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Abstract
This thesis aims at improving the diagnosis of coronary artery disease using Single
Photon Emission Computed Tomography (SPECT) imaging. Substantial contribu-
tions of this work are the introduction and evaluation of a new clinical protocol
aiming at a clinical work-flow improvement, a more accurate method for absolute
quantification of myocardial tracer uptake, and an improved procedure for image
quality assessment. In the following, these three subtopics and related contributions
of this thesis are described.
In contrast to the established, serial clinical procedure, the developed clinical pro-
tocol is based on the injection of the two radioactive tracers, 99mTc-sestamibi and
201Tl-chloride. Subsequently, the perfusion of the myocardium under stress and rest
conditions is determined simultaneously via a single SPECT acquisition. Thereby
the overall examination time can be reduced from 4-5 hours to about 1 hour. In
addition the currently performed and straining second SPECT acquisition can be
omitted. An accurate scatter and attenuation correction during reconstruction is es-
sential for the analysis of simultaneously acquired distributions of both tracers, since
scattered high-energy 99mTc photons contaminate the lower energy 201Tl emissions.
Besides the development of the simultaneous dual isotope protocol, the technical
feasibility is proven by phantom studies and the clinical applicability is confirmed
by a clinical study. In 31 out of 51 cases SDI and standard imaging used as reference
led to consistent results. In 15 patients clinical follow examinations showed that the
SDI images depict the clinical situation more accurately. For the remaining five
cases the differing results of SDI imaging could not be confirmed (3) or no further,
valuable clinical follow-up was available (2).
Absolute quantification of tracer uptake promises an improved diagnosis compared
to current qualitative procedures in particular in case of multi-vessel-disease. In this
thesis a quantitative image analysis is developed and evaluated by phantom and pa-
tient data. Hereby an accurate method for scatter and attenuation correction is
also crucial for determining the spatial tracer distribution. The special properties
of the used reconstruction algorithm optimized for this task are examined in detail
in the third section of the thesis. Besides the aforementioned requirements regard-
ing the reconstruction, the influence of residual activity after injection is examined
and a model-based segmentation of the heart is adapted to SPECT imaging. Fur-
thermore, a newly developed method for calibration from reconstructed counts to
absolute activity concentrations including a suitable phantom is presented. Hereby,
it was possible to prove that even mis-registrations on the sub-voxel scale can have
a significant influence on the calibration which led to a significant advancement in
form of an automated correction method. The subsequently derived results show
that an accuracy of 7.5 % can be achieved in phantom studies. Likewise the results
of the clinical study are in good accordance to the expected values. For patients
with a known coronary artery disease a significant reduction of the ratio of uptake
at stress and at rest can be confirmed. However, a concrete diagnostic added value
by quantification cannot be derived for the examined patient collective.



In the third section of the thesis an image quality assessment procedure based on sig-
nal and noise power spectra for SPECT and PET (Positron Emission Tomography)
images is developed to evaluate the influence of different imaging and reconstruction
parameters (phantom size, number of iterations, resolution recovery and scatter cor-
rection). The method is applied to simulated and measured data and compared to
the established method of covariance matrix analysis. As a result, a good accordance
between both methods is found and also between simulated and measured data. By
this method the great impact of scatter correction on the reconstructed contrast
could be proven and an analytical explanation for the image quality improvement
by Time of Flight (ToF) could be provided.
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So, nun beginnen wir!

Hans Christian Andersen,
Die Schneekönigin

1 Introduction
This thesis deals with technical and clinical issues of Single Photon Emission Com-
puted Tomography (SPECT) for the diagnosis of Coronary heart disease (CHD).
The three main topics addressed are the development and evaluation of a new clin-
ical low-dose simultaneous dual isotope (SDI) protocol, absolute quantification of
global myocardial uptake, and image assessment by measuring signal and noise
power spectra. The signal and noise power analysis is utilized to assess the influence
of attenuation and Monte Carlo based scatter correction methods that are crucial for
quantitative imaging. Moreover, this analysis provides a theoretical explanation for
the well known phenomena of image quality improvement by Time-of-Flight infor-
mation in Positron Emission Tomography (PET). This introductory chapter gives a
short overview of the issues addressed in this thesis and the contributions that were
developed for their solution.

Simultaneous dual isotope imaging
In this thesis the first clinically feasible 201Tl-stress, 99mTc-rest simultaneous dual
isotope (SDI) protocol using standard SPECT cameras is developed and evaluated
by phantom and in patient studies (see Chapter 3). The new clinical SDI protocol
addresses primarily the need for workflow optimization and improvement of patient
comfort. It provides a reduction of the overall protocol time from 4-5 h in standard
one day protocols down to about one hour. This is enabled by simultaneous acqui-
sition of the tracers 99mTc-sestamibi and 201Tl-chloride, which allows to determine
myocardial perfusion at stress and at rest by a single scan. Besides the workflow
improvement, simultaneous acquisition provides inherent co-registration of stress
and rest distribution, preventing mis-interpretation of ischaemic and infarct tissue
caused by mis-registration of stress and rest perfusion images.
The requirements for this imaging protocol, in particular regarding reconstruction,
are delineated, and the proposed protocol is discussed in context to other approaches
of workflow improvements like sequential or simultaneous dual isotope protocols and
stress-only imaging. The protocol itself has been developed based on the uptake ki-
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1 Introduction

netics, the radio-properties of the tracers and the experience with other dual isotope
protocols. The technical feasibility is proven by a series of phantom measurements,
and a clinical validation protocol is created to compare the new proposed protocol
to standard imaging utilized as reference in the same patients.
In the clinical study, lesion detectability as the most important figure of merit is
examined by visual interpretation. In 31 out of 53 patients the results are consistent,
in 20 patients, reference and SDI imaging differs significantly, and the remaining 2
obese patients were excluded due to a low count rate and inferior image quality.
Since no ground truth is available, clinical follow-up is used in case of significant
differences to decide which imaging procedure is more accurate. In 15 out of 20
cases SDI imaging has shown to be more accurate while in 3 patients the lesions
found by SDI imaging could not be confirmed. For 2 patients no clinical follow-up
was available.
Regarding obesity, the dose for obese patients has been adapted during the study,
and an adequate image quality is achieved also for obese individuals. Besides lesion
detectability, the functional parameters like ejection fraction and ventricle volumes
are evaluated for both protocols. Compared to standard imaging, the proposed
single scan protocol provides only one measurement of cardiac function and wall
motion. This measurement uses the 99mTc emission, depicting the perfusion at rest
but acquired 10-15 min after stress, which is significantly shorter than standard stress
imaging with waiting times of 30-45 min. Functional imaging is mandatory in recent
myocardial perfusion imaging, and the unique combination of rest tracer distribu-
tion and post-stress acquisition gives reason to evaluate the functional parameters
determined by the new SDI protocol. As expected the heart rate is significantly
higher for the SDI protocol, but the functional parameters are found to be consis-
tent to standard imaging.
In summary, the clinical study containing 53 patients shows the clinical feasibility of
the proposed protocol and in addition an improved accuracy compared to reference
imaging is suggested.
The development and evaluation of the SDI protocol has also been published in
the European Journal of Nuclear and Molecular Imaging [1] and several conference
proceedings [2–5].

Absolute quantification of tracer uptake
Absolute quantification of tracer uptake is a new approach that promises additional
clinically valuable information to current (qualitative) SPECT imaging. The aim is
to overcome the limited sensitivity of qualitative SPECT for CHD affecting multiple
coronaries and in case of balanced ischaemia. Particularly in these cases a correct
diagnosis is required for the choice of an adequate treatment.
In this thesis a new quantitative workflow is developed for absolute quantification
of global uptake (Chapter 4). Parts of this research have also been published at
conferences [3, 6]. The method is first evaluated by phantom measurements and
later by a clinical study. Absolute quantification is enabled by iterative reconstruc-
tion including scatter and attenuation correction and a calibration of the imaging
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system to convert from reconstructed counts to physical units. For calibration a
new phantom, adapted to the detector’s geometry, is designed, and the influence of
mis-registration of attenuation map and emission data is evaluated. One result is
that even mis-alignments on sub-voxel scale can have a significant influence on the
calibration factors. For correction of possible misalignment on sub-voxel scale a new
method is developed that is based not on image features but on the consistency of
simulated and measured projections.
One further requirement of a quantitative workflow is an accurate determination
of the injected dose. Hence, the residual activity in the syringe after injection is
measured. These measurements show that the residual dose of 99Tc-sestamibi varies
strongly from patient to patient and can be up to 39 % of the injected activity. For
201Tl-chloride the residual dose is in general below 2 % which can be explained by
the dead volume of the syringes. For 99Tc-sestamibi it is suggested that the high
residual activity is caused by binding to some material inside the syringe. This
result emphasizes the requirement for residual dose measurements in a quantitative
workflow. For segmentation of the heart a model-based approach used for X-ray
computed tomography is adapted to SPECT imaging.
The phantom measurements show that absolute quantification is feasible with an
accuracy of 7.5 %. This gives reason to evaluate the absolute quantification in pa-
tients in a clinical setup. The absolute global uptake of 99mTc-sestamibi and 201Tl is
found to be in good accordance with the expected values derived from literature,
and the uptake ratio of 201Tl to 99Tc-sestamibi is significantly reduced in ischaemic
patients. However, a large overlap of uptake and also of uptake ratio of patients
with and without ischaemia is found that limits the diagnostic value. This might
be caused by the examined patient collective containing mostly mid to high risk
patients and only a small number of definitely healthy individuals.

Image quality assessment by signal and noise power spectra
In this contribution the method of signal and noise power spectra analysis is adapted
to image quality assessment for nuclear imaging (Chapter 5) and used for simulation
and physical phantom studies. The aim is to develop a quantitative and practical
method for the assessment of image quality in SPECT or PET. The need for such a
framework arises from the widespread usage of iterative reconstruction algorithms,
which are capable of correcting for image distorting effects like attenuation, scatter
and the collimator’s point spread function. However, the influence of these correc-
tion methods and also the effect of other reconstruction parameters like the number
of iterations or subsets is not fully understood. In general, signal and noise power
spectra analysis is applicable for linear shift invariant systems only. Nuclear imag-
ing with iterative maximum likelihood expectation maximization (MLEM) based
reconstruction is neither linear nor shift invariant. However, locally defined spec-
tra can still be used for analysis. In this thesis the utilized method is also tested
for consistency to the mathematical stringent analysis of the covariance matrix and
found to be in very good agreement. For simultaneous dual isotope imaging and
absolute quantification described in this thesis, iterative reconstruction and correc-
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tion of scatter and attenuation are mandatory. This gives reason to analyze the
influence of attenuation and scatter correction by signal and noise power properties
in the scope of this thesis.
The influence of iteration and subset number in ordered subset expectation maxi-
mization (OSEM) reconstruction is examined, and it is found that signal recovery
enhances with the number of iterations, but also noise increases. Except for very
high numbers of subsets, containing only two or four projections, the result depends
mostly on the number of updates, which is given by the product of the number of
subsets times the number of iterations. Then, the actual subset size has no strong
impact on signal and noise properties.
The effect of resolution recovery is also examined and it is found that resolution
recovery in forward projection enhances the signal transfer. If applied in backprojec-
tion, noise is reduced. By usage of resolution recovery in forward and backprojection
both advantages can be combined with only minor mitigation.
Moreover, the effect of phantom size is examined for different lesion contrasts. A lin-
ear relationship is found between the number of iterations needed to obtain certain
signal power and the phantom size. This is an interesting result since it provides
a theoretical explanation for the phenomenological observation of improved image
quality in time-of-flight (ToF) PET.
The analysis of attenuation and attenuation correction shows that noise is intensi-
fied in case of attenuation. A mathematical model is derived to explain this effect.
Regarding scatter, another image distortion effect, it is found that contrast recovery
can be strongly enhanced by Monte Carlo based scatter correction, and also noise is
reduced. This result shows the crucial role of scatter correction for absolute quan-
tification.
In summary, signal and noise power spectra analysis has shown to be a valuable tool
to asses the influence of reconstruction parameters and correction methods on image
quality. Parts of this research have also been published at the Annual Meeting of
the Society of Nuclear Medicine and Molecular Imaging [6].

1.1 Outline of this thesis
Besides this Introduction the thesis consists of five more chapters. In Chapter 2 the
medical background for the thesis is described; in particular the heart, the coronar-
ies and the pathogenesis of the coronary heart disease are delineated. Furthermore,
SPECT imaging and several other diagnostic methods like echocardiography and
diagnostic coronary catheterization are depicted as well as some treatment options
of CHD. This chapter is meant to give the reader the clinical background to under-
stand and review the contributions described in the Chapters 3 to 5.
The development and evaluation of the simultaneous dual isotope study are de-
scribed in Chapter 3. The absolute tracer quantification method and the results
of the phantom and patient studies are given in Chapter 4. Chapter 5 deals with
image quality assessment using signal and noise power spectra analysis and aims at
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a deeper understanding of the influence of reconstruction parameters and correction
methods on image quality. The thesis is closed by Chapter 6 which is meant as a
finalizing summary of the results and discussions, and gives suggestions for possible
further research.
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What is written,
is written!

George Gordon Byron,
Childe Harold

2 Medical background

2.1 Clinical motivation
Coronary heart disease (CHD) is the leading cause of death worldwide and in par-
ticular in the developed countries [7]. In Germany chronic ischaemic heart disease
as the most frequent cause of death is followed by acute myocardial infarction and
congestive heart failure, which are both related to CHD [8]. During the progression
of the coronary heart disease, plaques are built up in the coronaries that support
the myocardium with oxygen and nutrients. At later stages these plaques hamper
blood flow and cause ischaemia first at physical stress and later even at rest. Most
commonly ischaemia manifests as chest pain (angina pectoris), but also silent pro-
gression till finally myocardial infarction is observed.
Besides painful symptoms and the restricted ability of physical exercise, limiting
the health-related quality of life, the probability of serious myocardial events like
infarction or cardiac related death is strongly increased by CHD; a rupture of cor-
onary plaque can lead to thrombus generation and finally to a complete vascular
obliteration which results in cardiac infarction. The pathogenesis and symptoms of
CHD are described in the following chapter in more detail.
Depending on the stage of CHD and the number of affected cardiac vessels, different
therapy options are appropriate. In mild stages conservative treatment using medi-
cation is used to stop further progression of CHD or minimize the risk of myocardial
events e.g. by anti-platelet drugs like acetylsalicylic acid. In more severe stages,
vessels can be widened by inflating a balloon catheter. A subsequent implantation
of stents helps to keep blood vessels open. If catheterization is not sufficient, which
is commonly the case in severe multi-vessel disease, bypass operations can be per-
formed to increase blood flow to the myocardium.
In particular bypass operation but also catheterization is a straining procedure for
the patient and inherits the risk of severe side effects like coronary dissection. Hence,
an early and accurate diagnosis of coronary heart disease is crucial for the choice of

9



2 Medical background

an adequate treatment. A multitude of methods has been developed for the diag-
nosis of CHD including risk stratification and decision support for treatment.
The diagnostic methods range from electrocardiography over echocardiography to
nuclear imaging or coronary angiography and determination of fractional flow re-
serve (FFR) of the coronaries. In particular the most sensitive and accurate diagnos-
tic methods like angiography or FFR require cardiac catheterization and therefore
include also the risk of serious complications. Also nuclear imaging or computer
tomography, although they are non-invasive, include a certain risk for the patient
since exposure of the patient to radiation is necessary.
Different methods for diagnosis and treatment of CHD are described and discussed in
Section 2.7. Because of its relevance for the rest of the thesis, the focus is on myocar-
dial perfusion imaging via single photon emission computed tomography (SPECT).
This method has been established as a standard diagnostic procedure for medium
to high risk patients providing good sensitivity as well as specificity.
Determination of myocardial perfusion by nuclear imaging with SPECT takes ad-
vantage of substantial improvements regarding image quality and clinical workflow.
99mTc-based tracers allow a higher count rate and enable determination of functional
parameters of the heart by gated imaging. Advances in reconstruction like attenua-
tion and scatter correction in combination with iterative reconstruction algorithms
improve image quality and hence diagnostic value. Recently, combining anatomi-
cal imaging by computer tomography based angiography and perfusion imaging by
SPECT or positron emission tomography (PET) allows direct assignment of coro-
nary stenoses to perfusion lesions. Regarding clinical workflow, dedicated cardiac
cameras and the development of clinical protocols using two different radiotracers
have improved the clinical workflow and patient comfort. Nevertheless, there is still
a demand for improvements in cost effectiveness and dose reduction. In this thesis
a clinical low-dose simultaneous dual isotope protocol is developed and evaluated
(Chapter 3) to address this need and to enhance the patient comfort by single ac-
quisition of stress and rest images.
Another issue is the limited sensitivity for global flow reduction and multi-vessel
disease due to the lack of absolute quantification. Absolute quantification of my-
ocardial blood flow is clinically feasible with PET, but this modality of imaging is
more expensive and the installed base of cameras is noteworthy smaller than for
SPECT. This, and the long lasting experience with SPECT as well as the avail-
ability of accurate attenuation and scatter correction, give reason to evaluate the
potential of absolute quantification. In Chapter 4, the requirements and methods
for quantification as well as results of phantom and clinical studies are delineated.
In Chapter 5 the framework of signal and noise power spectra analysis is adapted
to nuclear imaging to evaluate image quality and the effect of resolution recovery,
attenuation and scatter correction that are particularly important for quantifica-
tion. The assessment of image quality is also crucial to guide further development
in nuclear imaging. Therefore, the potential improvement enabled by advances in
time of flight PET imaging is also assessed and explained by using this method.
The following sections give an overview of the medical background relevant for this
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2.2 Anatomy and basic physiology of the heart

Figure 2.1: Basic anatomy and function of human heart, adapted from [9].

thesis. This includes a description of the heart, the coronaries and coronary heart
disease. Furthermore, current methods for diagnosis and treatment of CHD are
briefly presented.

2.2 Anatomy and basic physiology of the heart
The heart is a hollow muscular organ driving the blood circulation through the body.
It is located posterior to the sternum with one third on the right and two thirds
on the left body side. The human heart itself can be divided into a left and right
side, each one consisting of an atrium and a ventricle. The atrioventricular (mitral
and tricuspid) valves connect the atria and ventricles. The aortic and pulmonary,
so-called semi-lunar, valves link the heart ventricles to the aorta and the pulmonary
artery (see Figure 2.1) [10]. The coordinated opening and closing of the cardiac
valves provide an efficient unidirectional blood flow.
The function of the left atrium and ventricle is to maintain the systematic blood
circulation that provides oxygen and nutrient support to organs and muscles as well
as transport of metabolic waste products. The right side drives the venous blood
through the smaller pulmonary circuit, which carries the blood through the lungs
for re-oxygenation.
The left and right ventricle contract simultaneously. The phases of contraction and
relaxation are called systole and diastole, respectively. At systole, when the pressure
in the left ventricle exceeds the pressure in the ventricular system, the aortic valve
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2 Medical background

Figure 2.2: Ventricle plane movement, adapted from [10].

opens and the stroke volume is ejected into the expanding aorta. At rest, blood
pressure normally reaches about 120 mmHg during this contraction phase. At stress
systolic blood pressure can reach 220 mmHg in normal patients. Post ventricle con-
traction the blood pressure decreases, but the elastic recoil of the aorta sustains a
blood pressure of about 80 mmHg in the arteries. When the pressure in the relaxing
left ventricle falls below the pressure in the aorta the aortic valve closes and the left
ventricle is filled by the left atrium through the mitral valve.
The apex of the heart is fixed to the thoracic diaphragm, and during contraction
the ventricles shorten along their long axis, hence the plane of valves is dragged
downwards. In the relaxation phase at begin of the diastole the valve plane moves
upwards again and virtually the ventricles are pulled over the blood in the atria.
This mechanism has a significant contribution to the filling of the ventricle (Fig-
ure 2.2).
In the systematic circuit the blood propagates from the aorta into the branching
arteries and capillaries and is transported back to the heart by veins that end in the
venae cavae and eventually the right atrium. The tricuspid valve connects the right
atrium with the right ventricle. By contraction of the right ventricle, venous blood
is pumped through the pulmonary valve and the pulmonary artery to the lungs.
There, carbon dioxide is exchanged with oxygen, and the oxygen saturated blood
flows back via the pulmonary veins to the left atrium. The pulmonary circuit is
driven by much smaller pressure differences then the systematic circuit (25 mmHg
systolic and 10 mmHg diastolic). Left and right ventricle and atrium are indeed
of about the same size, but most of the cardiac muscle cells, the myocardium, are
located at the left ventricle. Like the right ventricle, the left and right atria are
enclosed by a thin myocardial wall. The atrial contraction improves the ventricular
filling and hence the cardiac function, but the main load is performed by the left
ventricular myocardium.
The myocardium forms most of the entire cardiac wall. On the inner, ventricular or
atrial side it is confined by the endocardium and on the outer side by the epicardium.
The endocardium forms a smooth surface that improves blood flow and pumping
efficiency of the heart. The epicardium includes the coronary vessels, and besides
its protective function, it reduces friction of the pericardial layers by producing a
small amount of lubricant fluid.
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2.3 Coronary arteries and myocardial blood flow

The cells of the myocardium, the myocardiocytes, hold a very high amount of mito-
chondria (36 % of volume of a myocardiocyte). This reflects the adjustment of the
myocardium to aerobic respiration and resistance to fatigue. Accordingly, oxygen
extraction of 70-80 % (about 140 ml of O2 per litre blood) is very high in the left
ventricle myocardium, even at rest. The right ventricle myocardium exhibits lower
oxygen extraction rates of 46 % at rest which is comparable to those of skeletal mus-
cles of 30−40 % [11]. Hence the right ventricle can fulfill increased oxygen demands
by adapted extraction. However, because of its lower muscle mass its influence on
the total myocardial blood flow is limited.
For the left ventricle an increase of oxygen extraction has been reported in young
healthy humans at very high workload and more than 85 % of maximum heart rate.
Even in this case only 20 % of the increased oxygen demand is satisfied by higher
oxygen extraction. The foremost portion of increased oxygen demand has to be ful-
filled by blood flow enhancement. Therefore under normal physiological conditions
blood flow is linear to myocardial oxygen consumption.
The heart is an organ with a high energy density. Although its weight is only about
0.5 % of the whole body it consumes about 10 % of total energy. Energy carrier of
the myocardium is adenosine triphosphate (ATP). The amount of ATP stored in
myocardial tissue lasts only for a few heart beats, hence ATP has to be synthesized
incessantly from fatty acids, glucose and lactate. Usually, one half of the required
energy is supplied by fatty acids and about one fourth each by glucose and lactate.
However, the myocardium is capable to adapt its metabolism to the levels of nutri-
ents provided by blood circulation. In case of exercise and increased lactate levels
more lactate is used for ATP synthesis. During hypoxia the metabolism changes
and lactate is produced by the myocardium via anaerobic glucose metabolism and
released to the venous blood. The anaerobic glucose metabolisation does not play
an important role in energy supply, but lactate release can be used as an indicator
for dimension and severity of myocardial ischaemia [9].
About 80 % of the myocardial energy consumption is used for contraction and di-
latation of the heart. Basal metabolism to maintain myocardial structure uses about
15-20 % of applied energy. Creation and conduction of electrical stimuli, described
in Section 2.4, do not play a significant role in energy balance (0.5-1 %) [11].

