motion Correction(None/CTAC/PET)*Resolution(High/Low)*Sign(+/-) 4210 2 2105 1.8 0.16   

Motion Correction(None/CTAC/PET)*Resolution(High/Low)*Time(30/60/120/240) 30668 6 5111 4.5 0.0002  

Motion Correction(None/CTAC/PET)*Resolution(High/Low)*Segment(ant/pos/sep/lat/apex) 1805 8 226 0.2 0.99   

Motion Correction(None/CTAC/PET)*Direction(X/Y/Z)*Magnitude(1/2 cm) 158168 4 39542 35 <0.001 Fig. 7 

Motion Correction(None/CTAC/PET)*Direction(X/Y/Z)*Sign(+/-) 8689 4 2172 1.9 0.11   

Motion Correction(None/CTAC/PET)*Direction(X/Y/Z)*Time(30/60/120/240) 150124 12 12510 10.9 <0.001  

Motion Correction(None/CTAC/PET)*Direction(X/Y/Z)*Segment(ant/pos/sep/lat/apex) 79215 16 4951 4.3 <0.001   

Motion Correction(None/CTAC/PET)*Magnitude(1/2 cm)*Sign(+/-) 4432 2 2216 1.9 0.14  

Motion Correction(None/CTAC/PET)*Magnitude(1/2 cm)*Time(30/60/120/240) 117787 6 19631 17 <0.001   

Motion Correction(None/CTAC/PET)*Magnitude(1/2 cm)*Segment(ant/pos/sep/lat/apex) 10822 8 1353 1.2 0.31  

Motion Correction(None/CTAC/PET)*Sign(+/-)*Time(30/60/120/240) 10736 6 1789 1.6 0.15   

Motion Correction(None/CTAC/PET)*Sign(+/-)*Segment(ant/pos/sep/lat/apex) 6822 8 853 0.75 0.65  

Motion Correction(None/CTAC/PET)*Time(30/60/120/240)*Segment(ant/pos/sep/lat/apex) 21948 24 915 0.8 0.74   

CTAC(Early/Late)*PVC(Global/Regional)*Resolution(High/Low) 29 1 29 0.03 0.87  

CTAC(Early/Late)*PVC(Global/Regional)*Direction(X/Y/Z) 1200 2 600 0.52 0.59   

CTAC(Early/Late)*PVC(Global/Regional)*Magnitude(1/2 cm) 148 1 148 0.13 0.72  
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Table A- 5: Analysis of variance (ANOVA) for computer simulation parameters – Part 5 

Source Sum Sq. d.f. Mean Sq. F Prob>F Paper Fig. 

CTAC(Early/Late)*PVC(Global/Regional)*Sign(+/-) 19893 1 19893 17.4 <0.001   

CTAC(Early/Late)*PVC(Global/Regional)*Time(30/60/120/240) 873 3 291 0.25 0.86  

CTAC(Early/Late)*PVC(Global/Regional)*Segment(ant/pos/sep/lat/apex) 818 4 205 0.18 0.95   

CTAC(Early/Late)*Resolution(High/Low)*Direction(X/Y/Z) 12896 2 6448 5.6 0.0036  

CTAC(Early/Late)*Resolution(High/Low)*Magnitude(1/2 cm) 2685 1 2685 2.4 0.13   

CTAC(Early/Late)*Resolution(High/Low)*Sign(+/-) 58041 1 58041 51 <0.001  

CTAC(Early/Late)*Resolution(High/Low)*Time(30/60/120/240) 13566 3 4522 4 0.0079   

CTAC(Early/Late)*Resolution(High/Low)*Segment(ant/pos/sep/lat/apex) 841 4 210 0.18 0.95  

CTAC(Early/Late)*Direction(X/Y/Z)*Magnitude(1/2 cm) 6046 2 3023 2.6 0.071   

CTAC(Early/Late)*Direction(X/Y/Z)*Sign(+/-) 568058 2 284029 248 <0.001 Fig. 6 

CTAC(Early/Late)*Direction(X/Y/Z)*Time(30/60/120/240) 31483 6 5247 4.6 0.0001   

CTAC(Early/Late)*Direction(X/Y/Z)*Segment(ant/pos/sep/lat/apex) 18872 8 2359 2.1 0.036  

CTAC(Early/Late)*Magnitude(1/2 cm)*Sign(+/-) 133454 1 133454 117 <0.001 Fig. 6  

CTAC(Early/Late)*Magnitude(1/2 cm)*Time(30/60/120/240) 9906 3 3302 2.9 0.034  

CTAC(Early/Late)*Magnitude(1/2 cm)*Segment(ant/pos/sep/lat/apex) 4105 4 1026 0.9 0.46   

CTAC(Early/Late)*Sign(+/-)*Time(30/60/120/240) 132939 3 44313 39 <0.001  

CTAC(Early/Late)*Sign(+/-)*Segment(ant/pos/sep/lat/apex) 43161 4 10790 9.4 <0.001   

CTAC(Early/Late)*Time(30/60/120/240)*Segment(ant/pos/sep/lat/apex) 743 12 62 0.05 1  
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Table A- 6: Analysis of variance (ANOVA) for computer simulation parameters – Part 6 

Source Sum Sq. d.f. Mean Sq. F Prob>F Paper Fig. 