2.3 Coronary arteries and myocardial blood flow
The blood flow is conducted by two coronary arteries, the left coronary artery (LCA)
and the right coronary artery (RCA). Both originate from the aorta above the aortic
valve. In most cases the left coronary artery bifurcates in the left anterior descending
(LAD) and the circumflex artery (CX) after about 1 cm (see Figure 2.3). The section
before bifurcation is called the left main. The arteries run in the epicardium and
ramify in smaller branches and eventually in small capillaries that run into the
endocardial layers of the ventricle walls. The density of capillaries (3000-4000 mm−2)
is much higher in the myocardium than in other muscles (about 300-500 mm−2).
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2 Medical background

Figure 2.3: Coronary arteries, from [14].

This provides short diffusion paths for O2 and CO2 [12]. Although connections
between different branches of a coronary artery (collaterals) exist and might also
connect different coronary arteries (anastomoses), these are to small to maintain
sufficient blood flow in case of sudden occlusion. Hence the coronary arteries must
be considered as functional end-arteries. In case of severe ischaemia, anastomoses
and collaterals can increase lumen to improve blood supply [13].
The allocation of coronary arteries to support myocardial areas has a wide variation
in different subjects. In most cases the LAD supports the anterior and lateral wall
of the left ventricle. The atria and the right ventricle are normally supplied by the
RCA. This also includes the sinoatrial and often the atrioventricular node, which
are important for generation of electrical impulses controlling the heart rhythm.
Therefore lesions in this vessel often lead to heart rhythm disorders. The inferior
wall is also usually supported by the RCA (right-dominant coronary circulation,
60-70 % of population). In 10-20 % of subjects blood is conducted to this area by
the CX (left-dominant) or RCA and CX (co-dominant coronary circulation, 20 %
of subjects) [15]. The blood supply of the apical region of the myocardium can
be conducted by RCA, LAD or CX. A lesion in one of the arteries can lead to
severe functional limitation or tissue damage in different areas depending on the
individual patient anatomy. In a patient with left-dominant coronary circulation an
occlusion of the left main artery will hit the whole left ventricle, whereas in case of
right-dominant circulation the contractile function may be maintained [13].
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2.3 Coronary arteries and myocardial blood flow

Coronary blood flow depends on multitude factors that can be categorized in differ-
ent groups:

Physical factors: The pressure difference between aorta and right atrium drives
the myocardial blood flow. Under normal conditions this driving pressure
difference is about 90 mmHg. Since blood pressure is determined by global
circulation parameters the specific myocardial perfusion is mainly regulated
by dilatation and constriction of resistance vessels (arterioles). Compression
during systolic contraction results in suspension of blood flow in the vessels
supporting left myocardium. Hence left myocardium is only perfused during
diastole.

Hormonal and endothelial factors: These factors influence coronary vessel tone.
The hormone adrenalin enhances cardiac output by increasing heart rate and
contraction. Moreover, it causes vasoconstriction by stimulating α1-receptors.
However, in the coronary arteries and arterioles the high density of β2-receptors
also stimulated by adrenalin or noradrenalin lead to vasodilation and thus in-
creased blood flow. As part of auto-regulating mechanism a mechanical strain
of the vessel wall induces a higher tone limiting further myogenic dilation.
Another part of the auto-regulation is the disposal of the vasodilator nitrogen
oxide (NO) by the endothelium as reaction of shear stress.

Metabolic factors of coronary blood flow regulation are hypoxia and hypercapnia.
Both lead to vasodilation but the physiological mechanism is not fully under-
stood yet. A further metabolic factor of blood flow regulation is adenosine. As
a result of ATP metabolism it is produced in the myocardiocytes and diffuses
to arterioles. It causes strong vasodilation and therefore decreases blood pres-
sure. The disposal of adenosine depends on cardiac workload. Further effects
of adenosine are reduction of heart rate and prolonging of electrical conduc-
tion delay in atrioventricular node (AV node). Its immediate processing to
vaso-inactive molecules results in a prompt reaction of adenosine disposal on
myocardial blood flow [16].

The myocardial blood flow shows a wide range depending e.g. on age and physical
condition and the level of physical activity. At rest, the myocardial blood flow
in left ventricle is 0.5-1.5 milliliter blood per gram of myocardial tissue and minute
(ml/(g min)), depending on the individual condition [11]. At stress, blood flow levels
of 3-4 ml/(g min) are reported [9]. Accordingly, the cardiac output can increase from
5 l/min at rest to 20-25 l/min at stress. Even at maximum stress a small reserve for
vasodilation seems to be present, since application of adenosine has further increased
myocardial blood flow by 20-25 % in swine and dog studies [11].
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2 Medical background

Figure 2.4: Stimuli conduction, from [10].

2.4 Stimulus conduction and cardiac
electro-physiology

The cells of the myocardium, the myocardiocytes, act as a functional syncytium. In
contrast to skeletal muscles where a real syncytium is formed by fusion of multiple
cells to multinucleate muscle fibers, the myocardiocytes maintain their individual
cell membranes and nuclei. Electrical impulses are conducted via gap junctions
between separate myocytes, making the whole myocardium acting as a single func-
tional (contracting) unit.
Electrical stimuli are formed in the sinoatrial node, which lies in the right atrium
near the entrance of the vena cava superior. These stimuli spread over the right
and left atrium and trigger the atrial contraction. The ventricles are electrically
isolated from the atria by a layer of connective tissue in the valve plane. Therefore
the electric impulses have to pass the AV node in the basal septum to reach the ven-
tricular myocardium. The AV node delays the propagation of the electrical impulses
to the bundle of His, the left and right bundle branches and the Purkinje-fibers that
lead the impulses to the contracting myocardiocytes in the ventricle walls (see Fig-
ure 2.4).
The different types of myocardial tissue: atrial and ventricle myocardium, AV node,
bundle branches and contracting myocardium conduct electric stimuli with different
velocities which are summarized in Table 2.1.
First this leads to a delay of the ventricle contraction, which is beneficial for filling
the ventricles by the atrial contraction. Second the faster conduction by the bun-
dle branches and Purkinje-fibers results in a nearly simultaneous contraction of the
whole ventricle beginning from the apex. In case of failure of the sinoatrial node
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2.4 Stimulus conduction and cardiac electro-physiology

Tissue Conduction velocity in m/s

Atrial myocardium 1.0-1.2
AV node 0.02-0.05
Bundle of His 1.2-2.0
Bundle branches 2.0-4.0
Purkinje-fibers 2.0
Contracting myocardium 0.3-1.0

Table 2.1: Conducting velocities of heart tissues [17].

the AV node and also the His-bundles can induce electrical stimuli, but with a lower
frequency of 40-60 beats per minute (bpm) or 30-40 bpm respectively. Moreover,
the AV node acts as a frequency filter protecting the ventricles against dangerous
high frequencies in case of atrial fibrillation. Also the myocardiocytes themselves
include a mechanism to inhibit fibrillating contraction. After receiving an electri-
cal stimulus, rapid Na+ channels open and the cell membrane is depolarized. This
rapid depolarization is followed by a phase of slow depolarization by Ca2+ and also
slow re-polarization via K+-channels. This leads to a long refractory phase of about
250 ms in which the myocytes cannot be stimulated by external electrical pulse.
Since the contraction phase is as long as the refractory phase, the myocardium can
not be tetanized like skeletal striated muscles.
The re-polarization of the myocardium takes much longer than depolarization and is
not guided by special tissue like the bundle branches or Purkinje-fibers. Hence the
electrical signal of re-polarization is more diffuse and not as directed as the depolar-
ization one. However, the direction of re-polarization and depolarization current is
approximately the same. An electrocardiography (ECG) measures the propagating
de- and re-polarization waves of the myocytes and provides valuable information
about the patient’s electro-physiology and hence for the diagnosis of arrhythmia,
but also help to diagnose myocardial ischaemia or infarction. More information
regarding ECG acquisition and interpretation is given in Section 2.7.1.
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2.5 Coronary artery disease

2.5.1 Definition and pathogenesis

Coronary heart disease (CHD), which is also named coronary artery disease (CAD)
results in a shortage of oxygen in the myocardium. In most cases this under-supply
is induced by atherosclerosis in the coronary arteries. Other possible reasons are
vascular anomalies (Bland-White-Garland-Syndrome) or thrombotic occlusion of a
coronary artery without prior atherosclerosis. Atherosclerosis is a chronic process of
proceeding mutation of vascular wall that can develop over decades until it becomes
clinically relevant. The timeline of atherosclerosis from early stages to myocardial
infarction is depicted in Figure 2.5. A dysfunction of the endothelium is consid-
ered as the initial step of atherosclerosis. This dysfunction can be caused by small
single injuries induced either mechanically or biochemically, e.g. by toxins, or by
a long-term disbalance of endothelial function [14]. It leads to proliferation and
migration of smooth muscle cells from the media layer into the inner vascular wall
(intima) [18]. The permeability of the endothelium is also increased by dysfunction,
and hence oxidized low-density-lipoproteins (LDL) can pass into the vascular wall
and form a new layer called neointima between the endothelium and the media layer.
Macrophages immigrate into this layer and accumulate lipids forming degenerated
foam cells. Aggregations of these lipid loaded foam cells are macroscopically visible
as small, flat, yellowish streaks at the inner vascular wall. These so-called ’fatty
streaks’ do not significantly narrow the vascular lumen and are fully reversible. In
the next step irreversible plaques are formed by further aggregation of foam cells
and generation of a fibrous cover by smooth muscle cells and extracellular matrix
molecules. Furthermore, plaque calcifications can occur in this phase of atherosclero-
sis and the reduction of vascular lumen can lead to significant flow reduction [20,21].
Hemodynamically a stenosis causes higher flow velocities and eventually a transi-
tion from laminar to turbulent flow including vortices and high shear stress at the
vascular wall. This shear stress damages the endothelium and therefore forwards
the progression of atherosclerosis [22].
Inflammation processes thin down the fibrous layers and eventually lead to a rupture
of the cap and exposure of inner plaque material. As a consequence thrombocytes
are activated and a thrombus is formed that might cause a complete vessel occlusion
and therefore an infarction of supported tissue [23]. Atherosclerosis occurs mostly
in the coronary arteries, the aorta, the common carotid artery and cerebral arteries.
Stenosis in coronary arteries mostly occur at 2-5 cm distal from their origin (ostia)
of the aorta and at bifurcations of branches. In most patients and in particular
in elderly patients atherosclerosis is present in more than one coronary artery [13].
In contrast to non-modifiable risk factors for atherosclerosis like age, male sex and
family-genetic exposition, risk factors like diabetes, hypertension, smoking or obe-
sity can be influenced by patient behavior and medication. Other modifiable risk
factors are dyslipoproteinemia, sedentary lifestyle and psychological stress [14].
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2.5 Coronary artery disease

Figure 2.5: Pathogenesis of atherosclerosis, from [19].

2.5.2 Symptoms
Although angina pectoris (AP) is the leading symptom of coronary artery disease,
it is known that myocardial ischaemia is indicated by chest pain in only 35 % of
all patients suffering from ischaemia [22]. Even myocardial infarction stays silent
in 20 % of all infarcts particularly in old patients or those suffering from diabetes
mellitus [22]. Angina pectoris is defined as chest pain or discomfort described as
pressure or tightening sensation related to ischaemia. Anginal pain is not confined
to the cardiac region and might spread to the whole thorax, neck, shoulders, left
arm or jaw. Characteristic of stable angina is the occurrence at a certain level of
activity and improvement of symptoms at rest.
Unstable angina describes a sudden change of AP symptoms like the first occurrence,
worsening or more frequent occurrence of symptoms as well as any manifestation
at rest. Unstable angina is a strong indicator for sudden lumen and blood flow
reduction as a result of rupture of the fibrous cap of an atherosclerosic plaque and
subsequent thromboses. Hence patients with unstable angina are at a high risk for
acute myocardial infarction [15].
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Following the Canadian Cardiovascular Society classification severity of angina pect-
oris can be graded in five categories [24].

Class 0 Asymptomatic.

Class I Ordinary physical activity does not cause angina. Angina occurs at high
levels of stress and workload.

Class II Slight limitations of ordinary activity occurring e.g. at rapid stair climbing
or uphill walking.

Class III Marked limitations of ordinary physical activity. Anginal discomfort at
stair climbing at normal speed.

Class IV No physical activity without discomfort and angina pectoris may be pre-
sent at rest.

Further manifestations of coronary artery disease besides angina pectoris are related
to cardiac insufficiency like dyspnea or pulmonary oedema. Moreover, arrhythmia
and less common syncope can indicate a coronary artery disease [25].

2.6 Staging and clinical consequences of stenosis
At early stages of atherosclerosis coronary plaques do not hamper blood flow signif-
icantly. Indeed only plaques with vascular lumen reduction of about 50 % or more
are flow relevant at stress. Blood flow at rest is limited by stenosis reducing vascular
lumen about 70 % or more (Figure 2.6). Following guidelines of the American Heart
Association (AHA) 50 % stenosis of the left main (LM) indicates a left main coro-
nary disease. In the major branches like the LAD or CX the threshold for significant
stenosis is 70 % of lumen reduction.
Depending on the number of vessels or main branches with significant stenosis CHD
is classified as single, double or triple-vessel disease. A balanced ischaemia can be ei-
ther caused by a left main stenosis and left-dominant circulation or a combination of
stenosis in different branches that lead to a global but homogeneous hypo-perfusion.
Depending on the state of hypo-perfusion the viable myocardial tissue can be clas-
sified in two categories:

Stunning myocardium is induced by temporary ischaemia causing reduced myocar-
dial function. Possible reasons besides physiological or psychological stress are
calcium overload of myocardiocytes or vasospasm of coronary arteries. After
recovery of the transient perfusion defect also myocardial function normalizes.

Hibernating myocardium exhibits a chronically reduced perfusion leading to dis-
ordered and limited myocardial activity and contractile function at rest [26].
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There is some discussion about clinical relevance of classification in stunning and hi-
bernating myocardium. Since restoration of function after stunning may take hours
to days, a series of repeated stunning can result in apparent chronically limited
cardiac function even at rest. Furthermore, hibernating and stunning myocardium
show similar clinical properties, like shifted cardiac metabolism from fatty acids to
glucose and response to inotropic medication [27].
Clinically relevant, particularly for treatment planning, is classification of hypo-
perfused but viable and non-viable myocardium. Despite hibernating or stunning
myocardium, non-viable tissue e.g. scars resulting from infarction cannot recover
function after coronary revascularization.
An infarction occurs in most cases (90 %) after occlusion of a stenotic coronary ar-
tery by thrombosis. The tissue distal to the occlusion is cut off from oxygen and
necroses occur already after 20-40 min. The size, area and therefore impairment
of myocardial function strongly depend on the location of occlusion. Occlusions in
the RCA often lead to conduction disturbance in the AV node. Arrhythmia and
following ventricular fibrillation are common in the first hours after infarction. In
later phases, after necrosis, tachycardia and atrial fibrillation are often observed. In
particular for larger infarcts left heart failure followed by pulmonary oedema and
cardiogenic shock are the most life threatening complications of myocardial infarc-
tion [22].
The following Section (2.7) presents different clinically used methods for the diag-
nosis of CHD. Possible treatment options are delineated in Section 2.8.

Figure 2.6: Blood flow reduction by stenosis at stress and rest, adapted from [28].
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2.7 Diagnosis of Coronary Artery Disease
An accurate diagnosis of coronary heart disease (CHD) is crucial for an adequate
patient management and effective treatment. Therefore a set of different diagnostic
procedures have been developed to examine the occurrence and staging of CHD. A
selection of these diagnostic methods for CHD are briefly described here.
The first step in the diagnosis of coronary artery disease is a careful anamnesis
of symptoms and patient history. Also an analysis of risk factors like smoking or
diabetes is requested in order to evaluate the probability of CHD. The symptoms
of CHD, foremost angina pectoris, are described in Section 2.5.2. There are other
cardiac and non-cardiac sources of chest pain, which are not related to CHD. Possible
differential diagnosis are summarized in the following list [29].

• Panic attacks

• Pericarditis

• Aortic dissection

• Pneumothorax

• Pulmonary embolism

• Gastro-intestinal diseases like oesophageal disrupture or pancreatitis

• Space-occupation by neoplasm

• Musculoskeletal thoracic pain

A characteristic feature of angina pectoris is rapid improvement by medication with
the vasodilator nitroglycerine [22].
Physical examination can help to exclude other diseases but there is not a typical
indication. Further diagnostic methods from electrocardiography to medical imaging
with ultrasound, magnetic resonance, x-ray transmission or emission tomography are
used for the diagnosis of CHD and depicted in the following sections.

2.7.1 Electrocardiography
The development of electrocardiography (ECG) dates back to the late 19th century.
In 1887 the physiologist Augustus Waller recorded the first ECG. Willem Einthoven
improved the sensitivity and used the electrocardiography to detect cardiac diseases.
Electrocardiography measures electrical potential differences caused by depolariza-
tion or re-polarization of the myocytes. These voltages are acquired by electrodes
on the skin surface of the patient. The voltage between two electrodes or a combi-
nation of electrodes is referred as a lead in the following. Each lead is a projection
of the electro-physiological activity along the axis defined by the two measured po-
sitions [30]. Different lead sets have been established in electrocardiography and a
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(a) Visualization of limb leads and
Wilson’s central terminal (WCT).

(b) Position of Wilson lead (V1-V6), adapted
from [31].

Figure 2.7: Schematic position of ECG leads according to Einthoven, Goldberger and
Wilson.

recent diagnostic ECG-device records the signals of 12 leads or channels simultane-
ously. The different leads are briefly described in the following.
Three limb leads measure the voltages between the left and right arm (lead I), the
left leg and the left arm (lead II) and the left leg and the right arm (lead III) (see
Figure 2.7(a)). A forth electrode is attached to the right leg for electrical grounding.
Wilson introduced a combination of the three electrodes at arms and left leg as a
terminal (Wilson’s central terminal). It represent the potential inside the body cen-
ter. Furthermore, he positioned a set of six electrodes on the chest near the heart
(see Figure 2.7(b) for their position). The voltages between the central terminal
and these electrodes form the leads V1 to V6. Since electrodes are positioned near
the heart these leads exhibit a higher signal than the limb leads and are less prone
to perturbations. However, a precise positioning of electrodes is requested to allow
comparison to normal database and to track ECG changes over time.
Three other leads are introduced by Goldberger. These measure the potential dif-
ferences of the electrodes at both arms and the left leg to the central terminal (aVR,
aVL and aVF) (see Figure 2.7(a)).
The leads I-III and aVR, aVL, aVF provide different projections of the electro-
physical properties in a frontal plain, while V1 to V6 deliver projections in a hori-
zontal plane. This is illustrated in Figure 2.8(a).
In the following the signal of a normal heart beat recorded by the almost ideal lead II
is shortly described (see Figure 2.8(b)) [30]. As described in Section 2.4 the electric
stimulus and hence depolarization propagates from the sinoatrial node through right
and left atrium to the AV node. The blue arrow depicts the predominant direction
of the atrial electrical stimulus. The associated signal in the ECG is the so called
P-wave. Subsequently the stimulus passes the AV node. Conduction velocity is very
slow in this tissue and the stimulus is too weak to be detected in ECG. Hence a zero
signal is detected for a short time interval (PQ-interval). Then stimulation of the
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(a) Visualization of projections of ECG
leads, adapted from [30].

(b) Normal ECG, adapted from [15].

Figure 2.8: ECG projection and normal signal.

ventricles begins at the left side of the septum (green arrow). This induces a short
negative pulse in the ECG (Q-wave). The stimulation of the ventricles, particularly
the left one, first leads to a strong positive signal (red arrow, R-wave). The stimulus
propagates from the septum via the apex and the ventricle wall to the lateral, basal
regions of the left myocardium. The depolarization of this area (orange arrow) re-
sults in a small negative wave (S-wave). The sequence of Q, R and S-wave is often
referred as the QRS-complex.
Before the re-polarization starts the heart lasts a short period in fully depolarized
state. This ST-segment is very important for diagnosis, since it indicates that the
avalanching depolarization has covered the whole heart and has not been impeded
by ischaemic or scarred tissue. The actual re-polarization takes a longer time than
rapid depolarization. It is directed approximately in the same direction as the de-
polarization, but not guided by specialized tissue. Hence re-polarization is acquired
as a positive smooth wave (T-wave) in ECG [30].
Many cardiac diseases lead to aberrations in the ECG. Cardiac arrhythmia like
atrial fibrillation or defects of the conducting system like left or right bundle branch
block can be detected by ECG reliably. Atrial fibrillation manifests in missing P-
waves and increased heart rate (Tachycardia). In case of bundle branch blocks the
QRS-complex is prolonged and takes over 110 ms. Ischaemia can cause ST-segment
depression and acute myocardial infarction is often associated with an ST-elevation.
In the subacute stadium of an infarct a reduction of the R-wave and pathological
changes of the Q-wave (duration longer than 40 ms, intensity greater than 1/4 of the
R-wave) and an inverted T-wave occur.
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The different leads are required to allow a reliable diagnosis of cardiac disorders and
in particular for the localization of ischaemia and myocardial infarction. The limb
leads I, II, III, aVL, aVR and aVF are utilized to determine the electrical axis of
the heart. The orientation of this axis and especially sudden changes in orientation
are diagnostically valuable to detect infarction or hypertrophy. However, for moni-
toring patients and to register the different phases of the heart cycle a single lead is
sufficient in general.
Electrocardiography is a non-invasive, cost-effective method for the diagnosis of cor-
onary diseases. It has been very well validated and has become an indispensable
part of clinical practice. However, only for cardiac dysrhythmia ECG alone is suffi-
cient for diagnosis. For CHD, electrocardiography can give valuable hints but still
additional diagnostic methods are required.
In general, ischaemic changes can only be detected by ECG during symptomatic
phases. Only in 20 % of the patients these ischaemic changes occur during symptom
free intervals [32]. Thus, sensitivity and specificity can be improved by acquiring
ECG during phases of cardiac stress. A meta-analysis of 58 reports and 11 691 pa-
tients without prior infarction showed a mean sensitivity of 67 % and specificity of
72 % but with a wide variability [33].
Electrocardiography is an important part of a cardiac stress tests not only for di-
agnosis but also to prevent serious complications during the test. It should be
emphasized that ECG measures the electro-physiology of the heart and not the
pump function. Therefore a normal ECG does not exclude cardiac diseases. In case
of electromechanical dissociation the heart shows normal electro-physiology, but no
pump function.