PVC(Global/Regional)*Resolution(High/Low)*Direction(X/Y/Z) 2754 2 1377 1.2 0.3   

PVC(Global/Regional)*Resolution(High/Low)*Magnitude(1/2 cm) 2 1 2 0 0.97  

PVC(Global/Regional)*Resolution(High/Low)*Sign(+/-) 2 1 2 0 0.97   

PVC(Global/Regional)*Resolution(High/Low)*Time(30/60/120/240) 3664 3 1221 1.1 0.36  

PVC(Global/Regional)*Resolution(High/Low)*Segment(ant/pos/sep/lat/apex) 18787 4 4697 4.1 0.0025   

PVC(Global/Regional)*Direction(X/Y/Z)*Magnitude(1/2 cm) 17951 2 8975 7.8 0.0004  

PVC(Global/Regional)*Direction(X/Y/Z)*Sign(+/-) 1275 2 637 0.56 0.57   

PVC(Global/Regional)*Direction(X/Y/Z)*Time(30/60/120/240) 29630 6 4938 4.3 0.0002  

PVC(Global/Regional)*Direction(X/Y/Z)*Segment(ant/pos/sep/lat/apex) 185418 8 23177 20 <0.001 Fig. 9 

PVC(Global/Regional)*Magnitude(1/2 cm)*Sign(+/-) 11 1 11 0.01 0.92  

PVC(Global/Regional)*Magnitude(1/2 cm)*Time(30/60/120/240) 2771 3 924 0.81 0.49   

PVC(Global/Regional)*Magnitude(1/2 cm)*Segment(ant/pos/sep/lat/apex) 35659 4 8915 7.8 <0.001  

PVC(Global/Regional)*Sign(+/-)*Time(30/60/120/240) 428 3 143 0.12 0.95   

PVC(Global/Regional)*Sign(+/-)*Segment(ant/pos/sep/lat/apex) 2016 4 504 0.44 0.78  

PVC(Global/Regional)*Time(30/60/120/240)*Segment(ant/pos/sep/lat/apex) 44699 12 3725 3.3 0.0001   

Resolution(High/Low)*Direction(X/Y/Z)*Magnitude(1/2 cm) 89731 2 44865 39 <0.001  

Resolution(High/Low)*Direction(X/Y/Z)*Sign(+/-) 12106 2 6053 5.3 0.0051   

Resolution(High/Low)*Direction(X/Y/Z)*Time(30/60/120/240) 35075 6 5846 5.1 <0.001  
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Table A- 7: Analysis of variance (ANOVA) for computer simulation parameters – Part 7 

Source Sum Sq. d.f. Mean Sq. F Prob>F Paper Fig. 

Resolution(High/Low)*Direction(X/Y/Z)*Segment(ant/pos/sep/lat/apex) 6854 8 857 0.75 0.65   

Resolution(High/Low)*Magnitude(1/2 cm)*Sign(+/-) 7982 1 7982 7 0.0083  

Resolution(High/Low)*Magnitude(1/2 cm)*Time(30/60/120/240) 19548 3 6516 5.7 0.0007   

Resolution(High/Low)*Magnitude(1/2 cm)*Segment(ant/pos/sep/lat/apex) 1478 4 369 0.32 0.86  

Resolution(High/Low)*Sign(+/-)*Time(30/60/120/240) 16838 3 5613 4.9 0.0021   

Resolution(High/Low)*Sign(+/-)*Segment(ant/pos/sep/lat/apex) 2294 4 574 0.5 0.73  

Resolution(High/Low)*Time(30/60/120/240)*Segment(ant/pos/sep/lat/apex) 4281 12 357 0.31 0.99   

Direction(X/Y/Z)*Magnitude(1/2 cm)*Sign(+/-) 7416 2 3708 3.2 0.039  

Direction(X/Y/Z)*Magnitude(1/2 cm)*Time(30/60/120/240) 148086 6 24681 22 <0.001 Fig. 8 

Direction(X/Y/Z)*Magnitude(1/2 cm)*Segment(ant/pos/sep/lat/apex) 39777 8 4972 4.4 <0.001  

Direction(X/Y/Z)*Sign(+/-)*Time(30/60/120/240) 22735 6 3789 3.3 0.003   

Direction(X/Y/Z)*Sign(+/-)*Segment(ant/pos/sep/lat/apex) 6758 8 845 0.74 0.66  

Direction(X/Y/Z)*Time(30/60/120/240)*Segment(ant/pos/sep/lat/apex) 78647 24 3277 2.9 <0.001   