2.7.2 Transthoracic echocardiography
Transthoracic echocardiography (TTE) is an sonographic procedure to image and
measure cardiac morphology and function. Wall thickness, ventricle volumes and
velocities of blood and tissue are typical parameters that are determined. For ex-
ample valve stenoses can be detected directly by an increased flow velocity. Wall
motion aberrations and functional parameters like the left ventricular ejection frac-
tion are also measurable. However, the coronary arteries cannot be imaged directly
by echocardiography. Hence CHD is only detectable indirectly, if it manifests in
wall motion abnormalities.
Echocardiography uses ultrasound with a frequency of 2-7 MHz. The speed of sound
in soft tissue is regarded as nearly constant at 1540 m/s. Accordingly the wavelength
of diagnostic ultrasound reaches from 0.77-0.22 mm.
Different types of tissue or blood feature different acoustic impedance. Therefore
reflection, refraction and scattering of ultrasound waves occur at the boundaries of
fluid and tissue (e.g. blood and myocardium) or at the transition of different tissues.
Since the speed of sound is referred as constant in tissue and blood, the position of
the boundaries can be determined by measuring the time between the emission of
the ultrasonic pulse and the detection of its reflection.
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The speed of sound in bones is about 3600 m/s and notably higher than in soft
tissue. Hence ultrasound waves are almost completely reflected by bones. Therefore
transthoracic echocardiography is limited to imaging through acoustic windows in
the thoracic cage.
The resolution in axial direction is determined by the time span of the emitted pulse
and is approximately one wavelength. For cardiac imaging a penetration depth of
about 15 cm is needed. Since penetration depth decreases with frequency, the fre-
quency is limited to 3.5 MHz. The according wavelength and axial resolution is
about 0.5 mm [34]. The described one-dimensional imaging mode is called motion
mode or M-mode. It provides a high time resolution of less than 1 ms hence it is
used for measurement of very fast movement or for linear measurements e.g. of the
septum thickness Figure 2.9(a).
Nowadays 2D imaging of a body plane is standard. A scanning beam, generated
by a phased array transducer, is used to scan a 2D-plane of the body. The lateral
resolutions is about 3-4 wavelengths (about 2 mm in cardiac imaging) and thus re-
markably lower than the axial one.
The strength of the reflected echo is represented as brightness in the ultrasonic im-
age. Therefore this mode is called brightness or B-mode (see Figure 2.9(b)). It
provides a frame rate of 20-30 frames per second (fps).
Recent systems are also capable of 3D imaging either by rotating the ultrasonic
transducer or by utilizing a matrix array transducer that scans a pyramidal vol-
ume [35]. Doppler shift can be used to measure velocity of blood or tissue. Either
the frequency shifts of a continuous wave (cw) or repeated pulses are acquired to
measure velocities. The cw-Doppler method is capable of measuring typical flow
rates of 5 m/s at stenotic valves, but provides no spatial resolution. All velocities
along the continuous ultrasonic beam are measured. Pulsed Doppler-acquisition al-
lows space-resolved determination, but the maximal measurable flow rate is limited
to about 2 m/s, which is still sufficient to determine the blood flow velocity of a heart
at rest of approximately 1.5 m/s. Usually velocities are displayed as a color-coded
overlay to the 2D images acquired in B-mode.
The diagnosis of CHD via echocardiography bases on the detection of hypokinesis,
akinesis or dyskinesis of ventricle or atrial wall segments. At rest, wall motion aber-
rations occur usually only in case of very serious stenoses or prior infarction. Wall
thinning is also an indication of scarring after myocardial infarction.
In order to increase the sensitivity for CHD, echocardiography is also used at er-
gonomic or pharmacological stress. A meta-analysis of 28 studies and 2246 patients
results in a sensitivity of 80 % and a specificity of 84 % of dobutamine stress echocar-
diography; exercise stress is expected to provide comparable results but provides
additional information gained from the stress test itself like heart rate response [36].
Also the vitality of myocardial tissue can be determined by echocardiography and
is an important parameter for therapy planning. Vital but akinetic tissue improves
function at low doses of the pharmacological stress agent dobutamine. Other im-
portant prognostic parameters measurable by echocardiography are the systolic and
diastolic volumes as well as the ejection fraction of the left ventricle.
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(a) In M-mode intensity of the reflection is coded
in brightness of the image. The x-axis depicts

time. RV: right ventricle, LV: left ventricle, AO:
aorta, LA: left atrium, S: sonic transponder.

(b) Imaging of cone-shaped
sectional view by generation of

ultra sonic scan lines.

Figure 2.9: Imaging modes in echocardiography, from [38].

In summary, echocardiography provides valuable measurements of morphological
and functional cardiac parameters. However, the coronary arteries or myocardial
perfusion cannot be measured. Moreover, echocardiographic results depend strongly
on the experience of the performing physician and exhibit a high inter-observer vari-
ability [37].

2.7.3 Magnetic resonance imaging
Magnetic resonance imaging (MRI) measures the nuclear magnetic resonance (NMR)
signal in a thin slide to obtain a tomographic image. A strong magnetic field ~B0 is
applied to align the magnetic moments of the atom nuclei (mostly hydrogen). In
consequence of the spin of the nucleus the magnetic moments precess around the
direction of ~B0 with the Larmor frequency. This frequency depends linear on the
strength of the static magnetic field. For typical magnetic fields of 1-7 T used for
MRI the Larmor frequency is in the order of MHz.
A perpendicular pulse which is in resonance to the Larmor frequency flips the mag-
netic moments and induces a transversal magnetization. The relaxation of the in-
duced transversal magnetization is measured as a radio frequency signal. Additional
magnetic fields have to be applied to enable spatial resolution. The technical details
are not described in this thesis. Here the focus is on the application of MRI in
cardiac imaging in particular for the diagnosis of CHD.
Clinical MRI provides a spatial (lateral) resolution of less than 1 mm and high soft
tissue contrast. This enables precise volume measurement of cardiac ventricles [39].
Wall motion and functional parameters can be measured either by fast sequences in
real time (time resolution 20-30 ms) or by triggering with an ECG-signal. This imag-
ing procedure allows diagnosis of CHD via the detection of morphological changes or
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wall motion aberrations. The better image quality compared to echocardiography
leads to more accurate results in MRI; a sensitivity and specificity for CHD of 86 %
has been reported [40].
In addition perfusion-MRI offers measurement of myocardial blood flow in combina-
tion with pharmacological stress. This allows the determination of stress induced or
resting ischaemia by visual assessment [39, 41]. Quantification of myocardial blood
flow via perfusion MRT is also addressed by recent research [42]. The clinical results
are promising and a sensitivity comparable to PET studies is reached [43].
MRI angiography has been used to visualize cerebral blood vessels, but imaging
coronary arteries is still challenging due to the small size and respiratory and heart
motion.
Myocardial viability is also assessable by MRI by utilizing Gadolinium as contrast
agents and acquiring the late enhancement of scarred tissue to distinguish scar tissue
from akinetic, but viable (hibernating) myocardium.
MRI is a promising modality for cardiac imaging, since it can image either myocar-
dial anatomy, function, perfusion and viability. However, it is not widespread in
clinical practice, due to its high costs and limited availability. Therefore also the
clinical experience is limited.

2.7.4 Computed tomography

Computer tomography (CT) is a non-invasive 3D imaging procedure, that bases
on the measurement of X-ray transmission at different rotation angles. With these
projections the spatial distribution of X-ray absorption can be determined by re-
construction. Bones and calcifications can easily be discriminated from soft tissue.
However, blood and different soft tissues exhibit a very similar absorption coefficient
at typical X-ray energies of 80-140 keV, hence contrast agents have to be applied for
their distinction. In cardiac imaging CT is used to determine ventricle volumes and
ejection fraction by morphological imaging, measure calcification of coronary arter-
ies and the aortic valve and to perform coronary angiography. Moreover, myocardial
perfusion and viability has been assessed with CT in research studies.

2.7.4.1 Morphological imaging and myocardial function

A high spatial resolution up to 0.4-0.6 mm can be achieved by CT and also a high
contrast of blood pool to myocardial tissue is accessible with contrast agents [41].
This enables a reliable determination of ventricle function and morphology [44]. Al-
though CT provides faster acquisition and an about twofold higher spatial resolution
than MRI functional imaging with CT is rarely used in clinical practice. Functional
imaging is preferably performed by echocardiography rather than by CT since its
absence of radiation burden. However, functional parameters are often acquired as
a side-product during CT angiography [40].
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2.7.4.2 Calcium scoring of coronary arteries

Calcifications are detectable without contrast agents in CT images. For the purpose
of calcification staging the calcium or Agatston score is calculated as the calcified
volume multiplied by a density depending factor [45]. The predictive value of coro-
nary calcium scoring in asymptomatic individuals is widely accepted [44]. Patients
with calcium score above the median show an increased risk ratio of 4.2 for car-
diac infarction or death [46]. However, patients without calcifications have a low
probability of 0.5 % for cardiac events in the next four years [41]. In particular for
younger patients calcium scoring is useful to exclude CHD [47]. Older patients often
show calcifications that are not clinically relevant, hence a positive test for coronary
calcification is less meaningful here.
Although calcium scoring has been introduced in the nineties it is still discussed
controversial. Problematic is the low specificity of calcifications [48]. Even large
amounts of calcium do not imply the presence of significant hemodynamically rele-
vant stenoses. Also calcification does not indicate plaque stability.
Thus calcifications do not justify the therapeutic decision for invasive coronary an-
giography. However, in the absence of coronary artery calcification, a significant,
even hemodynamic relevant obstruction is unlikely, but possible, since not every
lesion is calcified.
The typical radiation burden of a calcium scoring study is relatively low (1 mSv),
but calcium scoring exhibits a high variability, which hampers the assessment of
atherosclerosis progression by repeated calcium score measurements [44].

2.7.4.3 CT coronary angiography

CT coronary angiography (CTCA) aims at illustration of the coronary arteries by
non-invasive contrast enhanced CT imaging. It has been enabled by multi-slice
CT (MSCT) machines that are capable of acquiring the heart region in only a few
gantry rotations. A clinical 64-slice CT system acquires the heart volume in three
rotations of 330-500 ms each. The time needed for a CTCA study is about 4-14 s,
which enables breath-hold acquisition [49].
However, ECG-gating is still required to avoid motion artifacts during reconstruc-
tion. In retrospective gating data is acquired continually and ECG-monitoring is
used to reject data acquired during the phases of strong motion like the systole. This
avoids motion artifacts, but leads to a radiation burden of about 12 mSv, which is
comparable to invasive angiography via catheterization (about 11 mSv) [48]. In case
of prospective gating data is only acquired at the late diastole, when heart motion
is minimal. Hereby radiation burden is reduced to 1-6 mSv. However, prospective
gating is applicable at regular and low heart rates of 60 beats per minute [41].
Ideally CTCA would avoid negative invasive angiograms and therefore replaces it
for the diagnosis of CHD. Though invasive angiography is still regarded as the gold
standard, since the limited spatial resolution of CTCA allows no quantitative grad-
ing of stenoses [44].
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CTCA provides a very high negative predictive value of 92− 100 % [48,49] and high
sensitivity for coronary stenoses (92 %) [41]. However, the positive predictive value
is remarkably lower (68 %) and CTCA tends to overestimate disease severity in com-
parison to invasive angiography [44,49]. An example of a CTCA and corresponding
invasive angiogram is depicted in Figure 2.10. Besides the diagnosis of CHD other
clinical applications of CTCA are the evaluation of known or suspected coronary
artery anomalies and post-operation assessment of bypass grafts [48].
Computer tomography has valuable clinical applications in cardiac imaging and
future developments like dual-source CT promises increased temporal resolution.
Moreover, perfusion imaging by dual energy CT is a possible future clinical appli-
cation [41]. Furthermore CT is used to improve image quality of SPECT and PET
reconstructions, by providing attenuation maps utilized for attenuation and scatter
correction.

2.7.5 Diagnostic coronary catheterization
The described non-invasive diagnostic methods are complemented by minimal in-
vasive procedures using catheterization. A catheter is positioned at the coronary
arteries via a large artery (e.g. arteria femoralis). The position of the catheter is
visualized and controlled by X-ray imaging. Different diagnostic as well as ther-
apeutic instruments can be applied to the coronary arteries via a single catheter.
Instruments for treatment of CHD are described in Section 2.8.2. Here a selec-
tion of diagnostic catheter methods is described briefly. To prevent the generation
of thrombi due to catheterization, anti-coagulation treatment is recommended e.g.
with heparin.

2.7.5.1 Invasive coronary angiography

In invasive coronary angiography (CA) the coronary arteries are visualized dur-
ing X-ray monitoring by injection of a contrast agent via a catheter. It is the
most accurate morphological procedure of lumen assessment of the coronary ar-
teries [50]. Besides visual interpretation, digital imaging enables quantitative and
semi-automatic measurements of arterial lumen. The negative predictive value for a
hemodynamically significant lesion is very high (91 %). However, not all morpholog-
ical stenoses do hamper blood flow significantly, hence the positive predictive value
is poor (25 %) [51]. An example of a invasive coronary angiogram in comparison to
a CTCA is depicted in Figure 2.10(b).

2.7.5.2 Intravascular ultrasound catheterization

Ultrasonic catheters can either provide blood flow velocity measurements (Doppler)
or imaging of the coronary walls. The measurement of flow velocities bases on fre-
quency shifts according to the Doppler principle. As inherent to their functional
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(a) Three-dimensional reconstruction of
coronary arteries acquired by CT after
intravenous injection of contrast agent.

(b) Invasive coronary angiogram.

Figure 2.10: Coronary angiograms by invasive and computed tomography imaging. The
arrow marks a high-graded stenosis of the left anterior descending coronary artery, from
[44].

principle, velocities can only be acquired along the catheter axis. Therefore angu-
lated or bifurcating vessels are challenging. Since flow velocity decreases in axial
direction from the center, the probe has to be carefully positioned near the ves-
sel axis [52]. Simultaneous measurement via CA enables quantification of absolute
blood flow, but usually mean peak flow velocities are used as an surrogate.
Imaging the walls of the coronary arteries by intravascular ultrasound (IVUS) catheter-
ization is capable of imaging early stages of atherosclerosis like epithelial dysfunction.
Moreover, the extent and the vulnerability of arterial plaque can be determined by
this procedure [52]. However, this procedure is laborious, time consuming and as a
catheter based method it can cause serious side effects.

2.7.5.3 Fractional flow reserve (FFR)

Fractional flow reserve (FFR) measurement is an extension to coronary angiogra-
phy to evaluate the hemodynamic influence of stenoses and to support the clinical
decision of treatment [53]. The combination of coronary angiography, FFR and
ad-hoc treatment by balloon dilation or stent implantation provides an ’all-in-one’
approach of diagnosis and treatment of CHD in one session [50]. The method aims
at determination of the ratio of stenotic to normal flow (FFR).

FFR = Qstenotic/Qnormal (2.1)
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According to Pijls et al. pressure can be used as an surrogate of flow in case of
maximal hyperaemia, since the FFR can be rewritten as [54]:

FFR = Pdistal/Paorta (2.2)

with Pdistal as the mean pressure distal to the stenosis and Paorta as the mean aortic
pressure. It has to be emphasized that FFR measurement presupposes maximal
hyperaemia induced by vasodilator agents like nitrates or adenosine.
Since the FFR is the ratio of stenotic to normal flow the normal value is one for all
vessels and patients. In a study containing 10 strictly normal patients the lowest
value found was 0.92 [55]. Below a FFR of 0.75 ischaemia can be certainly induced
by stress and in a gray zone between 0.75 − 0.80 stress induced ischaemia is also
possibly [50]. Using the threshold of 0.75 FFR gains a specificity of 100% and sen-
sitivity of 88% for inducible ischaemia [51]. Patients with an FFR above 0.75 show
a very low annual probability (1 %) of myocardial events. In these patients neither
the event rate nor the symptoms of angina pectoris could be improved by invasive
treatment [50,51]. Hence the FFR is recommended to decide whether or not a lesion
has to be treated by revascularization, and in case of multiple lesion, which ones
should be treated with priority.
Moreover, the determination of FFR is extremely reproducible, which is probably
due to the fact that the micro-vascular resistance vessels dilate to the same extent
repeatedly [50].
In particular, FFR is clinically valuable for the diagnosis of left main or diffused
disease since these are prognostically relevant but hard to detect by coronary an-
giography or myocardial perfusion imaging (see Section 2.7.6) [53].

2.7.6 Nuclear imaging
Nuclear imaging bases upon the determination of the kinetics of a radioactive
tracer. This tracer can either be a radioactive isotope of a biologically active
element (e.g. 11C) or a molecule that is marked by an radioactive element (e.g.
18F-fluorodeoxyglucose (FDG) or 99mTc-sestamibi). Moreover radioactive elements,
which exhibit similar kinetics to biological active ones, can be used as tracers. An
example of the last category is 201Tl that is chemically similar to potassium. In
nuclear imaging the amounts of tracer are so small that the tracer itself does not
influence the biological processes in the body. Also the doses are toxicologically
negligible in general.
Nuclear imaging provides functional instead of morphological information, since
the kinetics of tracers and therefore biological processes are visualized. In car-
diac imaging myocardial blood flow and viability of myocardial tissue are the most
important parameters. Furthermore, the myocardial pump function can either be
assessed by ECG-gated studies with perfusion tracers or radioactively marked ery-
throcytes [56, 57].
First myocardial perfusion studies have been performed around 1970 with planar
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imaging utilizing 43K or 81Rb as tracers. A few years later 201Tl-chloride has been
established as perfusion and viability tracer and in 1980 emission computer to-
mography (SPECT and PET) entered cardiac imaging. New 99mTc-based SPECT
tracers became clinically available in the 1990s that enabled the reliable assessment
of myocardial pump function by gated imaging. Other technical improvements are
attenuation correction, iterative reconstruction and recently fusion of SPECT or
PET images with CT-angiography.
Nowadays PET imaging becomes increasingly important in the cardiac domain, but
myocardial perfusion imaging (MPI) with SPECT is still the most common imaging
modality. In the following sections SPECT and PET imaging are described briefly.
Dual isotope imaging and technical aspects of imaging and reconstruction are de-
scribed in Chapter 3. Here standard single isotope clinical protocols and diagnostic
accuracy of nuclear imaging are depicted.

2.7.6.1 Myocardial Single Photon Emission Computed Tomography

Myocardial Single Photon Emission Computed Tomography (SPECT) is the most
widely used imaging modality to assess myocardial perfusion and to detect hemody-
namic relevant stenoses in the coronary arteries. With over 8 million SPECT studies
per year or about 30 000 studies per million population myocardial perfusion imag-
ing is very common in the United States [43]. In Europe myocardial perfusion tests
are notably less widespread. In Germany about 2500 studies per million population
and year are performed [58]. Besides perfusion defects also functional parameters
like the left ventricular ejection fraction are examined by ECG-gated SPECT stud-
ies. The assessment of myocardial viability is another clinical application of SPECT
imaging.
SPECT imaging needs collimation to determine the direction of emitted photons
and fulfill the imaging condition. The collimator defines the trade-off of spatial and
temporal resolution on the one hand and count rate and therefore noise properties
on the other hand. In standard collimators only one of about 10 000 photons pass
the collimator and a spatial resolution of about 7 mm is achieved at the center of
the field of view [59].
As described in Section 2.6 stenosis becomes hemodynamically relevant if the lumen
is decreased by 70-80 %. To detect less serious lesions obstructing vessel lumen by
about 50 % and hence to increase the sensitivity for CHD, ergonomic or pharmaco-
logical stress is applied. By comparison of myocardial blood flow at stress and at
rest, stress-induced ischaemia becomes detectable and can be assigned to coronary
territories. Therefore a standard myocardial perfusion examination consists of one
acquisition at stress and one at rest.
In MPI radioactive tracer accumulation is measured as a surrogate for myocardial
blood flow. Hence the tracers’s accumulation must be blood flow dependent. The
kinetics of MPI tracers are described in detail in Section 4.3. However, the basic
properties of 201Tl and 99mTc-sestamibi are also mentioned in this section for under-
standing of the clinical protocols.
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(a) 201Tl stress-early redistribution
protocol.

(b) 201Tl stress-late redistribution protocol.

(c) 201Tl stress-redistribution-reinjection protocol.

Figure 2.11: 201Tl SPECT imaging protocols.

201Tl-chloride has a half-life of 73.1 h and the main emission energy is at 69-71 keV.
It is accumulated in viable myocardium rapidly and linearly up to a physiological
achievable blood flow of 2.5 ml/(g min). If 201Tl is applied at stress it is washed-out
in ischaemic regions slower than in non-ischaemic areas. This redistribution leads
to normalization of stress induced ischaemic lesions after about 3-4 h. Thus stress
imaging has to be performed in the first 30 min after injection of 201Tl-chloride at
peak stress, but rest (redistribution) acquisition can be performed after 3-4 h waiting
time without an extra injection.
Non-viable tissue does not accumulate 201Tl-chloride, hence areas with persisting
lesions in rest imaging can be caused by scarring but also by severe chronic is-
chaemia (’hibernating myocardium’). The discrimination of hibernating, but vi-
able myocardium from scar tissue is clinically important to estimate the effect of
revascularization therapy. Early redistribution imaging has been reported to under-
estimate viability. However, detection of viable myocardium can be improved by
late redistribution imaging after 18-24 h waiting time [60]. As an alternative 201Tl-
chloride can be reinjected directly after early redistribution imaging at rest [61,62].
This method is reported to be more accurate than late redistribution imaging and
positive and negative predictive values of myocardial function improvement after
revascularization of 75-85 % and 85-95 % respectively are reported [63]. Standard
201Tl stress-early redistribution, stress-late redistribution and stress-redistribution-
reinjection protocols are depicted in Figure 2.11.
99mTc-based tracers take advantage of the shorter half-life of 6 h and preferable emis-
sion energy of 140 keV of 99mTc . This enables higher doses up to about 1000 MBq
and hence improved image quality. Since 99mTc is not biologically active it has to
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Figure 2.12: Example of 99mTc-sestamibi 2 day protocol.

be bound to molecules providing desired kinetics. The most frequently used 99mTc-
based tracers are 99mTc-sestamibi and 99mTc-tetrofosmin. These show a stronger
binding than 201Tl-chloride to the myocardial cells, thus no significant redistribution
occurs and the status of perfusion is preserved for a time span of about 6 h. How-
ever, the absence of redistribution necessitates two injections to acquire perfusion
at stress and at rest. Besides myocardial accumulation both tracers and especially
99mTc-sestamibi are accumulated in the liver and the gallbladder. To avoid interfer-
ence of subdiaphragmatic activity with myocardial activity a waiting time of about
15-30 min after exercise and 30-45 min at rest is recommended [43].
Acquisitions at stress and at rest using 99mTc tracers can be acquired in one or two
day protocols. In the following these protocols are described briefly. Two day pro-
tocols provides optimal image quality since stress and rest acquisitions does not
interfere with each other. However, two day protocols are inconvenient for the pa-
tient and impractical for clinical work-flow. Moreover, full diagnostic information is
in general not available on the first day. A standard two day protocol is depicted
in Figure 2.12. Rest and stress acquisition can be interchanged, but beginning with
the stress test is preferable since the rest scan can be skipped if the stress scan is
completely normal (stress-only imaging).
In one day protocols the second dose of 99mTc has to be about 2.5-3 times higher
than the first one to reduce interfering effects in the second acquisition. Protocols
can either start with rest or stress acquisition depending on the clinical or work-
flow requirements (see Figure 2.13). A protocol starting with rest acquisition takes
advantage of the lower uptake at rest and allows true rest imaging without possible
post stress stunning effects. Furthermore stress imaging can be performed directly
after rest acquisition. Stress first protocols offer possible dose reduction by skipping
the rest test in case of a completely normal stress test. In one day stress-rest proto-
cols at least 2 h between injections are recommended for recovery after stress.
Further protocols utilizing 99mTc and 201Tl to acquire rest and stress scan either se-
quential or simultaneously are described and discussed in Chapter 3.
SPECT imaging provides 3D tomographic images of tracer distribution. For the as-
sessment of myocardial perfusion these images are reorientated along the heart axis.
The myocardium is depicted in slices along this axis (short axis) or perpendicular to
it (vertical and horizontal long axis). An alternative representation is the bulls-eye
polar plot. The assessment is done visually by semi-quantitative scoring of minor
perfused regions or automatically by comparison to a database of normal patients
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(a) 99mTc 1-day, stress-rest protocol. (b) 99mTc 1-day, rest-stress protocol.

Figure 2.13: Example of one day 99mTc-sestamibi protocols.

examined at the same conditions [64].
In most cases the left ventricle is the only clearly visible part of the heart. Perfu-
sion tracers are mostly accumulated here, since it contains most of the muscle mass
and thus requires more blood perfusion. The atria and the right ventricle are only
slightly visible in SPECT images expect in case of right ventricular hypertrophy.
Furthermore images are normalized to the area with the highest activity in the my-
ocardial region of interest, since up to now no absolute quantification of blood flow
is clinically available. Therefore lesions are only detectable in contrast to areas of
normal perfusion. The detection of global perfusion defects (’balanced ischaemia’)
is hampered by the absence of an absolute scale. Absolute quantification of tracer
uptake is discussed in more detail in Chapter 4.
The radiation burden of a myocardial perfusion scan depends on the used protocol.
European guidelines recommended doses lead to a effective dose of 10-16 mSv [65].
This effective dose calculation implements the updated effective dose per unit activ-
ity of 201Tl of 0.14 mSv/MBq [66]. The radiation exposure of PET and SPECT MPI
protocols are given in Table 2.2 and Table 2.3. The equivalent doses of myocardial
perfusion tracers are listed in Table A.2 in the appendix.

Protocol Radiation exposure
201Tl-chloride 74-111 MBq 10.0-15.5 mSv
99mTc 2-day protocol 2× 500 MBq 7.2-8.2 mSv
99mTc 1-day protocol (250− 350 MBq) + (625− 875 MBq) 6.4-10.0 mSv

Table 2.2: Radiation burden of myocardial perfusion imaging protocols.

The reported sensitivity and specificity of SPECT varies depending on the patient
collective and is partly influenced by referral bias. An extensive review of different
studies has been performed by Underwood et al. [67]. It reports sensitivity in a
range of 85-90 % and specificity in a range of 70-75 %. Specificity is reported to
be increased by ECG-gating up to 94 %. Left main stenosis (>50 %) is detected
by perfusion in only 56 %. But in combination with other parameters like function
or ECG-changes sensitivity can be improved to 83 % [68]. A reduced sensitivity is
reported if anti-angina medicamentation is not stopped before examination.
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MPI is mostly used in medium to high risk patient populations and it is most valu-
able to predict the risk of future cardiac events and for the prognosis of the benefit
of revascularization [67].

2.7.6.2 Positron Emission Tomography

Like SPECT, Positron Emission Tomography (PET) bases upon the tracer princi-
ple. In contrast to SPECT tracers emitting γ-photons, PET uses positron emitting
radio-pharmaceuticals. The positron is deaccelerated until it annihilates with an
electron. The mean path until annihilation depends on positron energy and hence
on the radioactive decay. Two γ-ray photons are created in the annihilation. The
linear momentum of the electron-positron system is negligible, hence the two created
photons have an energy 511 keV each and are emitted in opposite directions.
Ring detectors positioned circularly around the patient detect these γ-photons. The
spatial connection of the two detector segments, measuring the photons, defines a
so called ’line of response’ (LoR) that constrains the possible positions of annihila-
tion (Figure 2.14). Modern time of flight systems also measure the time difference
between the two detections to further determine the position of annihilation along
this LoR.
In contrast to SPECT, no collimation is needed in PET imaging, since the infor-
mation of photon direction is already provided by the LoR. Hence the geometric
efficiency of PET systems is higher than in SPECT cameras, which leads to im-
proved image quality. Also 511 keV photons are less prone to attenuation and scat-
ter in the patient than γ-energies of 60-170 keV usually used for cardiac SPECT
imaging. Moreover, correction for scatter and attenuation is more straightforward
in PET, since the probability for scatter and attenuation is constant along the LoR.
In SPECT the probability of an interaction of photon with matter depends on the
position of emission respectively on the path to the gamma camera. However, the
attenuation map acquired e.g. by CT has to be well aligned to emission volume,
since a mismatch of transmission and emission volume can lead to serious artifacts.

Figure 2.14: Determination of the line of response (LoR) in PET-imaging.
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In summary, PET provides better image quality than SPECT especially in obese
patients, where attenuation and scatter are more prominent [69]. Moreover accurate
attenuation and scatter correction in combination with dynamic imaging enables ab-
solute quantification of myocardial blood flow which has been reported to provide
valuable clinical information in particular in case of balanced ischaemia [70–72].
Radioactive labeled ammonia 13NH3 and 82Rb are the two PET tracers which are
clinically available for perfusion imaging, while 18FDG is used for viability tests.
The basic properties of these tracers are shown in Table 2.3.
The half life of 13N is 9.96 min hence it requires an on-site cyclotron at the hospital.
The tagged ammonia diffuses in the myocytes where it gets trapped by binding to
glutamine. The uptake depends on blood flow but also on metabolism. Like 99mTc-
sestamibi, 13NH3 shows also high liver uptake, that can decrease image quality in
the inferior wall. Furthermore, the lateral wall is reported to show 10 % less uptake
than other regions in normal patients; the reason for this reduced uptake is still
unknown [73]. An example of a 13NH3 perfusion protocol using pharmacological
stress is depicted in Figure 2.15(a). The half live of 13NH3 allows also ergonomic
stress with subsequent PET imaging.
More common than 13NH3 as perfusion agent in PET imaging is 82Rb, since it does
not require an on-site cyclotron but can be eluted from a generator. Rubidium-82
is a potassium analog like 201Tl and shows similar kinetics. However, its half life
of 75 s impedes redistribution imaging, but allows repeated imaging (at stress and
at rest) after short waiting times. Although 82Rb is not accumulated in the liver,
image quality is reported to be inferior to 13NH3 imaging, since the high energy of
the positron results in a long positron range of 2.6 mm compared to 0.7 mm for 13N.
Nevertheless the ability of absolute quantification increases sensitivity for balanced
ischaemia. An example 82Rb protocol is depicted in Figure 2.15(b). The overall
protocol time of a myocardial perfusion study with PET is 30-45 min.
Other tracers that are not available in clinical practice but in research studies are

15O labeled water and 18F-flurpiridaz [75]. Water labeled by 15O freely diffuses from
blood pool into myocardial cells and back. This enables accurate quantification of
myocardial blood flow, but impedes qualitative interpretation of regional flow, since
the myocardium can not be distinguished from blood pool [73].
18F-flurpiridaz formerly known as 18F-BMSA is a promising perfusion tracer utiliz-
ing 18F as positron emitter. The half-life of 109.8 min allows ergonomic as well as
pharmacological stress. Moreover the lower positron energy of 18F enables higher
resolution than other myocardial perfusion agents. The uptake mechanisms have
been examined and promising kinetics and a very high extraction rate has been
found [76, 77]. This is also supported by further pre-clinical and first clinical stud-
ies [78–80]. A multi-center study assessing the diagnostic efficiency of flurpiridaz
has been started in spring 2013. However, this promising 18F-based perfusion tracer
is not yet approved for clinical use.
In the field of viability testing, PET imaging with 18F-fluorodeoxyglucose (18F-DG)
is dominant and referred as the gold standard [81]. At normal conditions and in
particular in fasting state myocytes metabolize mainly fatty acids. Damaged or
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(a) Example of 13NH3-protocol for cardiac imaging [74].

(b) Example of 82Rb-protocol for cardiac imaging [43].

Figure 2.15: PET protocols for cardiac imaging.

stressed myocytes shift metabolism to glucose. Imaging of glucose metabolism with
18F-DG at fasting state often lead to overestimation and poor image quality that
hampers the comparison to perfusion imaging. Thus myocardial glucose metabolism
is increased by glucose loading and viability is assessed by comparison of 18F-DG
uptake and perfusion imaging by 13NH3, 82Rb or SPECT tracers.
Areas with reduced perfusion and glucose metabolism contain scar tissue, while hi-
bernating myocardium is indicated by reduced perfusion but normal 18F-DG uptake.
As stated in Section 2.7.6.1 viability is an important parameter for the decision sup-
port and planning of revascularization. Hence 18F-DG imaging is also of clinical
relevance not only in oncology, but also in the cardiac domain.

Property 15O-water 13NH3
82Rb

Extraction fraction at peak stress flow ≈100 % >90 % ≈40 %
Retention fraction at peak stress flow NA 55-65 % 25-30 %
Isotope half-life in min 2.03 9.97 1.27
Injected activity for 3D PET in MBq 700-900 370-550 750-1500
Rest + Stress total dose for 3D PET in mSv 1.6-2.0 1.5-2.2 1.1-2.2
Rest-Stress interval in min 0 20-40 0
MBF (MPI) Scan-time in min 6 (NA) 2-20 (10) 2-8 (6)
RMS position range in mm 1.02 0.57 2.60
Reconstructed image resolution in mm 8-12 6-10 8-12
Production method On-site cyclotron Generator
FDA approved No Yes Yes

Table 2.3: Properties of PET blood flow tracers [82].

39



2 Medical background

2.8 Therapy and treatment of coronary heart disease
The preferential treatment of CHD is a change of lifestyle in particular at early
stages. Regular physical activity can help to lower the risk of cardiac events by
50 %, while smoking, obesity and hypertension are risk factors for CHD and other
cardiovascular diseases. Hence stopping smoking and weight reduction improve the
prognosis of CHD. If this alone is not sufficient or adequate, different options of
medicamentation or (minimal) interventional therapy are available. These are briefly
described in the following section to provide an overview of current CHD treatment.

2.8.1 Medicamentation
The aim of medicamentation in treatment of CHD is to avoid thrombi which oc-
clude coronary arteries, hamper further progression of arterial plaques or eliminate
ischaemia by resolving the mismatch of O2 need and support.

Nitro-vasodilators Nitro-vasodilators like amyl nitrate, nitroglycerin or molsido-
mine aim at resolving the O2 mismatch. These agents dilate either arterial and
venous blood vessels by exposition of NO molecules. The dilation of veins leads
to reduced reflow to the heart and hence reduced myocardial wall tension and O2
consumption. Reduced myocardial wall tension in combination with dilation of cor-
onary arteries improves O2 support. Those medicaments are used in case of acute
angina pectoris, heart failure or myocardial infarction. They are also applied to
prevent attacks of angina pectoris. Although they are commonly used in acute set-
tings, there is no evidence for an effect on the prognosis of stable or unstable angina
pectoris. Common secondary effect are blushing, head ache and hypotension [29].

β-blockers The effect of β-antagonists bases on the blocking of β-receptors for
adrenalin and noradrenalin. The β-receptors can be further divided into the cate-
gories β1 und β2. Stimulation of β1-receptors increases heart rate, atrioventricular
conduction and contractility while stimulation of β2-receptors lead to relaxation of
smooth muscles and therefore vasodilation. The first generation of β-antagonists
like propranolol are non-selective and blockades β1 as well as β2-receptors. Selective
β-antagonists like metoprolol or bisoprolol affect mainly β1 -receptors and therefore
have a more focused effect on heart rate and contractility.
Although non-selective β-blockers decrease vasodilation by blocking β2-receptors,
they lower blood pressure and are used for the therapy of hypertension. For the
therapy of CHD β-antagonists are important agents, since these reduce the O2 con-
sumption by reducing the heart rate and contractility. Like for nitro-vasodilators the
effect of β-blockers is only symptomatic. A prognostic influence on the probability
of myocardial events like infarction could not be proven [15,29].
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ACE inhibitor The inhibition of the angiotensin-converting enzyme (ACE), a part
of the renin–angiotensin system, results in relaxation of blood vessel tonus and de-
crease of plasma volume. This leads to a decrease of blood pressure and myocardial
O2 consumption.
Clinically it reduces hypertrophy of the left ventricle by 10-15 % and improves elas-
ticity of the coronary arteries [17]. The HOPE study has shown that the probability
of cardiac events can be lowered by the ACE inhibitor ramipril in patients suf-
fering from atherosclerosis even besides its lowering effect on blood pressure [83].
Particularly ACE-inhibitors are applied to patients after a survived myocardial in-
farction [29].

Statins Statins like fluvastatin or rosuvastatin reduce the cholesterol level, in par-
ticular of the low-density lipoproteins (LDL), which is suspected to cause and impair
atherosclerosis. Delayed progression or even regression of arterial plaques have been
detected in patients where cholesterol level has been lowered pharmacologically. Be-
sides the lowering of cholesterol levels statins improve endothelial function, micro-
circulation and have anti-inflammatory effects [15]. These effects are suspected to
improve the prognosis of CHD patients. The risk of serious cardiac events could be
reduced by 20-30 % with statins [29].
A possible side effect is toxic myopathy of skeletal muscles up to lethal rhabdomy-
olysis. Cerivastatin was withdrawn from market, after an accumulation of lethal
rhabdomyolysis has been reported. Other possible side effects are cognitive loss,
myalgia and hepatic dysfunction [84].

Calcium channel blocker Calcium channel blockers bind to to calcium channels
of myocytes in the myocardium or the blood vessels. This reduces the inflow of
Ca+ ions, hence conduction of electrical activity is decelerated, contractility of the
myocardium is reduced and the tonus of blood vessels decreases. The latter leads to
a dilation of the coronary arteries and to an improved O2 support, while a reduction
of myocardial contractility decreases O2 consumption [17]. Three types of calcium
channel blockers are clinically applied:

• Verapamil-type: These types act on the myocytes in the heart directly and
reduce heart rate and contractility.

• Nifedipine-type: Calcium channel blockers like nifedipine dilate the arterial
blood vessels particularly the coronary arteries and slightly lower the contrac-
tility of the myocardium.

• Diltiazem-type: This calcium channel blocker combines the effects of the
verapamil and nifedipine type.

Calcium channel blockers are used in the therapy of CHD to treat stable angina pect-
oris. Verapamil can improve prognosis after myocardial infarction, while nifedipine
have no positive effect after infarction, but reduces the generation of new plaques
in the coronary arteries [15,85].
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Anti-platelet drug Anti-platelet drugs like acetylsalicylic acid or clopidogrel im-
pede the generation of thrombi in coronary arteries, affected by atherosclerosis.
Hence, these agents do not reduce arterial plaques or even stop their progression,
but avoid an occlusion of arteries with serious clinical impairment like myocardial
infarction [29]. Therefore anti-platelet drugs can improve the prognosis for CHD
patients. It has been shown that the application of acetylsalicylic acid lowers the
probability of myocardial events by 20-30 % [15].

2.8.2 Interventional therapy
Interventional treatment either by dilation or bypass grafts are opportunities in pa-
tients, where medicamentation alone is not sufficient to improve symptoms or prog-
nosis of CHD. Typical procedures of revascularization are percutaneous coronary
intervention (PCI) or coronary artery bypass graft (CABG).

Percutaneous coronary intervention or coronary angioplasty is a minimal inva-
sive procedure to remove atherosclerosic stenoses in coronary arteries. Fully oc-
cluded coronary arteries can be re-opened or the arterial lumen can be increased
to improve myocardial blood flow. Coronary angiography (see Section 2.7.5.1) is
used to guide the therapeutic instrument to the lesion. Usually balloon catheters
or stents are used for revascularization. Other types of therapeutic catheters e.g.
lasers have been tested, but are not used in wide clinical practice [17]. Hence, in
this thesis only the procedure using balloon and stent catheters is described.
The balloon or stent is positioned at the lesion via the guidance wire and inflated
or expanded respectively. Typically a pressure of 8-14 bar is used to inflate the bal-
loon. For comparison the normal systolic pressure in the arteries is 120 mmHg which
corresponds to about 160 mbar. After extension of the vessel the catheter is pulled
back and results are evaluated visually and by measuring pressure gradient before
and after the stenosis. If necessary, balloon dilation can be repeated until arterial
lumen is sufficiently increased. A rest stenosis of less than 20 % is aspired. Multiple
stenoses can also be treated beginning with the most distal one.
While the balloon is inflated (for 15-120 s), blood flow is blocked in the treated
vessel. This short time period of occlusion can lead to ischaemic reactions, which
are fully reversible [86]. More serious complications are dissection (in 2-5 % of all
surgeries), acute occlusion caused by thrombi or dissection (<1 %) and perforation
of coronary artery with cardiac tamponade 0.2 %).
Another complication called ’snow plough effect’ can occur, if stenoses are located
at or near arterial bifurcation. In this case the dilatation of one vessel leads to occlu-
sion of a neighboring one. This can be avoided by special methods like the ’kissing-
balloon-technique’ that inflates one balloon in each of the bifurcating branches of
the artery. Although 95 % of all balloon dilation are evaluated as successful directly
after treatment and symptoms of angina pectoris are relieved, significant re-stenoses
occur in 30-50 % of the patients mainly after 3-6 month.
To overcome re-stenoses and to avoid arterial dissection stents are used instead or in
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combination with balloon dilatation. Stents are tube-shaped meshes hampering the
elastic recoil of the artery after dilation and improve the re-stenoses rate to 15-30 %
in the first 6 month. Over the stent material of steel or cobalt alloys a new endothe-
lium is formed within 4 weeks. Until complete endothelialization anti-platelet drugs
like clopidogrel have to be applied to avoid thrombi generation.
Re-stenosis can be further reduced to a rate of 5-15 % by drug-eluting stents (DES).
These deliver anti-proliferation agents like sirolimus, everolimus or paclitaxel locally.
A drawback of DES is the prolonged time for endothelialization, making medica-
mentation with anti-platelets necessary for at least 6 month [29].
Percutaneous coronary intervention as an endoscopic surgery is a gentle and valu-
able method for revascularization particularly in patients suffering from one or two
vessel disease. However, stenoses in the left main and strongly calcified or angu-
lated lesions are difficult to treat by PCI and demands for other surgery options like
bypass surgery.

Coronary artery bypass graft surgery In CABG surgery arterial or venous blood
vessels are grafted to circumvent stenoses in the coronary arteries. This method
is indicated in case of left main stenosis, multi-vessel disease or other complicated
lesions, not treatable by PCI. In CABG surgery the patient is anesthetized and
the chest is opened by median sternotomy. Subsequently, the heart is stopped by
cardioplegia and circulation is maintained by a cardiopulmonary bypass. Then the
arterial or venous graft is anastomosed with the coronary artery behind stenosis or
blockade and the aorta. Arterial graft vessels are the internal thoracic artery or the
radial artery from the forearm. Also the great saphenous vein is used as a venous
graft. After anastomosis of the graft, the heart is restarted and the cardiopulmonary
bypass is removed. A modification to this procedure is the so called "off-pump"
method, which is performed at the beating heart held by stabilization. Recently
also minimally invasive cardiac surgery (MICS-CABG) has been applied, which
promises less trauma and faster recovery.
Success rate of CABG depends strongly on the experience of the surgeon. In 75 %
of the patients a significant improvement of symptoms occur in the first 5 years.
After 10 years this holds for 50 % of the patients and 6-8 % need a second surgery
for revascularization during this time [87]
About 10 % of arterial grafts are occluded after 20 years, while about one half of the
venous grafts are occluded after 15 years and 10-20 % already in the first year. The
risk of bypass atherosclerosis can be decreased by medicamentation with statins or
anti-platelet drugs.
If no special risk factors like age (>80 %), diabetes or an ejection fraction of less
than 40 % are present, CABG exhibits a lethality risk of less than 1 %. Overall the
lethality rate after surgery is reported to be 1-4 % [25].
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2.9 Summary and discussion
In this chapter the medical background of the thesis is described and different meth-
ods for the diagnosis and therapy of CHD are delineated. Therapy options can be
divided in medicamentation or revascularization.
In patients with acute cardiac syndrome, like myocardial infarction or unstable an-
gina pectoris revascularization can improve the long term prognosis. In patients
with chronic stable angina revascularization is reported to have no better prognosis
than optimized medicamentation [88,89]. If revascularization is indicated, a PCI is
adequate for treating lesions in one or two vessels. In about 80 % of the angioplasties
stents are implanted. Although this improves the rate of re-stenoses, side branches
can be occluded by the stent (overstenting).
In case of triple vessel disease or left main or complex lesions, the CABG provides
an improved prognosis for the patients, but also include a higher surgery risk. For
the right choice of treatment an accurate diagnosis is crucial.
However, the diagnosis of CHD is challenging, since atherosclerosic lesions can de-
velop over years and result in myocardial infarction or death without causing prior
symptoms like angina pectoris [40]. Myocardial function (wall motion and pump
function), perfusion, viability and the morphology of the coronaries are features
examined by the different diagnostic methods. The clinical relevance of selected
diagnostic methods for these features are listed in Table 2.4.
As stated in Chapter 2, lesions reducing coronary lumen less than 50 % are not
hemodynamically relevant and thus do not induce ischaemia. Ischaemia itself mani-
fests first as perfusion abnormality. With progressing severity subsequently diastolic,
systolic dysfunction, ECG changes and at last angina or infarction occur (see Fig-
ure 2.16). Hence diagnosis basing on perfusion can detect CHD at earlier stages than
those measuring or visualizing function or electro-physiology. This complicates the
comparison of different diagnostic methods since sensitivity and specificity are de-
pending on the severity and prevalence of CHD in the patient collective. Moreover,
ground truth is not available in most cases, since the most accurate methods like
FFR and angiography are invasive and therefore implicate a risk for complications
that cannot be accepted e.g. in low risk patient collectives. Accordingly radiation
burden hampers large sets of multiple nuclear medicine or CT studies.
The choice of the adequate diagnostic method is depending on the pre-test probabil-
ity and is always a trade-off between diagnostic accuracy and possible complications
or radiation burden. With a complication rate of 0.04 % electrocardiography is a safe
method without radiation exposure. However, in high risk patients a negative ECG
is not sufficient to exclude CHD and in low risk patients a positive test does not
prove CHD and not even justify coronary angiography as next diagnostic step [40].
Moreover, localization of ischaemic regions is challenging or impossible by ECG.
Echocardiography allows detection and localization of ischaemia by wall motion ab-
normalities [40]. Like ECG it can be regarded as a safe diagnostic method without
radiation burden and low complication rate. Thus it is used as the next step in case
of a non-conclusive ECG or to assess function after revascularization [25].
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Figure 2.16: Ischaemic cascade, adapted from [90].