Magnitude(1/2 cm)*Sign(+/-)*Time(30/60/120/240) 22029 3 7343 6.4 0.0002  

Magnitude(1/2 cm)*Sign(+/-)*Segment(ant/pos/sep/lat/apex) 1590 4 398 0.35 0.85   

Magnitude(1/2 cm)*Time(30/60/120/240)*Segment(ant/pos/sep/lat/apex) 14343 12 1195 1 0.4  

Sign(+/-)*Time(30/60/120/240)*Segment(ant/pos/sep/lat/apex) 2127 12 177 0.15 1   

Error 5971109 5218 1144    

Total 13828536 5759     
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Appendix B   

Table B- 1:  Patient Demographics – Part 1 

# Age Gender # Age Gender # Age Gender # Age Gender # Age Gender # Age Gender 

1 58 Female 41 67 Male 81 56 Female 121 60 Female 161 72 Female 201 75 Male 

2 72 Female 42 62 Male 82 72 Female 122 75 Male 162 83 Female 202 58 Female 

3 55 Female 43 58 Female 83 81 Male 123 51 Male 163 52 Female 203 33 Female 

4 49 Male 44 59 Female 84 61 Male 124 71 Female 164 49 Male 204 45 Male 

5 72 Male 45 62 Male 85 59 Male 125 69 Male 165 63 Male 205 42 Female 

6 73 Male 46 56 Male 86 65 Female 126 68 Male 166 65 Male 206 65 Male 

7 64 Male 47 60 Female 87 73 Female 127 71 Male 167 53 Female 207 68 Female 

8 49 Male 48 72 Female 88 63 Male 128 74 Male 168 47 Male 208 79 Male 

9 78 Female 49 49 Male 89 73 Female 129 68 Female 169 55 Female 209 87 Male 

10 51 Male 50 62 Female 90 61 Female 130 60 Male 170 69 Male 210 54 Female 

11 53 Female 51 68 Female 91 46 Male 131 62 Female 171 58 Female 211 68 Female 

12 74 Male 52 73 Female 92 73 Male 132 73 Female 172 67 Female 212 55 Male 

13 57 Male 53 72 Male 93 70 Female 133 57 Female 173 57 Male 213 51 Female 

14 57 Male 54 59 Female 94 86 Female 134 70 Male 174 69 Male 214 75 Female 

15 81 Male 55 58 Female 95 57 Female 135 73 Male 175 88 Female 215 73 Male 

16 67 Male 56 80 Male 96 75 Male 136 89 Male 176 78 Female 216 50 Male 

17 61 Female 57 38 Female 97 76 Female 137 66 Male 177 68 Female 217 58 Male 

18 61 Male 58 76 Male 98 52 Female 138 61 Female 178 73 Female 218 64 Female 

19 65 Female 59 67 Female 99 58 Female 139 61 Male 179 57 Male 219 72 Male 

20 68 Female 60 83 Male 100 49 Female 140 60 Male 180 52 Female 220 50 Female 

21 64 Male 61 45 Male 101 76 Female 141 81 Female 181 82 Male 221 69 Female 
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Table B- 2:  Patient Demographics – Part 2 

# Age Gender # Age Gender # Age Gender # Age Gender # Age Gender # Age Gender 

22 67 Female 62 70 Male 102 68 Male 142 57 Male 182 64 Female 222 88 Female 

23 60 Female 63 72 Male 103 59 Female 143 56 Female 183 60 Male 223 42 Male 

24 64 Male 64 82 Female 104 65 Female 144 83 Male 184 69 Male 224 63 Female 

25 67 Male 65 61 Female 105 67 Male 145 63 Male 185 67 Male 225 68 Male 

26 69 Male 66 55 Female 106 61 Male 146 74 Female 186 73 Male 226 63 Female 

27 53 Male 67 50 Male 107 79 Male 147 62 Male 187 35 Female 227 47 Female 

28 68 Male 68 64 Male 108 73 Female 148 88 Female 188 59 Female 228 49 Female 

29 56 Female 69 75 Male 109 86 Female 149 35 Female 189 46 Male 229 80 Male 

30 69 Female 70 50 Male 110 56 Female 150 46 Male 190 55 Male 230 62 Female 

31 74 Female 71 59 Female 111 55 Male 151 53 Male 191 70 Male 231 73 Male 

32 71 Male 72 48 Male 112 77 Male 152 69 Female 192 38 Male 232 81 Female 

33 55 Female 73 44 Male 113 71 Female 153 70 Male 193 49 Male 233 41 Male 

34 51 Female 74 69 Male 114 66 Female 154 67 Female 194 78 Female 234 69 Female 

35 51 Male 75 59 Male 115 63 Female 155 52 Female 195 70 Male 235 65 Male 

36 78 Female 76 68 Female 116 79 Male 156 66 Male 196 65 Female 236 65 Male 

37 79 Male 77 54 Female 117 40 Male 157 59 Male 197 74 Female    

38 61 Female 78 72 Female 118 65 Male 158 57 Male 198 69 Female    

39 74 Female 79 60 Male 119 75 Female 159 38 Male 199 50 Male    

40 50 Female 80 34 Female 120 63 Male 160 62 Female 200 63 Female    
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