Problematic is the high inter-observer variability, since echocardiography is a de-
scriptive method and image quality is limited [37, 91]. Moreover, the restriction to
sonic windows in general and possible arrhythmia or atrial fibrillation complicate
the imaging procedure.
Magnetic resonance imaging overcomes the shortage of limited image quality and
sonic windows and allows perfusion and viability imaging. Coronary angiography by
MRI is also a topic of current research. Hence MRI promises to cover the complete
set of myocardial imaging. Regarding viability it is the only modality capable of
imaging the transmural extent of scarred tissue [40]. However, the limited availabil-
ity and high costs limit the widespread usage and therefore the clinical experience.
Computer tomography is known to be less accurate in determining cardiac function
than MRI or echocardiography [44]. It has been extensively used to assess the calci-
fication of coronary lesions, but the clinical value of calcium scoring is controversial,
except the fact that a negative test in older patients is linked with a high negative
predictive value. An emerging field is CT based coronary angiography. Although it

Diagnostic method Function Perfusion Viability Coronary morphology

Echo +++ ++ ++ +
SPECT/PET ++ +++ +++ -
CTCA/CT ++ + + ++
MRT +++ ++ +++ +
CA - - - +++
FFR - - +++ -

Table 2.4: Overview of clinical relevance of different diagnostic methods [40,48].
Legend: +++ Gold standard or equivalent; ++ Clinical method, less accurate than gold
standard; + potential benefit: not clinically present; - no diagnostic benefit
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Method Radiation exposure

SPECT 201Tl-chloride protocol 10-15.5 mSv
SPECT 99mTc protocol 6.4-10 mSv
PET MPI with 82Rb or 13NH3 1.1-2.2 mSv
PET viability 18FDG ≈7 mSv
Diagnostic coronary angiography ≈11 mSv
CTCA retrospective gating ≈12 mSv
CTCA prospective gating 1-6 mSv

Table 2.5: Radiation burden of myocardial imaging protocols.

is affected by artifacts in strongly calcified lesions, it allows visualization of coronary
morphology without the risk for serious complications inherent in invasive methods.
Also radiation burden can be reduced by prospective gating (see Table 2.5).
The (minimal) invasive procedures using cardiac catheters are most accurate in
their respective field. Fractional flow reserve for perfusion, coronary angiography
for morphology and IVUS for plaque structure and vulnerability. This is important
since myocardial infarction is often a consequence of plaque rupture of hemodynamic
non-obstructive lesions. However, catheter procedures are expensive and laborious
and exhibit a high radiation burden due to X-ray controlled positioning. Further-
more, serious complications are seldom but present. In 0.1 % the patient dies as a
consequence of the procedure, in 2 % a myocardial infarction or stroke occur or an
emergency bypass grafting is necessary [67]. Hence catheterization can be seen as
the most accurate but most risky end point of diagnosis. During the revasculariza-
tion procedure by PCI, angiography and FFR are very valuable to identify the most
relevant lesions and assess the success of the treatment.
A typical gatekeeper for coronary angiography is myocardial perfusion imaging by
SPECT or PET. It features a low probability of complications and moderate ra-
diation burden with a high sensitivity and specificity. The strength of myocardial
perfusion imaging is the prognosis of risk stratification. Patients with a normal MPI
exhibit a rate of cardiac events of 0.7 % which is similar to the asymptomatic pop-
ulation [67]. This is even true in patient collectives showing stable angina pectoris
and is independent diagnostic findings derived from angiography [40]. In contrast an
abnormal MPI is associated with an increased risk for cardiac events of 6.7 % [67].
A known limitation of SPECT imaging is the underestimation of lesions in case of
multi-vessel disease [92]. Due to the lack of absolute quantification in SPECT a
balanced reduction of blood flow can result in a normal or almost normal MPI scan.
Although global flow reduction without regional lesions might be rare, it can result
in underestimation of less obstructive but still severe lesions in case of multi-vessel
disease. Another issue are false positive results due to attenuation in female and
obese patients. In 2005 attenuation correction was performed in only 20 % of the
SPECT MPI studies in Germany [81]. This is probably due to the fact that atten-
uation correction is more prone to producing artifacts in SPECT than in PET.
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Straightforward attenuation correction and better count statistics result in better
image quality in PET. Spatial resolution is also higher and further improvement is
promised by 18F-flurpiridaz as future perfusion tracer. Finally the clinically proved
capability of absolute quantification of blood flow enhances the sensitivity in bal-
anced multi-vessel disease scenarios. However, SPECT is still the workhorse of
nuclear cardiac imaging due to long-term experience, widespread base of installed
cameras and low costs [40].
In many studies MPI imaging is compared to coronary angiography. Although coro-
nary angiography is an approved method for visualization of the coronaries it images
morphology and not perfusion. MPI shows perfusion on the cellular stage, therefore
even an obstructed artery does not inevitably lead to a reduced cellular perfusion if
sufficient collaterals are present [40].
Differences between angiography and MPI are necessarily not the result of a fail-
ure of one modality, but caused by the fact that different features are imaged [67].
Hybrid imaging with SPECT/CT and in particular the combination of SPECT or
PET and CTCA takes advantage of combined imaging of morphology and perfusion.
Precisely because of their complementarity SPECT and CTCA are ideal partners for
hybrid imaging [92]. The fusion of MPI and CTCA enables the mapping of stenoses
and minor perfused regions (see Figure 2.17). This is challenging in MPI scans alone,
since the affiliation of coronaries to myocardial territories exhibits a great variability
in humans [92]. The advantage of hybrid imaging has been reported by Schaap et al.
recently [93]. The combination of SPECT and CTCA has been compared to FFR as
reference standard. The hybrid information results in sensitivity and specificity of
96 % and 95 % respectively. The sensitivity of the single tests are 93 % for SPECT
and 98 % CTCA, but the specificity improves from 79 % for SPECT and 62 % for
CTCA.
The combined information is also relevant for therapy of CHD, since lesions in com-
bination with ischaemia are an criteria for revascularization, while stenosis are better
treated by medicamentation alone to reduce the risk for cardiac events [92].
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Figure 2.17: Example of complementary findings with hybrid imaging, from [93]. A defi-
nitely abnormal CTCA and balanced ischaemia on SPECT. Myocardial perfusion SPECT
shows normal perfusion (orange and white colors resemble normal perfusion, purple and
blue colors resemble abnormal perfusion). CTCA showed significant left main stenosis
(LM) and mild stenoses in the RCA and CX. An intermediate lesion was visible in the
proximal LAD. Conventional coronary angiography and FFR confirmed findings of CTCA.
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"That’s the effect of living backwards,"
the Queen said kindly: "it always makes
one a little giddy at first."

Lewis Caroll, Through the Looking-Glass,
and What Alice Found There

3 Simultaneous dual isotope imaging
In this chapter a study evaluating a new simultaneous dual isotope (SDI) protocol
utilizing 201Tl at stress and 99mTc-sestamibi at rest for myocardial perfusion imaging
(MPI) is described. The intention of the protocol is to improve clinical workflow and
patient comfort. It takes advantage of the distinct emission energies of 99mTc and
201Tl to enable a single scan protocol providing simultaneous acquisition of rest and
stress images. The simultaneous acquisition of stress and rest images offers an over-
all imaging time of about 1 h and it spares the patient one inconvenient acquisition
procedure compared to standard protocols.
The chapter’s outline is described in the following: In the introduction (Section 3.1)
other sequential and simultaneous dual isotope protocols are introduced and dis-
cussed in the context of the new proposed procedure. The proposed protocol and its
development are depicted in Section 3.2. The required reconstruction method and
the parameters of the phantom measurements and the clinical feasibility study are
specified in the materials and methods Section 3.3. Section 3.4 presents the results
of phantom and patient studies that are discussed in the last section of this chapter
(Section 3.5).
The study described in this chapter has also been published in the European Journal
of Nuclear and Molecular Imaging [1].

3.1 Introduction to dual isotope imaging
Standard one and two day MPI protocols using a single tracer have been described
in the last chapter (see Section 2.7.6.1). The concept of simultaneous dual iso-
tope imaging is to inject two tracers with different emission energies in order to
simultaneously image two different physiological processes in the patient by a sin-
gle scan. Depending on the tracer characteristics, the acquisitions of the different
tracers can be performed either sequentially or simultaneously. In MPI dual iso-
tope protocols usually utilize acquisitions of 201Tl and 99mTc tracer distributions
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for stress and rest imaging. One serious limitation for protocol design arise from
downscatter of the 140 keV emission of 99mTc into lower 201Tl energy windows. If
uncorrected, about 27 % of the primary 99mTc counts are detected in the lower
201Tl window [60]. However, contamination of the 99mTc energy window by down-
scatter caused by high energy emissions of 201Tl are negligible, mainly due to the low
abundance of these high energy 201Tl emissions [94]. Therefore sequential protocols
usually apply 201Tl acquisition first to circumvent this downscatter issue. In order
to avoid long recovery times after stress, the first acquisition is performed at rest
leading to 201Tl-rest/99mTc-stress protocols.
Using two different tracers can reduce overall imaging time of MPI protocols sig-
nificantly and thus improve clinical workflow and patient comfort. Furthermore,
simultaneous imaging spares one straining imaging procedure and provides inherent
perfect registration of rest and stress volumes. Such mis-registration might lead to
misinterpretation of infarct areas as ischaemic lesions [95].

3.1.1 Sequential dual isotope protocols
In sequential dual isotope protocols the distributions of the two tracers are deter-
mined by two separate, sequentially performed acquisitions. An implementation of
a sequential dual isotope protocol has been proposed by Berman et al. shortly after
99mTc-sestamibi was clinically approved [96]. The schedule of this protocol is shown
in Figure 3.1. It starts with a weight dependent 201Tl injection of 111-167 MBq and
about 5 min later the first SPECT scan is performed. This scan takes about 20 min
on a standard dual-head scanner acquiring 64 projections with a time per projec-
tion of 35 s. Subsequently the patient is stressed ergonomically or pharmacologically
e.g. by adenosine. It is recommended to combine pharmacological vasodilation with
slight ergonomic stress like walking, since this can shorten waiting time for liver
clearance after stress from 45 min to 15 min.
For stress imaging 925-1500 MBq of 99mTc-sestamibi are injected at peak stress. The
maximum stress is maintained for one minute following 2 min of reduced workload
to ensure adequate tracer accumulation in the myocardium.
The protocol suggests to start stress acquisition after 15 min but also longer waiting
times are possible to improve liver clearance. Due to the higher count rate of the
99mTc-rest acquisition, the time per projection can be reduced to 25 s, leading to an
acquisition time of about 15 min.
For the purpose of (99mTc ) scatter reduction, it is suggested to reduce the width of
the 99mTc window centered at 140 keV from the standard value of 20 % to 15 % [91].
No further scatter correction is applied and attenuation correction is only used in
combination with uncorrected images to identify attenuation artifacts as well as ar-
tifacts induced by attenuation correction [73]. Even with a short waiting time after
99mTc injection at stress the protocol takes at least 85 min. Moreover high 201Tl and
99mTc doses are used leading to a radiation burden of 22-34 mSv.
More recently a dual isotope protocol with sequential 201Tl-stress 99mTc-rest ac-
quisitions has been proposed. It utilizes dedicated cardiac cadmium zinc telluride
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Figure 3.1: Sequential dual isotope protocol, adapted from [96].

cameras (CZT camera) for high-speed imaging [97]. These cameras are capable of
imaging with acquisition times of 2-10 min. Either pharmacological stress by adeno-
sine or ergonomic exercise can be applied and in both cases 201Tl is injected at peak
stress or peak vasodilation. Shortly after stress two acquisitions in supine and up-
right positions are performed with imaging times of 6 min each. 99mTc-sestamibi
or 99mTc-tetrofosmin is injected subsequently to the 201Tl acquisitions and a 4 min
rest scan is acquired 2 min later (see Figure 3.2). Extra-cardiac uptake, primary in
liver and gall bladder, is a known issue for conventional imaging after injection of
99mTc tracers, resulting in the recommendation of 30-60 min waiting time for liver
clearance in standard protocols. The authors report no significantly disturbing activ-
ity outside the myocardium for the analyzed patients and suppose that rest imaging
is done before liver activity reaches maximum. The injection of 201Tl at stress is
reported to be beneficial because of the higher extraction fraction and linearity of
uptake to blood flow of 201Tl.
Image quality of rest and stress images is reported to be good or excellent in almost
all cases. The main limitation of the study is the lack of reference images in the same
patients, since in particular rest images might be affected by post-stress stunning of
myocardium. In conventional imaging 4 h waiting time are recommended between
stress and rest injection for recovery [98].

Figure 3.2: Sequential dual isotope protocol, adapted from [97].
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3.1.2 Simultaneous dual isotope protocols
Simultaneous dual isotope imaging has been proposed due to improvement of work-
flow, patient comfort and the inherent registration of rest and stress studies. As
mentioned above, mis-registration can lead to misinterpretation of infarct lesions as
ischaemic areas [95].
The major issue hampering SDI imaging is 99mTc downscatter into lower 201Tl win-
dows. Several methods basing on spectral deconvolution and Monte-Carlo simula-
tion have been proposed and evaluated to overcome this problem [99–101]. Phantom
studies exhibit promising results and also first clinical tests were done with conven-
tional (NaI) [99] and CZT-based cameras [102]. Nevertheless simultaneous dual
isotope imaging is not implemented in clinical practice, yet.
The second potential problem impeding simultaneous dual isotope imaging is tracer
redistribution due to waiting time or ergonomic or pharmacological stress after in-
jection. No redistribution is known for 99mTc-tetrofosmin and for 99mTc-sestamibi
redistribution is known to be slow and not significant [103]. However, 201Tl shows
redistribution starting about 1 h after injection at stress and this redistribution is
even used for viability studies. The issue of 201Tl-redistribution can be avoided if
dual isotope imaging starts with 99mTc-stress followed by 201Tl injection at rest and
subsequent simultaneous acquisition [99]. However, the benefit of shorter overall
protocol time is neutralized, since 3-4 h are recommended for recovery after stress.
The effect of time and vigorous exercise on the distribution of 201Tl injected at rest is
examined by Backus et al. in a clinical study [104]. Although the 201Tl distribution
shows a washout of about 15 % after 75 min and ergonomic stress, the washout
is global and no significant differences were found for normal and ischaemic re-
gions. Therefore 201Tl-rest distribution is preserved even after stress and simultane-
ous 201Tl-rest/99mTc-stress imaging seems clinically feasible.
However, 201Tl-rest/99mTc-stress protocols are not optimal for 201Tl imaging since
the waiting time from 201Tl -injection to acquisition is needlessly long and no advan-
tage is taken from the high 201Tl uptake at stress. Therefore a 99mTc-rest/201Tl-stress
protocol is proposed and evaluated in this thesis.

3.2 The proposed 99mTc-rest, 201Tl-stress protocol
The dual isotope protocols reviewed in the previous section addresses the problem
of 99mTc downscatter by first imaging the 201Tl distribution. This in combination
with the known long recovery times after stress results in 201Tl-rest/99mTc-stress pro-
tocols. Simultaneous dual or multiple isotope reconstruction is enabled by Monte
Carlo scatter estimation [105] and broadens the opportunities for development of
new clinical protocols. The tracers can be chosen with respect to their kinetic prop-
erties and - at least in theory - independently of their radio-properties. Nevertheless,
from an imaging point of view, a low ratio 99mTc to 201Tl activity in the myocardium
is still desirable to limit the amount of 99mTc downscatter, and the design of the pro-
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tocol has to take this into account.
On the other hand, from a radiation burden perspective, a low 201Tl dose is bene-
ficial, since in dual isotope protocols the radiation burden is mostly caused by the
201Tl dose due to its high effective dose per unit activity (140 µSv/MBq compared
to 7.9-9.0 µSv/MBq for 99mTc-sestamibi). The effective dose differs only slightly for
injection at rest or at stress, but 201Tl uptake at rest of 1-2 % is notably increased
at stress to 3-5 % [106]. The high uptake of 201Tl at stress provides at least twofold
better utilization of the injected dose compared to injection at rest. This gives rea-
sons for the use of 201Tl for stress imaging in the proposed protocol since it enables
a low 201Tl dose. Low dose 201Tl protocols use an activity 74 MBq, hence this dose
is also chosen as standard value in the SDI protocol. The doses and the timeline of
the developed protocol are depicted in Figure 3.3.
The 99mTc to 201Tl ratio can also be minimized by a low 99mTc-sestamibi dose. In
typical low dose (single tracer) 99mTc-sestamibi protocols 250 MBq are injected and
thus this dose is also used for the new propsed protocol. The uptake of 99mTc-
sestamibi is about (1.0± 0.4) % at rest and only slightly increased to (1.4± 0.3) %
at stress [107].
Based on these uptake values a 99mTc to 201Tl ratio of 0.5-1.4 is expected in the my-
ocardium for the proposed protocol. For comparison, the usage of the same doses
with 99mTc-stress and 201Tl-rest injection would lead to 99mTc to 201Tl ratios of about
2-4.
In order to evaluate if the proposed SDI protocol with the expected 99mTc to 201Tl ratios
enables an image quality and lesion detectability sufficient for clinical evaluation, a
series of phantom measurements is performed (Section 3.3.3). Regarding the overall
radiation burden, the SDI protocol leads to an effective dose of 12.5 mSv, which is
well within ASNC and EANM guidelines [65,66,98].
Beside dose considerations also the timeline of the new protocol has to be speci-
fied. To avoid long recovery times, the acquisition should be performed after peak
stress. 201Tl is injected at peak stress, and stress should be maintained for about
one minute to improve myocardial uptake. The accumulation of 201Tl is fast, and
unlike 99Tc-sestamibi, no waiting time is required for liver clearance. However, 5-
10 min waiting time after injection at stress are recommended to provide a stable
tracer distribution and to avoid image artifacts caused by post-stress heart motion
(upward creep) [108]. The ergonomic stress procedure takes about 20 min but the
recommended waiting time after 99mTc-sestamibi injection at rest for liver clearance
is 45-60 min. Therefore the 99mTc-sestamibi injection is scheduled 20 min before er-
gonomic stress. In case of pharmacological vasodilation by adenosine, 201Tl injection
at peak vasodilation should be performed about 40 min after 99mTc-sestamibi injec-
tion.
The acquisition itself takes about 20 min according to the acquisition parameters of
64 projections and 40 s time per projection (see Section 3.3.1). This rather conser-
vative imaging time is chosen since the protocol specifies low doses and this imaging
time is expected to provide a sufficient number of counts. All in all, the overall proto-
col time of the proposed simultaneous dual isotope protocol sums up to about 1 h. In
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Figure 3.3: Timeline and doses of the proposed 99mTc-rest/201Tl -stress simultaneous
dual isotope protocol. Following 99mTc-sestamibi injection a waiting time of 20 min prior
stress is applied to provide about 50 min between injection and image acquisition for liver
clearance. 201Tl is injected at peak stress. Waiting time prior to acquisition is needed to
prepare patient for acquisition and beneficial to reduce upward creep, from [1].

the proposed timeline the recommended waiting time after 99mTc injection at rest is
utilized for ergonomic or pharmacological stress procedure including 201Tl injection
and patient preparation, hence the overall protocol time does not exceed the time
needed for a standard 99mTc-rest imaging protocol. The tracer distribution can be
assumed as stable until imaging, because of the not significant redistribution of
99mTc-sestamibi and the short time between 201Tl injection and image acquisition.
In recent cardiac SPECT protocols, lesion detection by acquiring the distribution
of perfusion tracers is complemented by ECG gated imaging to examine myocar-
dial function and wall motion. Hence, the proposed protocol has to provide also
functional imaging to be useful in clinical practice. Here, functional parameters can
be determined by ECG gated cardiac imaging of the 99mTc energy window. The
waiting time between peak stress and the acquisition is only 10 min and therefore
notably shorter than the 30 min which are recommended for standard 99mTc-stress
imaging. Hence, wall motion and functional parameters at stress are supposed
to be depicted more accurately by the gated images of the SDI protocol. The
99mTc distribution represents the myocardial blood flow at rest, which is unaffected
by ischaemia. Therefore, the detection of myocardial boundaries in the gated images
might be improved compared to conventional 99mTc-stress images with ischaemia and
infarct-related defects. It must be regarded as a drawback of the SDI protocol that
a determination of wall motion and ejection fraction at rest and thus a comparison
to stress parameters is not possible. However, an additional 99mTc gated scan can
be performed after the patient has recovered from stress without an extra tracer
injection if functional parameters at rest are needed.
Although phantoms containing a moving cardiac insert are available, functional
imaging is not tested in phantom studies here. The 99mTc distribution is used for
gated imaging, which is unaffected by the 201Tl distribution. Therefore, from an
imaging point of view, gated imaging in the SDI protocol differs not significantly
from a standard low dose gated 99mTc acquisition. The main difference of SDI to
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standard 99mTc gated imaging is the short waiting time between peak stress, and
this cannot be evaluated by phantom measurements. Thus the functional parame-
ters derived by SDI imaging have to be compared to the ones measured in standard
99mTc stress and rest acquisitions.
The clinical feasibility of the proposed protocol is evaluated by a clinical study that
uses a validation protocol, which is described in detail in Section 3.3.4. The aim is
to evaluate the proposed SDI protocol to standard stress and rest 99mTc imaging in
the same patients. The reference 99mTc-stress scan is performed on a separate day.
If an rest scan is also required for the patient, the SDI acquisition is performed on
the same day and subsequently to this 99mTc-rest reference scan. This limits over-
head for patients and clinical staff since no additional appointment for the SDI scan
has to be scheduled. Moreover, the 99mTc injection that is needed for rest reference
imaging can also be used for the SDI acquisition. This helps to limit the radiation
burden for the patient.
The patient-wise comparison of reference and SDI imaging is most important to
evaluate the clinical feasibility of the proposed protocol. However, 99mTc imaging
used as reference does not provide ground truth. Therefore, clinical follow-up is
collected to decide in case of inconsistencies which imaging procedure provides the
more accurate diagnosis.
The detailed imaging parameters of the phantom and patient studies are given in
the next section and the results are delineated in Section 3.4.

3.3 Materials and methods
In this section the acquisition parameters of phantom and patient studies used for
evaluation of the proposed simultaneous dual isotope protocol are specified. Fur-
thermore, the reconstruction method enabling SDI imaging is delineated.

3.3.1 Acquisition parameters
The acquisitions are acquired on a dedicated cardiac SPECT camera with two detec-
tor heads in rectangular position (CardioMD, Philips Healthcare Systems, Andover,
MA, USA). For collimation a low energy, high resolution (LEHR) collimator is used
and 64 projections of 64× 64 pixels with a pitch of 6.4 mm are acquired by the two
detector heads. The acquisition time is 40 s per projection leading to a scan time of
about 20 min.
99mTc and 201Tl emission data are acquired simultaneously in three different energy
windows. For 99mTc a window centered at 140.5 keV and width 20 % is acquired.
201Tl emission is detected in two energy windows; one centered at 167 keV (width
15 % for the higher energy emission and a second at 74.6 keV (width 15 %) for the
main 201Tl emission.
For determination of the attenuation map a transmission measurement with a mov-
ing 153Gd line source (Philips Vantage System) is performed simultaneously to

55



3 Simultaneous dual isotope imaging

Camera CardioMD with Vantage option
Energy windows: 126-154 keV (Tc)

154-179 keV (upper Tl window) 65-
79 keV (lower Tl window)

Detector heads 2
Number of projections (frames): 64
Time per projection: 40 s
Acquisition matrix: 64× 64
Voxel dimension 6.4 mm× 6.4 mm× 6.4 mm
Collimator LEHR
Energy resolution ≤9.4 %

Table 3.1: Acquisition parameters for SDI imaging.

SPECT acquisition. 153Gd decays by electron capture to stable 153Eu with a half-
life of 240 days and emits mainly at 42 keV and 100 keV. Only the higher emission
energy at 100 keV is used for transmission imaging. The line-source emission is col-
limated by a lead-bronze shielding. Like lower 201Tl energies, the emission energy
of Gd153 can be contaminated by downscatter of 99mTc or the higher energy emis-
sion of 201Tl . Moreover, contamination of lower 201Tl energy by scattered Gd153
photons is possible. Prior phantom measurements indicate that contamination of
201Tl windows by Gd153 or vice versa is negligible [109]. 99mTc downscatter in the
Gd153 energy window is corrected by electronic windowing. Thereby the portion of
the field of view unaffected by collimated Gd153 emission is used as scatter estimate
to correct transmission measurements.
The radiation dose of this transmission scan is only 50 µGy and therefore its effec-
tive dose is only about 1 % of radiation burden caused by 99mTc or 201Tl injection.
The attenuation map is created by a commercial software package (AutoSPECT+,
Philips Jetstream Workstation) utilizing an MLEM algorithm with 12 iterations and
truncation correction. The acquisition parameters of the SDI study are summarized
in Table 3.1.

3.3.2 Reconstruction and scatter correction
The three-dimensional tracer distribution needs to be reconstructed from the ac-
quired projections. An analytical reconstruction method is filtered back projection
(FBP) [110]. This method has been the standard method for reconstruction of
tomographic images from measured projections, and is still widely used for CT.
However, it is less suited for reconstruction of SPECT or PET images, since emis-
sion tomography and in particular SPECT exhibits a low count rate and limited
(depth-depending) spatial resolution. In SPECT the spatial resolution is defined by
the collimator. Ideally, only photons directed perpendicular to the detector pass the
collimator. In this ideal case the point spread function (PSF) of the collimator is a
delta peak. In practice also photons with a tilted angle pass the collimator and the
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Figure 3.4: Illustration of depth depending spatial resolution (a), attenuation (b) and
scatter (c) inside the patient.

PSF is broadened and depending on distance from the collimator. This is depicted
in Figure 3.4 part a). A broad collimator PSF is linked to a low spatial resolution
but a high count rate, since more photons reach the detector. On the other hand
a sharp collimator PSF results in high spatial resolution but low count rate leading
to noisy images. Hence, the collimator defines the trade-off of noise and spatial
resolution.
Moreover, attenuation in the patient reduces the number of counts further, since
not all emitted phantom reach the camera (see case b) in Figure 3.4). Scatter alters
the incident angle of photons which leads to mis-interpretation if not corrected (see
Figure 3.4, part c)). Indeed inelastic scatter also alters the photon’s energy but the
energy resolution of about 10 % obtained in current SPECT cameras is not sufficient
to resolve this issue.
In general, FBP is not capable of correcting for the effects of collimator PSF, attenu-
ation and scatter. Although a method for attenuation correction with FBP has been
presented by Chang et al. [111], attenuation and scatter correction are a domain of
iterative reconstruction algorithms.
The general principle of iterative reconstruction is illustrated in Figure 3.5. Here
only the basic principle is explained, since a detailed description of iterative re-
construction algorithms is out of the scope of this thesis. Starting from an initial
guess of activity distribution the expected projections based on this distribution are
calculated by forward projection using the system matrix of the imaging system.
These forward projections are then compared to the measured projections and the
differences are back-projected to determine a difference volume to update the initial
guess of activity distribution. This procedure is repeated, and with an increasing
number of iterations the reconstructed image converges to an estimation of the ac-
tivity distribution that fits best to the measured projections. Since the projections
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Figure 3.5: Schema of iterative reconstruction.

are affected by noise, the final result is not the true activity distribution but a noisy
image, hard to interpret. In other words, more iterations lead to a higher accuracy
but wider spread and therefore lower precision of the concentration estimates. How-
ever, the clinically interesting structures are reconstructed after a few iterations and
it is common practice to limit the number of iterations to reconstruct an image that
optimally meets the requirements of the clinical task. The influence of attenuation,
scatter and the number of iterations on image quality is discussed in more detail in
Chapter 5 of this thesis.
The main advantage of the iterative reconstruction approach is the fact that image
disturbing effects like attenuation and scatter can be corrected by modeling them in
the system matrix. Also the blurring due to the collimator PSF can be implemented
and corrected; this feature is known as resolution recovery. To reduce computation
time these effects are often implemented in the forward projection only (so-called
dual matrix approach [112]).
The reconstruction method for the SDI images is based on Ordered Subset Expecta-
tion Maximization (OSEM) [113]. This algorithm provides accelerated computation
compared to the MLEM algorithm [114] which is a frequently used numeric approach
of iterative reconstruction of tomographic images.
Scatter estimation is performed by fully 3D Monte Carlo based method for scatter
estimation and correction [105]. An alternative method of (down-) scatter correction
is the triple-energy window (TEW) method. It bases on the measurement of two
additional, narrow energy windows above and below the actual emission window.
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From these measurements the amount of scatter in the emission window is estimated
and corrected by subtraction [115]. This method is straightforward to implement
and it allows also correction of scatter originating from outside the field of view of
the camera [116,117].
However, in the low-dose setup of the SDI protocol the Monte Carlo approach is
chosen because of its beneficial contrast and noise properties [101,118–120].
In the domain of dual isotope imaging, scatter estimation can be performed sequen-
tially, iteration-sequentially and simultaneously. In sequential scatter correction the
activity distribution of one isotope is reconstructed and the resulting activity es-
timation is used to calculate the scatter disturbing the measurement of the other
isotope. This means for subsequent 99mTc / 201Tl acquisitions the 99mTc activity
is reconstructed first and subsequently the downscatter into the 201Tl energy win-
dows is calculated once and utilized during 201Tl reconstruction. In the iteration-
sequential approach this is performed for every iteration and in case of simultaneous
scatter estimation, the scatter of both isotopes is calculated in a single step during
forward projection. For the current study a simultaneous estimation of 201Tl and
99mTc scatter is implemented in the forward projection, since this is the most accu-
rate method for dual isotope imaging [105].
Different numbers of iterations and post-filtering settings are tested by phantom
measurements to achieve a parameter setting also applicable for later patient stud-
ies. Visual assessment by experienced nuclear specialists led to selection of 5 itera-
tions with 8 subsets and post-filtering with a Butterworth filter (5th order, cut-off
frequency 0.5 cycles per pitch). The phantom measurements are described in the
following section and the results are presented in Section 3.4.1.

3.3.3 Physical phantom measurements
The technical feasibility of the proposed protocol and performance of the reconstruc-
tion method are evaluated by measurements of an anthropomorphic torso phantom.
The assessment of detectability of 201Tl lesions, mimicking ischaemia, in the ex-
pected range of 99mTc to 201Tl ratios is the main purpose of the conducted phantom
measurements. The focus is on detectability of 201Tl lesions, since these are prone
to underestimation due to 99mTc downscatter.
The anthropomorphic torso phantom contains of different compartments to mimic
tracer distribution in the human body (Figure 3.6(a)). Liver, heart and due to their
different attenuation compared to soft tissue, also the spine and the lung are mod-
eled. The spine is approximated by a Teflon cylinder and the lungs are modeled by
chambers partly filled with styrofoam. The heart insert consists of two interleaved
chambers, the inner chamber defining the left ventricle and the outer one mimicking
the myocardium. Two fillable containers can be applied to the myocardium as le-
sions (see Figure 3.6(b)). The smaller lesion (1) is positioned anterior, near the apex
and covers one eighth of the circumference of the myocardium. The larger lesion (2)
in the inferior wall is set near the base of the heart and covers one fourth of the my-
ocardial circumference. Both lesions are 2 cm high and filled with 99mTc activity only
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(a) Torso phantom. (b) Schematic plot of heart insert and lesions.

Figure 3.6: Anthropomorphic torso phantom and heart insert.

to simulate ischaemic regions. Myocardium, liver, lungs and background are filled
with different concentrations of 99mTc and 201Tl (see Table 3.2) and the phantom
is measured three times with a descending 99mTc to 201Tl ratio due to the different
half-life of 99mTc and 201Tl . At the first acquisition the 99mTc to 201Tl ratio is 2:1
descending to 0.7:1 in the second and finally 0.5:1 in the third acquisition. Therefore
the expected range of 99mTc to 201Tl ratios of 0.5-1.4 in patients is covered by this
experiment.
The expected activity concentration in patient studies is about 30 kBq/ml either for
99mTc and 201Tl and therefore significantly lower than the concentrations used in the
phantom study. Hence, the imaging time is shorted to one half leading to 20 s per
projection to acquire comparable count numbers. The shorter imaging time does
not affect the validity of the phantom model, since no time depending effects like
motion are modeled by the phantom and radioactive decay is corrected accordingly
to the actual imaging time.

Concentration in kBq/ml

1st Acquisition 2nd Acquisition 3rd Acquisition
99mTc 201Tl 99mTc 201Tl 99mTc 201Tl

Myocardium 240.0 111.9 65.9 100.6 52.2 98.7
Liver 56.8 18.0 15.6 16.2 12.4 15.9
Background 17.0 5.2 4.7 4.7 3.7 4.6
Lungs 6.8 2.0 1.9 1.9 1.5 1.8

Table 3.2: Concentrations of isotopes for different anthropomorphic torso phantom ac-
quisitions.
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Figure 3.7: Timeline for Tc-rest / Tl-stress simultaneous dual isotope validation protocol.

3.3.4 Clinical feasibility

Clinical feasibility is examined by a study containing 53 patients with a medium to
high probability of CAD. The image quality of the SDI protocol is assessed in com-
parison to images acquired in a two-day 99mTc-sestamibi protocol used as reference.
For the assessment of the SDI acquisitions also clinical follow-up examinations like
coronary angiography (CA) or functional flow reserve (FFR) are included.

Validation protocol
A validation protocol is set up to evaluate the SDI imaging protocol also in a clinical
context. In contrast to phantom studies ground truth is usually not accessible in
patients. Thus 99mTc-stress and rest images are acquired as reference for compar-
ison and assessment of the proposed SDI protocol. Although these acquisitions do
not represent ground truth information they allow evaluation against the clinical
standard. In case of nonconformity of reference and SDI imaging further clinical ex-
aminations and follow-up are used to assess the diagnostic value of the SDI imaging
procedure.
The validation protocol is shown in Figure 3.7. Reference 99mTc-stress imaging is
conducted on a separate day in a clinical routine protocol. A dose of about 500 MBq
99mTc-sestamibi is injected at peak stress and acquisitions are started after 30 min
waiting time for liver clearance. If an additional rest scan is scheduled, the patient
is asked for participation in the clinical feasibility study. In case of acceptance the
SDI procedure is attached to clinical reference imaging of 99mTc-rest distribution.
This allows the utilization of a single 99mTc-sestamibi injection for reference and
SDI imaging and limits radiation burden. Furthermore, the patient does not need
an extra appointment at the hospital to participate in the SDI imaging study, but
has to stay about one hour longer at the hospital, only.
The 99mTc-sestamibi injection of 250 MBq at rest is followed by 45 min waiting time
and a reference scan (99mTc-rest) of 20 min. For transfer and preparation of the
patient for exercise or pharmacological stress, 10 min are scheduled. At peak stress
74 MBq of 201Tl chloride are injected, followed by 10 min waiting and the actual SDI
scan taking about 20 min.
Compared to the proposed SDI procedure one modification in timing is induced by
the validation protocol. The SDI protocol suggests 50 min between 99mTc-sestamibi
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injection and image acquisition. In the validation protocol this time is prolonged
by about one hour, since reference 99mTc-rest imaging including waiting time for
liver clearance has to be performed before stress and 201Tl injection. The prolonged
waiting time of about 2 h is not expected to be an issue for imaging, since myocar-
dial tracer accumulation is known to be stable in the myocardium over this time
period [107]. However, high 99mTc-sestamibi uptake in the gallbladder and the in-
testinal tract was detected in some patients, which is probably caused by the extra
waiting time of about 1 h. Nevertheless, this extra-cardiac activity uptake did not
disturb the clinical value of the images. The SDI measurement of 99mTc-rest dis-
tribution is expected to be undisturbed by 201Tl activity, since downscatter of the
upper 201Tl energy emission into the 99mTc energy window is negligible. Neverthe-
less, due to clinical regulation the 99mTc-rest part of SDI acquisition must not be
used for patient diagnosis.
During the study inadequate image quality was realized in 2 obese patients with an
body mass index (BMI) of more than 32. It is supposed that the 201Tl dose was not
sufficient in these cases. Therefore the dose for obese patients is adapted depending
to weight up to 110 MBq and in one case to 131 MBq.
For reference imaging a single 99mTc energy window centered at 140 keV and width of
20 % is used. Images are reconstructed on a commercial clinical workstation (Philips
Jetstream) using MLEM iterative reconstruction algorithm with 30 iterations and
attenuation correction. The reconstructed volumes are post-filtered by a Butter-
worth filter of fifth order and a cut-off frequency of 0.45 cycles per pitch. These
reconstruction parameters are chosen, since they represent the standard settings in
the hospital.
The diagnosis is performed via visual interpretation by an experienced nuclear med-
icine physician in re-orientated views along short and long axis views of the my-
ocardium. A 17-segment AHA model is used for semi-quantitative scoring of per-
fusion defects on a 5-point scale (from 0: no perfusion defect to 4: absence of
perfusion) [121]. To prevent bias the images are blinded before evaluation.
Automatic quantitative assessment of perfusion is not applicable, since no normal
database exists for the SDI protocol or the used reconstruction algorithm.
Functional parameters are determined by the Cedars-Sinai application Quantitative
Gated SPECT (QGS) based on MLEM reconstruction [122] since the algorithm used
for SDI reconstruction is not capable of gated reconstruction. Since the downscatter
of 201Tl high energy emission into 99mTc energy window is negligible, gated recon-
struction of 99mTc distribution is feasible also without down-scatter correction. The
left ventricle end-systolic (ESVLV ) and end-diastolic (EDVLV ) volumes are mea-
sured by gated imaging. The ejection fraction (EFLV ) is derived from these volumes
by the formula [123]:

EFLV = EDVLV − ESVLV

EDVLV

(3.1)

Ejection fractions of 45 % or less are regarded as significantly lowered.
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Patient collective
For the clinical feasibility study patients are selected for whom an additional rest
scan was requested after initial stress imaging. The patient collective contains 53
patients (14 female, 39 male). The demographics are given in Table 3.3.
The mean age is 61.7± 9.5 years and the average BMI is 28.2± 4.8. The risk fac-
tors diabetes mellitus, hypertension, hyper-cholesterol, smoking, obesity, and family
history are recorded and in 37 patients two or more of these risk factors are present.
Coronary artery disease is documented in 70 % of the patients and about 38 % have a
history of prior infarction and are referred for SPECT imaging because of recurrent
chest pain complaints.
Stress is applied pharmacologically in 14 patients by adenosine or physically in 39
patients by exercise on a bicycle ergometer, partly supported by atropine injection
to increase heart rate.
Reference and SDI stress is performed symptom limited (e.g. severe ECG changes
or angina pectoris). At reference stress the mean workload is 131 W and 137 W at
SDI stress. The difference in workload is significant (p = 0.0074) but small. Re-
garding the maximum heart rate at stress no significant difference (p = 0.146) is
found between reference (154 bpm) and SDI (152 bpm). The stress level is regarded
as equivalent in both studies, since stress was applied following the same protocol
and only minor differences in workload and heart rate are found.
Clinical follow-up like cardiac events, further examinations or treatment of the pa-
tients is tracked as additional information to assess the diagnostic value of SDI
imaging.
All patient studies have been approved by the ethics committee of St. Antonius Hos-
pital, Nieuwegein, and have therefore been performed in accordance with the ethical
standards laid down in the 1964 Declaration of Helsinki and its later amendments.
All persons gave their informed consent prior to their inclusion in the study.

Patient group, 53 patients
Sex 14 female, 39 male
Age 61.7± 9.5 (37-78)
BMI 28.2± 4.8 (18-39)
History of myocardial infarction 20 38 %
Coronary artery disease 37 70 %
Risk factors

Diabetes mellitus 13 (25 %)
Hypertension 28 (53 %)
Hypercholesterol 25 (47 %)
Smoking 6 (11 %)
Obesity 21 (40 %)
Familiy history 34 (64 %)

Table 3.3: Demographic data of patients included in the SDI study, from [1].
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3.4 Results of simultaneous dual isotope imaging
study

The results of the anthropomorphic torso phantom measurements and the patient
studies are described in this section. The patient studies are evaluated by visual
assessment and semi-quantitative scoring. In addition functional parameters derived
from reference and SDI imaging are compared. Finally, a set of three patients is
presented for whom SDI imaging shows an improved accuracy compared to reference
imaging.

3.4.1 Results of phantom measurements
In Figure 3.8 the reorientated slices of the three phantom acquisitions with 99mTc to
201Tl ratios of 2:1, 0.7:1 and 0.5:1 are depicted. In all stress images both 201Tl lesions
are clearly detectable, but visibility and clearness of lesion’s boundary are definitely
better visible for the latter two images with reduced 99mTc concentration. In par-
ticular the inferior, bigger lesion is more clearly visible in the second and third
acquisition. The plastic walls of the lesions reduce also the 99mTc concentration,
hence the lesions are also hazily seen in the rest images.
For the last two acquisitions a good image quality is reached either for the 201Tl stress
and 99mTc rest images with only small differences between both acquisitions. The
quality of all images is evaluated and assessed as fully sufficient for medical diag-
nosis by nuclear specialist. However, the second and third acquisition are clearly
preferred. These phantom measurement are a proof of concept showing that the
used reconstruction method and expected activities provide a sufficient image qual-
ity for lesion detection. Nevertheless, the phantom models only a few features like
lesions and liver activity. Therefore the proposed SDI protocol has to be evaluated
by patient studies showing that it provides accurate diagnosis.
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Figure 3.8: Reorientated phantom studies with different 99mTc:201Tl ratios.
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3.4.2 Results of clinical feasibility study

In 51 of the 53 patients the image quality of the SDI images is assessed as fully
sufficient for clinical evaluation. The remaining two obese patients (BMI > 32) are
excluded from the study since the injected 201Tl doses of 70 MBq and 75 MBq do not
provide an adequate count number and image quality. In consequence the doses for
obese patients are adapted in the rest of the study. This adaption leads to an image
quality suitable for clinical assessment in obese patients but increases the radiation
burden to a maximum value of 17.5 mSv.
In 39 of 53 patients (6 female and 33 male) ischaemia or infarction has been found.
The high proportion of 74 % is a consequence of the patient selection.
In 31 patients clinical outcome of SDI and reference imaging is equivalent, although
lesions appear clearer and more severe in SDI imaging in general. Significant dif-
ferences between SDI and 99mTc reference imaging are detected in 20 patients. In
18 of these cases CA partly combined with FFR examinations are available for fur-
ther assessment. In 15 patients, these examinations prove SDI imaging to be more
accurate than the 99mTc reference. For the remaining 3 patients the minor lesions
detected by SDI are not confirmed by angiography. SDI imaging is regarded as less
accurate in these cases. Figure 3.9 depicts an overview of these results.
Comparison with regard to the territories assigned to the three main coronaries
(LAD, RCA and CX) found that more lesions are detected by SDI imaging. SDI
imaging detects 39 patients with a lesion in the LAD territory and 29 patients with
lesions in the territories of the RCA and CX. Reference imaging found 28 defects in
the LAD, 21 in the RCA and 22 in the CX area.
In our study, in 5 out of 6 cases SDI imaging was found to be more sensitive, lesions
areas appear clearer and in many cases more severe than in reference imaging.

Figure 3.9: Results of the clinical feasibility study, from [1].
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Figure 3.10: Results of semi-quantitiative analysis, from [1]. Subfigure A shows the
correlation of summed stress score of reference and SDI imaging. In B differences in
scoring between the imaging protocols are depicted by an Blan-Altman plot.

Semi-quantitative analysis
The summed stress score (SSS) of SDI and 99mTc reference imaging are compared
for semi-quantitative analysis. Patients are separated in the categories ‘clinically
equivalent’, ‘SDI more accurate’, ‘SDI less accurate’ and ‘No follow-up available’.
The differences between the SSS of SDI and 99mTc reference imaging are depicted
in Figure 3.10. Figure 3.10a) shows the SSS scoring of SDI (y-axis) versus ref-
erence (x-axis). A highly significant correlation is detected between both scores
(r = 0.9447, p < 0.0001). Figure 3.10b) illustrates the differences in SSS by a
Bland-Altman plot. For patients in the category ‘clinically equivalent’ a significant
difference (99mTc reference – SDI, p < 0.0001) of (−1.55) points is found. This is in
accordance with the observation that lesions appear clearer and more severe in SDI
imaging.
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Functional parameters
The functional parameters heart rate (HR), left ventricular ejection fraction (EFLV ),
end-diastolic (EDVLV ) and end-systolic (ESVLV ) volumes are determined for 99mTc
reference and SDI imaging. The results are summarized in Table 3.4.
The highest heart rate is measured at SDI imaging. This is supposed to be caused
by the short waiting time between stress and imaging. The highest EFLV is obtained
by 99mTc-stress imaging and the differences in HR, EFLV , EDVLV are significant.
In addition to comparison of the averaged functional parameters, the EFLV is also
compared for the individual patients. The low spatial resolution of SPECT is known
to cause uncertain results for small hearts and high ejection fractions. Hence, 10
patients with an ejection fraction of more than 65 % in all three acquisitions are
excluded for this comparison. The averaged difference of ejection fraction between
99mTc-stress and SDI (EFTc-stress − EFSDI) is (2.3± 5.7) %. Between reference rest
and SDI a difference of (−0.3± 5.6) % is measured. The difference between the two
reference studies (LVTc-stress−EFTc-rest) is found to be (2.6± 5.6) % and in the same
order of magnitude.
In Figure 3.11 the differences in ejection fraction between the reference studies (stress
and rest) and SDI are depicted as Bland-Altman plots. The Bland-Altman plots
(see Figure 3.11) depict a higher variability at high ejection fractions which are
often linked to small end-systolic volumes. The determination of small volumes is
challenging in SPECT, due to limited spatial resolution.

HR bpm EFLV EDVLV ml ESVLV ml
99mTc-stress 79 57.8 % 120 56
99mTc-rest 65 55.0 % 124 61
SDI imaging 83 55.0 % 115 57

p (SDI-99mTc-stress (ref.) <0.01 <0.01 <0.05 0.567
p (SDI-99mTc-rest (ref.) <0.001 0.981 <0.001 <0.01
p (99mTc-stress (ref.)- <0.001 <0.001 0.086 <0.01

99mTc-rest (ref.))

Table 3.4: Averaged functional parameters in reference (Tc-stress and Tc-rest) and SDI
imaging, from [1].
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Figure 3.11: Bland-Altman plots of differences in ejection fraction between SDI and
99mTc-stress (A) and 99mTc-rest (B) reference, from [1].
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Patient examples
In this section three patient examples are shown to illustrate the improved accuracy
of SDI imaging. Coronary angiography was performed in all three patients and
proved SDI images to be more accurate than 99mTc reference. For the three patients
long and short axis views of the myocardium are shown as well as lesion scoring by
an experienced nuclear specialist. The scoring of the 99mTc reference study is named
Tc-stress and depicted on the left side. In the middle the scoring of the 201Tl image
of the SDI study is shown (SDI-stress). The scoring of 99mTc-rest reference and
SDI images are equivalent, thus only one scoring of 99mTc-rest distribution is shown
(Tc-rest on the right side). The thick lines in the scoring plots confine the areas
assumed to be supported by the three different coronaries (LAD, CX and RCA).
The color coding is corresponding to lesion scoring and just used for visualization
of lesion severity.
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Figure 3.12: Patient A is a 65 year old male (BMI = 29.6) suffering from chest pain
during exercise. He exhibits hypertension and hyper-cholesterolemia as cardiovascular
risk factors. Cardiac pacemaker has been implanted in 2004 to treat total AV block. For
MPI the patient was stressed pharmacologically with adenosine. The reference scan (A)
shows ischaemia in the inferolateral wall and SDI images (B) exhibit limited additional
ischaemic regions in apex and in the anterolateral region (apical to basal). The scorings
are depicted in (C). Ejection fraction is normal in both studies (50-55 %). Coronary
angiography demonstrates severe triple vessel disease and supports the findings of SDI
imaging.
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Figure 3.13: Patient B is a 62 year old male (BMI = 23.6) with prior limited infarction
in the inferior wall in 1994. Recently, patient suffered from recurrent chest pain and
exercise ECG shows ST-segment abnormalities. During exercise stress the patient reached
a heart rate of 158 bpm and a workload of 120 W at Tc-stress and 140 W at Tl-stress.
The reference (A) scan shows mild ischaemia in the apex and inferior wall. These lesions
appear more pronounced in the SDI images (B) and additional ischaemia is detected in the
anterolateral region. Triple vessel disease is demonstrated during coronary angiography
with multiple diffuse to significant stenoses in all coronaries. The patient was admitted
for CABG.
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Figure 3.14: Patient C is a 56 year old male (BMI = 25.5) suffering from typical angina.
At reference and SDI maximum heart rate was 164 bpm and workload 185 W. In both cases
the targeted values are reached. The patient complains about chest pain at stress with
abatement after exercise. Severe ischaemia is found in the anterior wall by the reference
scan and motion abnormality suggests a light infarction in the inferior wall. On the SDI
images the anterior lesion appears more severe and additionally inferoseptal ischaemia is
clearly visible. A later performed CA detected significant stenoses in RCA, distal LAD,
MO1 and MO2. The stenoses were dilated by PCI and stenting. This picture is also
published in [1].
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3.5 Discussion
In this chapter a new single scan 99mTc rest, 201Tl stress simultaneous dual isotope
protocol is proposed and evaluated by phantom and patient measurements. The
protocol aims at improvement of workflow and patient comfort by reducing overall
imaging time by acquisition of stress and rest perfusion within a single scan. Other
sequential and simultaneous dual isotope protocols are described and compared to
the proposed protocol. Sequential dual isotope protocols reduce the overall time of 1
day protocols from 4-6 h to 2-2.5 h which improves clinical workflow. These protocols
are usually limited to 201Tl as first, and 99mTc as second acquisition to avoid issues
of 99mTc downscatter. The long recovery time after stress leads to sequential 201Tl-
rest, 99mTc-stress protocols.
The downscatter of 99mTc into the lower 201Tl energy windows is the main issue
hampering dual isotope imaging while the effect of downscattered high energy 201Tl
photons into the 99mTc emission window is negligible. Adequate scatter correction by
Monte Carlo simulation enables simultaneous dual isotope imaging which provides
stress and rest acquisition in a single scan. Furthermore, simultaneous imaging
allows to select the stress and rest tracer because of beneficial clinical properties.
Accordingly, the proposed SDI protocol takes advantage of tracer properties which
results in imaging benefits explained below:

High 201Tl uptake at stress: The high uptake of 3-4 % in the myocardium leads
to a better usage of the injected dose. This enables a low dose of 201Tl and
therefore limits radiation burden. In combination with a low 99mTc dose of
250 MBq the high 201Tl uptake provides 99mTc to 201Tl ratio of 0.5 to 1.4 in
the patient. This low 99mTc to 201Tl ratio limits the issue of downscatter.

No waiting time required prior 201Tl imaging: In contrast to 99mTc-sestamibi (or
99mTc-tetrofosmin) 201Tl requires no waiting time before imaging for liver clear-
ance. Therefore imaging can start a few minutes after stress which enables an
overall protocol time of about 1 h. In the proposed protocol this allows gated
imaging shortly after stress using the 99mTc distribution. It is supposed that
this early acquisition potentially shows wall motion defects and functional
parameters at stress more accurately than standard gated imaging acquired
with a longer of about 30 min waiting time. In the SDI protocol acquisition is
scheduled 10 min post stress to reduce upward creep.

Segmentation on 99mTc rest image: The segmentation of the myocardium is cru-
cial for determination of functional parameters. Simultaneous dual isotope
imaging allows usage of the rest tracer distribution unaffected by ischaemia
for segmentation. Because of the inherent co-registration of rest and stress im-
ages, this segmentation can also be applied to the stress image. Moreover, the
information of both studies can be combined for imaging e.g. in case of strong
99mTc liver uptake, where the 201Tl image might provide valuable information
for segmentation.
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Minor redistribution of 99mTc-sestamibi myocardial uptake: The strong binding
of 99mTc-sestamibi in the myocardiocytes results in only insignificant redistri-
bution over hours of waiting time or stress application. Hence, the distribution
of 99mTc-sestamibi is supposed to be undisturbed by 201Tl stress.

Before the SDI protocol is tested in patient studies the technical feasibility and
image quality is assessed by anthropomorphic phantom measurements. The phan-
tom acquisitions show good lesion detectability and emphasize the benefit of a low
99mTc to 201Tl ratio. However, the used phantom is stationary and does not able to
mimic general patient, heart or respiratory movement. Movement during acquisition
can blur tracer discontinuities at organ edges or lesions in the myocardium.
Lesion detectability of dual isotope imaging has also been evaluated by prior phan-
tom studies but mostly for 201Tl-rest/99mTc-stress protocols [124]. In these proto-
cols, lesions mimicking ischaemia contain no or reduced 99mTc concentration and
infarction is simulated by completely cold lesions. The severity and defect size were
comparable to single agent imaging even without attenuation or scatter correction
and reconstruction by filtered back projection. However, the issue of downscatter
of 99mTc in lower 201Tl emission windows is not examined by this study, since no
201Tl lesion can be disguised by 99mTc downscatter in this setup.
Evaluation of Monte Carlo based downscatter correction with an anthropomor-
phic torso phantom shows almost perfect agreement to virgin 201Tl imaging [125].
In contrast to the simultaneous reconstruction of both isotopes used in the pre-
sented study, downscatter estimation is performed subsequently on the basis of the
99mTc reconstruction, which is regarded as undisturbed by 201Tl emission.
The results are in good alignment to the present examination. In addition the pre-
sent phantom study shows the benefit of reduced 99mTc to 201Tl ratios for lesion
detectability and proves the technical feasibility and suitable image quality of the
proposed SDI protocol.
The clinical feasibility is evaluated in a patient study of 53 patients by a validation
protocol to compare standard 99mTc to SDI imaging in the same patient. Image
quality of SDI imaging was found to be suitable for clinical evaluation in 51 of 53
patients. In the remaining 2 obese patients the injected 201Tl dose of 70-75 MBq was
found to be insufficient. Dose adaption during the study to a maximum of 131 MBq
of 201Tl for obese patients leads to good image quality also for patients with a BMI
up to 36. Thus also obese patients can be imaged by the SDI protocol, but dose
adaption result in increased radiation burden of up to 17.5 mSv. Therefore pure
99mTc protocols might be preferable to SDI imaging for younger obese patients.
Due to the shorter time span between stress and acquisition in the SDI protocol,
this acquisition depicts a significantly higher heart rate than 99mTc stress. The av-
eraged functional parameters at SDI are well comparable to the ones determined at
reference imaging.
The patient-wise comparison of SDI and reference imaging shows a high variation of
the determined ejection fraction. The standard deviation of the differences between
SDI and 99mTc stress is 5.7 % and 5.6 % between SDI and 99mTc rest. Variability of
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ejection fraction is reported to be 2.3 % in 99mTc studies without repositioning and
3 % if the patient is repositioned between two acquisitions [126,127]. In 201Tl studies
a variability of 5.2 % of ejection fraction has been found which is comparable to the
results of our clinical SDI study [127]. This suggests that the high variability found
in SDI gated imaging is caused by the low dose of 99mTc, which lead to a count
rate comparable to standard 201Tl acquisitions. Variability is found to be higher at
high ejection fractions which are often linked to small end-systolic volumes. The
determination of small volumes is challenging in SPECT, because of limited spatial
resolution. Therefore it is supposed that the adaptation of the SDI reconstruction
algorithm to gated imaging and in particular the application of resolution recovery
is supposed to improve the variability.
The classification of the 14 patients with a significantly lowered ejection fraction
(<46 %) is consistent for SDI and reference imaging, except for one patient. This
patient shows an ejection fraction of 51 % at SDI, 43 % at 99mTc stress and 45 % at
99mTc rest.
Regarding perfusion the clinical study also found equivalent clinical results in the
majority of patients for SDI and reference imaging. However, in 20 patients sig-
nificant differences are found. SDI imaging is proven to be more accurate in 15 of
these patients while in 3 cases SDI found lesions that could not be supported by
CA. For the remaining 2 patients no or unclear follow-up is available. The differ-
ences and suggested higher accuracy can either be induced by utilization of 201Tl as
stress tracer or the used reconstruction method. It has been reported that lesions
at stress appear larger in 201Tl than in 99mTc-sestamibi images [128, 129]. This has
been attributed to the more linear uptake of 201Tl to blood flow at high stress levels.
With the present study it is not possible to determine whether the improved accu-
racy in 15 patients is caused by the reconstruction method or the imaging protocol
(in particular the usage of 201Tl as stress tracer) since SDI images are compared to
standard imaging with MLEM reconstruction. This must be seen as a limitation of
the current study. Also the fact that clinical follow-up is not available in all patients
is a second limitation. Furthermore, it can be argued, that SDI imaging results in
a shift to higher sensitivity but less specificity. An more extensive (model) observer
study is required to answer this question. However, it is a promising result that
improved accuracy is found in 15 patients versus 3 cases where lesions detected in
SDI images are not supported.
Despite the suggested improved accuracy, it has to be emphasized that the SDI pro-
tocol aims at workflow and patient comfort improvement. The proposed imaging
protocol provides rest and stress images in about 1 h. Recently stress-only imaging
has been proposed for workflow improvement and dose reduction [130–132]. An
additional rest scan is only performed if stress acquisition detects lesions or show
suspicious results. Stress-only imaging exhibits an overall imaging time of one hour
and low radiation burden of 4 mSv. Nevertheless this approach is only beneficial
if rest imaging can be avoided. For patients with a history of CAD who definitely
need a comparison of rest and stress images the SDI protocol can be used prefer-
ably. Furthermore, stress only imaging leads to an a priori unknown number of rest
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scans that require a high flexibility in department management, particularly if the
optional rest scans should be performed on the same day.
The SDI protocol can be seen as a complement to stress-only imaging: For patients
who probably do not need a rest scan, stress-only imaging can reduce the radiation
burden. In patients exhibiting a high likelihood for the requirement of rest imaging
the slightly higher radiation burden compared to pure 99mTc protocols can be ac-
cepted for the sake of shorter acquisition time and single acquisition. In particular
for elderly patients the scan itself can be a straining procedure and sparing one scan
by simultaneous dual isotope imaging notably improves patient comfort.
Another option for workflow improvement are dedicated cardiac CZT cameras which
shorten imaging time to 3-10 min. Nevertheless waiting times are unchanged so the
reduction in overall imaging time is limited. The SDI protocol can either be applied
on CZT or conventional SPECT cameras as long as an attenuation map is available
and the reconstruction method is adapted to the camera hardware.
The protocol is designed for 99mTc-sestamibi as rest tracer. Another 99mTc-based
tracer frequently used in myocardial perfusion imaging is 99mTc-tetrofosmin. For
this tracer a faster liver clearance but equivalent image quality and clinical outcome
is reported [133, 134]. Hence, the usage of 99mTc-tetrofosmin as rest tracer might
reduce the overall imaging time of the proposed SDI protocol by about 10 min, but
this has to be addressed by further studies.
The usage of 99mTc-sestamibi in the current study results from the long lasting ex-
perience with this tracer in the hospital.
Besides the improvement of workflow, the SDI protocol exhibits other beneficial
properties, which are described in the following. First of all the inherent co-re-
gistration of stress and rest images inhibits artifacts caused by aberrations in re-
orientation. Moreover, the re-orientation has to be performed only once for both
images, and it can be performed on the image which provides the clearer information
about heart orientation. In general this will be the rest image, since it is unaffected
by ischaemia.
The short waiting time between stress and image acquisition is also supposed to be
beneficial to identify wall motion defects.
A drawback of the proposed protocol is that no gated rest images are acquired to
compare stress and rest wall motion aberrations. Examination of wall motion at rest
is also useful to verify rest lesions in particular since rest and stress images might be
affected by different artifacts due to different attenuation coefficients for 201Tl and
99mTc.
However, a gated rest scan can be added to the SDI protocol after the patient has
recovered from stress. The 99mTc-sestamibi activity is stable over several hours, so
no extra activity is needed for the acquisition, but overall imaging time is strongly
prolonged.
Another option to extend the SDI protocol is an examination of viability by 201Tl
redistribution imaging. For this purpose a second acquisition of 201Tl is required
that has to be measured at least 3-4 h after stress. In the current study this was
not performed, since the validation protocol used to evaluate clinical feasibility is
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already stressful for the patient and further waiting time and a third acquisition on
one day is not reasonable. Thus, this is a potential topic for subsequent studies.
Regarding the rising topic of radiation burden of examination the proposed SDI
protocol shows a higher dose than current 99mTc low dose protocols. However, the
dose is well within the limits of the guidelines. The effective dose of 201Tl has been
overestimated in the past, but still 201Tl causes the majority of radiation burden of
the proposed protocol [66].
Therefore, the protocol is recommended in particular for elderly patients with a high
probability of ischaemia or prior myocardial infarction. This patient group takes also
most advantage of sparing one straining scan by single acquisition. In Table 3.5 the
drawbacks and advantages of the proposed SDI protocol are summarized.

Benefits Drawbacks

• Improved workflow due to stress
and rest acquisition in about 1 hour.

• Improved patient comfort by single
acquisition imaging.

• Inherent co-registration of stress
and rest images.

• Post stress gated imaging using
tracer distribution at rest.

• Optional 201Tl redistribution acqui-
sition for viability assessment with-
out extra dose.

• Optional gated 99mTc rest acquisi-
tion without extra dose after patient
has recovered from stress.

• Low radiation burden for a dual iso-
tope protocol (12.5 mSv).

• No stress only imaging possible.

• Only one post-stress gated study,
no determination of functional pa-
rameters at rest; rest perfusion find-
ings cannot be verified by functional
imaging.

• Different attenuation coefficients
might induce different image arti-
facts in stress and rest images.

• Absolute radiation burden is higher
than for 99mTc low dose or stress
only protocols (still well within
EANM limits).

Table 3.5: Summary of benefits and drawbacks of the proposed SDI protocol [1].
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We should be careful to get out of an experience only the
wisdom that is in it — and stop there; lest we be like the cat
that sits down on a hot stove-lid. She will never sit down on a
hot stove-lid again — and that is well; but also she will never sit
down on a cold one any more.

Mark Twain, Following the Equator

4 Quantification of myocardial
uptake

In this chapter a new method is proposed to enable absolute quantification of global
tracer uptake in cardiac SPECT imaging. So far SPECT is considered as a quali-
tative imaging procedure and ischaemia is only detectable in comparison to normal
perfused areas. This results in a lack of sensitivity in case of balanced ischaemia or
multi-vessel disease.
To overcome this limitation a quantitative workflow is developed and described in
this chapter of the thesis. Besides the reconstruction method, described in Chapter
3, the proposed method includes a new calibration method to map reconstructed
counts per voxel to tracer concentration, a model-based myocardial segmentation
method, adapted from CT imaging, and an accurate dose determination by measur-
ing the residual activity in the syringe after injection. The proposed quantitative
workflow is evaluated by phantom studies and subsequently also in a clinical study.
The calibration measurements show a very high sensitivity to misalignment of emis-
sion and attenuation data; even displacements on the sub-voxel scale can have a
significant impact. For correction of this misalignment a new method is developed
that is not based on image features, like standard approaches, but on the consistency
of emission and simulated data, derived by forward projection.
The evaluation of the proposed method shows that an error margin of 7.5 % can
be achieved in an anthropomorphic torso phantom and that the tracer uptake in
patients is in the expected range. Furthermore, patients with known ischaemia ex-
hibit a significantly reduced ratio of stress (201Tl ) to rest (99mTc-sestamibi) tracer
uptake. However, in the examined patient collective the uptake and also the ratio
of tracer uptake overlap largely for patients with and without ischaemia. Thus, at
least for this patient collective, the diagnostic value of global uptake quantification is
limited. In the next section the clinical motivation for quantitative, cardiac SPECT
is delineated and blood flow quantification by PET imaging is briefly discussed. Sec-
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tion 4.2 describes the requirements for absolute SPECT tracer quantification. An
important element to link the tracer quantification to clinical information is the un-
derstanding of tracers’ kinetics. Thus mechanisms of uptake, washout and retention
of 99mTc-sestamibi and 201Tl-chloride are described in Section 4.3. The procedure of
calibration, required for absolute SPECT quantification is depicted in Section 4.4
followed by the evaluation of the proposed method by phantom and patient stud-
ies presented in Section 4.5 and Section 4.6. The summary and discussion of this
chapter is given in Section 4.7.

4.1 Clinical motivation for quantitative SPECT
In the field of nuclear medicine, quantification is a general trend and regarded as a
major step to improve diagnostics since it promises precise and objective informa-
tion [135–137]. However, so far myocardial perfusion imaging by SPECT is regarded
as a qualitative imaging procedure, since images are normalized to the peak number
of counts in the myocardium. Thus lesions are detectable in contrast to areas of
normal uptake only. A global reduction of uptake can therefore not be identified by
this method. Hence, the diagnosis of multi vessel diseases with a balanced reduction
of blood flow or an endothelial dysfunction is limited using this qualitative evalu-
ation. It has been assumed that balanced ischaemia occurs in only few patients,
but recent analysis shows that 5-10 % of CAD patients are suffering from balanced
ischaemia [71].
Furthermore, the lack of quantitative assessment of blood flow can result in an un-
derestimation of severity and extent, since only the most severe lesions are detected
and flow reduction in other myocardial areas might be missed [70]. On the other
hand, a high but heterogeneous blood flow may lead to falsely positive diagnosis
of perfusion defects in qualitative MPI examinations [138]. These limitations of
qualitative imaging give reason to extend myocardial perfusion imaging by absolute
quantification of blood flow.
PET is known to be a quantitative modality, and absolute blood flow quantification
has shown its clinical feasibility but is not implemented in daily clinical routine [71].
Reasons for the limited propagation of (quantitative) myocardial perfusion PET
imaging are the limited base of cameras compared to SPECT and the requirement of
an on-site cyclotron to produce the cardiac PET tracers 15O-water or 13N-ammonia.
The usage of 82Rb as a cardiac tracer that is available from a generator overcomes
this shortage but image quality is inferior to 15O and 13NH3 since positron range
is higher for 82Rb and quantification is more challenging because of saturation of
uptake at high flow rates [138, 139]. Typical spatial resolutions and tracer charac-
teristics are given in Table 2.3 in Section 2.7.
However, recent studies show that the quantification of the myocardial flow reserve
with 82Rb-PET is an independent predictor of triple-vessel disease. For PET us-
ing 15O labeled water it has been reported that absolute blood flow quantification
improves sensitivity to 95 % compared to 74 % in case of relative assessment and
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specificity from 73 % to 91 % [70]. In particular 23 of 24 patients with triple-vessel
disease could be identified while showing 5 false positive results. In contrast, relative
assessment identified only 9 patients correctly and exhibited 26 false positive tests.
Blood flow measurements using 13NH3 as PET perfusion tracer are comparable to
15O labeled water, but correction at high flow rates is required due to incomplete
extraction of 13NH3 [72].
Although the feasibility and clinical value of absolute quantification have been re-
ported, large patient studies are missing evaluating the detection of coronary artery
disease or the guidance of therapy [70]. One indication for this lack of standard-
ization is the range of cut-off values of blood flow. For 15O a blood flow below
2.5 ml/(g min) is regarded to be pathologically reduced, but for 13NH3 the optimal
lower threshold of normal perfusion is 1.52 ml/(g min). For 82Rb the data is not
sufficient for certain threshold evaluation, but blood flow levels are expected to be
lower than for 13NH3. Moreover, specialization of blood flow thresholds for different
patient groups like diabetic or obese patients is needed [71].
Absolute quantification as an extension to myocardial SPECT imaging, utilizing
already known tracers and installed camera equipment, promises an increased sen-
sitivity, specificity and accuracy for CHD in daily routine and in particular in case
of multi-vessel disease. However, compared to qualitative imaging, absolute tracer
uptake quantification exhibits several additional requirements that are delineated in
the following section.

4.2 Requirements of absolute tracer uptake
quantification

The requirements of quantitative SPECT can be assigned to different steps of the
imaging chain which is depicted in Figure 4.1. The first step in the imaging chain
is the imaging protocol including patient preparation and tracer injection. Stan-
dardization of patient preparation e.g. the stress protocol or waiting times is either
important for qualitative imaging and therefore fixed in the clinical protocol.
Heart rate and blood pressure are monitored at rest and stress. In case of ergonomic

Figure 4.1: Visualization of the imaging chain of quantitative myocardial imaging.
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stress also the maximal physical workload is acquired.
For quantitative uptake measurement, the determination of the actual injected tracer
activity is crucial. However, for standard qualitative imaging this is not required.
The injected dose has to be high enough to deliver a sufficient count rate and there-
fore image quality, but it has to be as low as possible to limit radiation burden.
For the described quantitative imaging method the actual injected dose is calcu-
lated from activity measurements of the syringes containing tracer activity before
and after injection and decay correction to the time point of imaging. The results
are described in Section 4.6 and show that a notably part of the 99mTc-sestamibi
dose can remain in the syringe.
The next step in the imaging chain is the actual acquisition. Acquisition parameters
like the energy windows, the rotation trajectory of the detectors and number of pro-
jections have to be standardized in standard qualitative and quantitative imaging.
Moreover, the linearity and uniformity of the detectors have to be assured. For
quantitative imaging the camera has to be calibrated to enable the determination
of concentration in physical units (kBq/ml) and not in the arbitrary unit of recon-
structed counts per voxel. The calibration method used for this purpose is described
in 4.4.
The correction of scatter and attenuation is crucial for quantitative imaging since
about 30-40 % of all detected photons in the photo peak energy windows are scat-
tered before detection in clinical setups [101]. Hence, the acquisition of an atten-
uation map either by CT or moving transmitting X-ray source is mandatory for
quantitative imaging. A study examining absolute tracer quantification in animal
studies reports that only 10 % of the true activity is recovered if no corrections are
applied [140]. For the used reconstruction method which includes attenuation and
Monte Carlo based scatter correction it has been shown that quantitative reconstruc-
tion of activity above background is feasible even in the scenario of simultaneous
dual isotope imaging [105]. However, so far this has been tested in phantoms only
that are meant for image quality assessment and do not model patient anatomy.
The influence of the used scatter correction on contrast recovery, which is closely
linked to quantification is also examined in Section 5.4.2 of the next chapter.
Another reason for the underestimation of regional uptake during the analysis of re-
constructed images is the partial volume effect (PVE) which results from the limited
spatial resolution of SPECT (or PET). Structures smaller than three times the full
width at half maximum of the imaging system are not filling one resolution element
completely. Hence the reconstructed activity concentration will be affected by neigh-
boring structures or tissue [141]. Since activity concentration in the myocardium is
higher than in the surrounding tissue, regional myocardial concentrations are un-
derestimated in general. For SPECT systems the underestimation of myocardial
concentration is reported to be about 50 % in animal studies [140].
In the presented method the global myocardial activity above background is exam-
ined by measuring a larger volume around the myocardium and subsequent back-
ground correction. Therefore, the issue of partial volume effect which affects the
measurement of regional activity concentration can be avoided. Nevertheless, a seg-
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mentation of the myocardium is needed to determine myocardial and background
activity. For this purpose a model-based segmentation method is utilized. The seg-
mentation and background correction method is described in Section 4.6.
For the assessment of the acquired tracer activity in a clinical context an estimation
of the expected tracer accumulation is required. For this purpose the kinetics and
bio-distribution of the used tracers have to be taken into account.

4.3 Tracer kinetic
In this section the cardiac SPECT tracers are described. The focus is on thal-
lium (201Tl) and technetium sestamibi (99mTc-MIBI), since both tracers are used in
the quantitative experiment and the dual isotope protocol (see Chapter 3). Other
99mTc based tracers like tetrofosmin or teboroxine are described briefly for the sake
of completeness.

4.3.1 Technetium based tracers
Technetium (Tc) is a chemical element in the group of transition metals with a pro-
ton number of 43. It is the element with the lowest atomic number exclusive of any
stable isotope. The name is derived from the fact that it was the first artificially pro-
duced chemical element [142]. For nuclear medicine the metastable isotope 99mTc is
utile since the γ-emission with a energy of 140.5 keV (abundance 89%) passes the
soft tissue without high probability of interaction and can also be easily collimated
and detected by γ-cameras [26]. Advantageously the half-life of 6.02 h is long enough
to allow some flexibility in designing imaging protocols and on the other hand suf-
ficiently short to limit radiation burden. The decay product, the ground state of
99Tc , decays to the stable isotope 99Ru by β-decay with a half-life of 211 000 years.
Because of the far longer half-life of 99Tc this beta decay and linked emissions caused
by Auger and conversion electrons does not interfere with 99mTc imaging, but must
be considered for dose calculations.
The radiation burden caused by 99mTc injection depends on the pharmacokinetics
of the applied radiopharmaceutical, but in general the myocardial imaging agents
exhibits similar effective doses from 7-9 µSv/MBq for sestamibi or tetrofosmin and
up to 16 µSv/MBq for teboroxine [143, 144]. This effective dose enables injections
of 500-1000 MBq without inappropriate radiation burdens. Determination of func-
tional parameters by gated imaging as well as higher image quality are enabled by
the 6 to 10-fold higher doses compared to 201Tl .
In hospitals 99mTc is provided by 99Mo-Generators. In these generators, 99Mo-oxide
(MoO 2–

4 ) bounded on Al2O3 decays with a half-life of 66 hours to pertechnetate
(TcO –

4 ) by emitting an electron. The pertechnetate can be eluted by a saline so-
lution. The sodium pertechnetate is used as the basis for producing organ specific
radio-pharmaceuticals or directly for scintigraphy of thyroid glands.
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Figure 4.2: Technetium-Sestamibi molecule, reproduced from [26].

The kinetics and bio-distribution of the respective radiopharmaceutical are deter-
mined by the molecule marked with 99mTc .

4.3.1.1 Technetium Sestamibi

Technetium sestamibi consists of a centered 99mTc atom surrounded by 6 methoxy-
isobutylisonitrile ligands (see Figure 4.2). The compound is a monovalent lipophilic
cation, that passively diffuses through the cell and mitochondrial membrane and is
bound to the strong negative transmembrane potential.
The extraction of 99mTc-sestamibi seems to be independent of cell viability or a
functional Na+/K+-pump. However, the retention in the cell requires a viable cell
membrane. Therefore, depolarized membranes will lead to a rapid washout and no
significant accumulation of sestamibi at normal imaging times. The capability of
viability imaging with sestamibi has been examined in animal models and patient
studies [145–147]. However, the sensitivity of 99mTc-sestamibi for viable myocardium
is reported to be inferior to 201Tl-chloride [148]. Hence, sestamibi is mostly regarded
as a perfusion and not as a viability tracer.
During the first pass 55-65 % of the injected dose is extracted by the myocardium
and uptake is linear to blood flow up to flow rates of 2-2.5 ml/(g min) [149]. Higher
myocardial blood flow rates are underestimated by tracer uptake (see Figure 4.3).
Sestamibi exhibits a rapid blood pool clearance. After 5 min only 8 % of the in-
jected dose is left in the blood pool. Some minutes later significant quantities are
also accumulated in the liver and later excreted by gall bladder, kidney and in-
testines. The distribution in normal patients is shown in Table 4.1. Regarding to
the bio-distribution a waiting time of 45− 60 min at rest and 15− 30 min at stress
is beneficial for a sufficient myocardium to liver ratio. Accordingly, the myocardial

84



4.3 Tracer kinetic

Organ Time post-injection
5 min 60 min 240 min

Rest Exercise Rest Exercise Rest Exercise

Heart 1.2± 0.4 1.5± 0.4 1.0± 0.4 1.4± 0.3 0.8± 0.3 1.0± 0.3
Lung 2.6± 0.8 2.7± 2.1 0.9± 0.5 1.4± 1.2 0.4± 0.5 0.3± 0.6
Liver 19.6± 7.1 5.9± 2.9 5.6± 1.6 2.4± 1.6 0.7± 0.5 0.3± 0.3
Gallbladder 1.2± 1.5 0.6± 0.6 3.5± 2.5 2.5± 1.5 2.7± 4.1 2.6± 2.3
Kidney 13.6± 0.9 10.6± 2.2 6.7± 0.7 6.7± 3.9 3.9± 1.2 3.3± 1.0

Table 4.1: Human bio-distribution of 99mTc -sestamibi (% of injected dose, mean ±
standard deviation), adapted from [107].

uptake at the moment of imaging is about 1.0± 0.4% at rest and 1.4± 0.3 at stress.
The binding to the membrane results in a slow washout of 10-15 % after 4 h and
no significant redistribution after injection at rest [150]. In this setup the tracer
distribution is preserved over several hours after injection. This is beneficial since it
allows flexibility in the design of protocols. If 99mTc-sestamibi is injected at stress
some redistribution has been reported and it is recommended to perform imaging
not later than 1-1.5 h after injection [151]. Besides myocardial imaging sestamibi is
also used in oncology for the diagnosis of breast and parathyroid tumors [152].

4.3.1.2 Further technetium tracers

In addition to sestamibi other 99mTc-based tracers have been developed for cardiac
imaging.

Tetrafosmin: Like sestamibi tetrafosmin is a lipophilic cationic complex that is
taken up by passive diffusion and binds to mitochondria. Hence, it exhibits
similar pharmacokinetics. In comparison to sestamibi it shows a lower extrac-
tion rate and uptake is linear to blood flow only up to 1.5 ml/(g min), which
might lead to underestimation of ischaemic lesions. Advantageous for imaging
is the lower liver uptake and faster clearance leading to higher myocardium to
liver ratios [149].

Teboroxime: In spite of sestamibi and tetrafosmin, teboroxime is a neutral complex.
It features a very high extraction fraction and linearity of uptake and flow
up to 4.5 ml/(g min) without a ’roll-off’ effect. However, since teboroxime is
neutral it is not retained in the intracellular space and exhibits very rapid
washout and redistribution. Already 2-4 min after injection contrast losses of
ischaemic lesions are described. Hence the imaging time is very limited, some
examinations report results similar to thallium studies, if imaging is performed
up to 10 min after injection [95,149].
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4 Quantification of myocardial uptake

4.3.2 Thallium chloride
The radioactive isotope 201Tl had been the most frequently used tracer for cardiac
perfusion imaging until technetium based tracers like sestamibi were available. Tech-
netium tracers have replaced thallium in MPI due to its advanced imaging proper-
ties, reduced radiation burden and easy generator based preparation. Nevertheless
thallium was still used in about 11 % of MPI studies in Germany in 2009 [58]. More-
over, it has some beneficial characteristics like its high uptake at stress and better
uptake to flow linearity compared to e.g. sestamibi or tetrofosmin. This high uptake
at stress and the long lasting experience in cardiac imaging motivates the use of
thallium in dual isotope protocol and for abolute tracer uptake quantification.
This section focuses on the aspects of thallium uptake relevant for this thesis. In
the simultaneous dual isotope protocol which is proposed and evaluated in Chap-
ter 3 and also used for absolute quantification studies in this chapter; thallium is
injected at peak stress and imaging is performed 5-15 min after injection. Thus,
besides decay and radiation properties, the uptake at stress is thoroughly treated in
this chapter, whereas redistribution is discussed only briefly, since it is significant at
the earliest after 30 min.

Basic radio-chemistry and nuclear decay Unlike technetium, 201Tl can not be
extracted from a generator, but has to be produced in a cyclotron and shipped to
the hospital. 201Tl decays by electron capture to stable Hg201 with a half-life of
73.1 h. The displacement of the captured electron induces K-level x-ray emission
with an energy of 69 − 71 keV and abundance of 95 %. Additionally γ-emission at
135 keV and 167 keV occurs with an abundance of 2.65 % and 10 % respectively [153].
Due to the production process, contamination with other thallium isotopes can not
be fully avoided. In particular impurities of 200Tl and 202Tl are common. For
medical products the contamination should not exceed 1 % for 200Tl and 0.5 % of
202Tl. The half-life of Tl200 is 26 h and it decays to 200Hg by electron capture, hence
the fraction of this isotope decreases with time. On the other hand the longer half-
life of 12.9 days of 202Tl causes an increasing fraction of this isotope. According to
Staelens et al. the high energy emissions at 439 keV of 202Tl and 367 keV of 200Tl
can cause decreased contrast due to scatter in patient and septum penetration [154].
Particularly, the γ-emission at 167 keV is affected by possible impurities. However
recently produced commercial thallium tracers contain only 0.1 % of 200Tl and 0.3 %
of 202Tl and hence significantly smaller impurities than considered in the study by
Staelens et al. [155].
Thallium is a highly toxic element with a lethal dose of 800 mg. For nuclear medicine
the toxicity of thallium is negligible, since the standard dose of about 74− 150 MBq
is equivalent to a maximum amount of 30 µg of thallium. The exact amount depends
on the specific activity of the compound, which should be higher than 3.7 MBq/µg
of thallium according to international guidelines [156]. Although this exceeds the
normal daily dose of 2 µg, it is at least four orders of magnitude smaller than doses
with known toxic effects [157,158].
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4.3 Tracer kinetic

Bio-distribution and myocardial uptake Although thallium itself has no known
biological function, it is taken up via potassium pathways, due to its chemical simi-
larity. The ion radius of the hydrated thallium ion of 1.44Å is similar to the one of
the K+-ion (1.33Å). This leads to similar transport properties through cell mem-
branes [159]. The uptake mechanisms of Tl are not completely known, but it has
been shown, that 201Tl is actively transported into the cell via the Na+/K+ pump
with ATP consumption and passively extracted by the potassium channels [160].
The accumulation of 201Tl can be explained by a higher binding in the intracellular
space of thallium compared to potassium leading to a slower clearance time. Organs
with high accumulations of thallium are kidneys, liver and heart [95].
The organ distribution of thallium has been updated in a recent report of the Inter-
national Commission on Radiological Protection (ICRP). In particular the uptake
of testes is corrected from about 1 % to 0.3 % [66]. Accordingly the effective dose
per MBq decreases from 0.22 mSv/MBq to 0.14 mSv/MBq. A table containing the
absorbed doses per activity and organ is given in the appendix, Table A.3. Although
this is a significant reduction the effective dose per activity of thallium is still about
17 times higher than for 99mTc-sestamibi (0.0082 mSv/MBq).
The myocardium exhibits a high maximal initial extraction fraction (EF) of 85 %
of thallium in the blood pool [161]. Animal studies suggest that the extraction
fraction does not depend on the heart rate, medicamentation with beta blockers
(propranolol) and insulin levels. Significantly lower extraction fractions have been
found in the state of hypoxia (EF = 70 %) and acidosis (EF = 78.8 % at pH = 7.02).
For alkalosis (pH = 7.8) no significant changes in extraction fraction are found [162].
Furthermore, these animal studies indicate that the extraction fraction is constant
only up to myocardial blood flow of 2-2.5 ml/(g min). At higher flow rates of 3-
4 ml/(g min) the extraction rate and thus also thallium uptake decreases [73] (see
Figure 4.3). In a dog model the extraction fraction was found to be given by [162]:

EF = 87.04%− 39.10% · log
(
coronary flow
normal flow

)
(4.1)

In these studies myocardial blood flow has been increased by vasodilation with
adenosine or dipyridamole. Another dog study with ergonomic stress reports a lin-
ear relationship up to 5 ml/(g min) [163]. Hence it is suggested, that extraction
fraction is maintained if blood flow is increased not artificially but in accordance
to myocardial oxygen requirements. A blood flow increased beyond the myocardial
needs by vasodilation will lead to the described logarithmically decreased extraction
fraction.
Unlike 99mTc-sestamibi, thallium is not fixed in the myocardium but show a signifi-
cant exchange with the blood pool. Therefore the back-diffusion or washout as well
as the blood pool kinetics of thallium must also be considered. The blood clearance
of intravenous injected thallium is determined by a bi-exponential process. The pre-
dominant part (91.5 %) is extracted with an half-life of about 5 min. The remaining
8.5 % are mostly bound to blood cells and leave the blood pool with a half-life of
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4 Quantification of myocardial uptake

Figure 4.3: Schematic presentation of the relationship between absolute myocardial per-
fusion and tracer uptake of PET and SPECT tracers, adapted from [71].

40 h.
The viable myocardium washout rate is about 10-15 % in the first hour after in-
jection, hence thallium imaging up to one hour after injection is possible without
significant redistribution [164, 165]. The best heart to other tissue ratio is reached
after about 10-15 min [95, 158]. At this point the uptake of thallium is 1-2 % of
the injected dose for injections at rest and 3-5 % at stress [95]. In planar studies
of normal patients the initial uptake of thallium has been reported to be linear to
the heart rate at ergonomic stress [166]. Inside the myocardium a gradient of 20 %
in concentration from epi- to endocardium has been found [165]. The overall bio-
logic half-life of thallium is about 10 days leading to an overall half-life of about
57-58.8 h [165,167].
Due to reduced blood flow either uptake is delayed or washout is decelerated in hy-
poperfused regions compared to normal myocardium [95]. Therefore lesions found
in the stress 201Tl distribution normalize after about 3-4 h (see Figure 4.4), while
in-viable myocardium still does not show a significant accumulation of 201Tl . This
normalization of uptake in ischaemic segments is usually called redistribution and
exploited for viability studies. The distribution of thallium injected at rest exhibits
washout, but no significant redistribution is observed over at least 2 h even if the
patient is stressed post injection [104].

4.4 Camera calibration for absolute quantification
In this section the calibration method as one module that enables absolute tracer
quantification by the proposed method is described. Other main modules are a quan-
titative reconstruction method including attenuation and scatter correction and the
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Figure 4.4: Serial determination of myocardial 201Tl activity in canine hearts expressed
as percent of initial normal 201Tl activity before 20 min of occlusion. The initial value
represents the mean for all 27 dogs, from [168].

post-processing with segmentation and background correction. The reconstruction
method has already been described in Section 3.3.2 and its properties are analyzed
further in Chapter 5. Segmentation and background correction are described in the
section dealing with patients measurements (Section 4.6).
The calibration is needed for the conversion from reconstructed counts in arbitrary
units which are chosen for optimal usage of the given dynamic range of the DICOM
file format to physical units of concentration like kBq/ml. The acquisition parame-
ters of the phantom and patient measurements used for calibration and evaluation
of the proposed method are given in the next subsection.

Acquisition parameters

The phantom and patient measurements were performed on a SPECT camera ded-
icated for cardiac imaging (CardioMD, Philips Healthcare Systems, Andover, MA,
USA). This camera is equipped with two detector heads and a collimated, moving
gadolinium 153Gd-line source to acquire transmission projections for the creation of
attenuation maps (Vantage System). In all experiments a low energy, high resolution
collimator (LEHR) is utilized. The acquisition parameters are described in Chapter
3 (see Section 3.3.1 and Table 3.1). The energy window at 167 keV (width 15 %)
used to measure the high energy emission of 201Tl in the SDI protocol acquisitions
is not used for quantification, since no reliable calibration factor can be obtained for
99mTc emission. This is explained further in the following section.

89



4 Quantification of myocardial uptake

Determination of calibration factors
For the determination of quantitative uptake a conversion of counts to physical units
like kBq/ml is required. This is provided by calibration acquisitions of a phantom
with known amount and distribution of activity. The known activity distribution is
used to create an activity map, which can be seen as an ideal result of reconstruc-
tion. Simulated projections of this activity map are calculated by forward projection
and compared to the measured projections at the acquired energy windows. From
these comparisons the calibration factors are determined (see Figure 4.5).

Figure 4.5: Schema for determining calibration factors.

The calibration factors are meant for patients acquisitions, hence they have to be
independent of the used phantom and its scatter and attenuation properties. There-
fore the forward projection has to implement an accurate attenuation and scatter
estimation.
In case of a single detector, energy window and isotope the calibration simplifies to
the determination of a single factor to convert reconstructed counts in e.g. kBq/ml.
For dual isotope imaging the contribution to each energy window has to be acquired
for each isotope in separate acquisitions.
Due to the limited energy resolution of 9.4 % sporadically photons of the 140 keV
emission of 99mTc are detected in the upper 201Tl energy window at 154-180 keV.
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The very low count rate of this energy window in 99mTc calibration acquisitions
does not allow a reliable determination of 99mTc calibration factors for this energy
window. Hence, only the lower 201Tl and the 99mTc energy windows are used for
calibration and quantification.
A cylindrical phantom has been designed and manufactured for calibration. The
dimensions of this phantom are chosen to fit inside the field of view (FOV) of the
camera to avoid truncation in the transmission measurement and scattered photons
emitted from outside the FOV. The phantom dimensions are an inner diameter of
19 cm and an inner height of 12 cm. The inner volume is 3374 ml. This volume is
filled with a mixture of water and 99mTc or 201Tl activity, respectively.
Compared to other methods using a small activity filled syringe, calibration with a
large cylinder has some benefits. First segmentation is simpler and less error prone
for a large homogeneous volume than for a small syringe with high contrast. Fur-
thermore, concentration measurement of a large volume avoids the partial volume
effect. Last but not least the activity concentration can be chosen in the magnitude
of typical myocardial ones. A syringe of e.g. 5 ml and myocardial concentration
of about 30 kBq/ml would result in a very low absolute activity of 0.15 MBq and
therefore a very low count rate.
For determination of the expected activity concentrations in the calibration phan-
tom, the syringes containing the radionuclides are measured with a dose calibrator
before and after application to correct for residual activity. The expected concen-
tration at the start of SPECT acquisition is then determined by decay correction.
The volume of the cylinder is reconstructed using the described reconstruction al-
gorithm with 30 iterations and 8 subsets. Based on this reconstruction the mean
concentration of a region of interest (ROI) inside the cylinder volume is measured.
The reconstructed volume is rescaled, to match the expected concentration. Rescal-
ing is performed by adjusting scaling tags of the dicom file format and accordingly
the voxel values and image dynamics are not changed.
The high number of iterations improves the accuracy of the reconstruction but also
enhances noise. Since the averaged concentration of the inner volume is used for
rescaling the disadvantage of noise enhancement is negligible.
To account for potentially different sensitivity of the two detectors of the camera
the calibration factors are determined for each detector separately. The results of
the calibration acquisitions are summarized in Table 4.2. Calibration factors of
99mTc and 201Tl are given for two energy windows (EW) at 126-154 keV and (W2)
65-79 keV and both detectors.
Since the accuracy and precision of the calibration is crucial for absolute tracer quan-
tification a check for differences in sensitivity of the two detectors and misalignment
of attenuation map (derived from transmission measurement) and activity map are
applied. In addition uniformity and linearity tests of the detectors are performed
in the framework of clinical quality control. The calibration is verified by further
phantom measurements using the cylinder and an anthropomorphic phantom (see
Section 4.5).
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4 Quantification of myocardial uptake

Isotope Conc. Cal. factors (10−4)
(kBq/ml) 99mTc EW(126-154 keV) Lower 201Tl EW (65-79 keV)

Det.1 Det.2 Det.1 Det.2
99mTc 15.71 1.036 1.033 1.578 1.557
201Tl 41.47 2.219 2.281 0.768 0.717

Table 4.2: Calibration factors of 99mTc and 201Tl for the two used energy windows and
detector heads.

Check for differences in detector sensitivity
The two detectors of the used camera are arranged in a rectangular position and
allow an increased sensitive area resulting in a reduction of imaging time. However,
diverging sensitivities of the detectors can lead to problems regarding image quality
and tracer quantification. Therefore the differences of the detector sensitivity have
to be monitored by suitable phantom measurements. For this purpose also acqui-
sitions with the cylindrical phantom are used, since for this phantom ideally the
number of counts per projection (frame) should be equal for all detector positions.
If the frame-summed counts differ for the two detectors, a diverse sensitivity can be
assumed. This is particular noticeable at the transition of the two detector domains.
The sensitivity of the different detectors of the camera is checked for the different en-
ergy windows. A circular orbit is used, the counts are decay-corrected and summed
per frame and energy window. For the determination of a sensitivity mismatch the
mean is calculated for the first 32 frames taken by detector one and the first 10
frames (33-43) of detector two, since the last 22 frames of detector two are affected
by the attenuation of the patient table.
Figure 4.6 shows the results of an acquisition of a 99mTc-filled cylinder. The sum of
counts in the respective frame is depicted in absolute numbers and normalized to
the maximum of the energy window. The realms of the detectors are separated by
a solid black line. The dotted line shows which frames are disturbed by the atten-
uation of the patient table and therefore not used for the calculation of the mean
count number of detector two.
In Table 4.3 the mean values of counts and the standard deviation as well as the
difference between the two detectors are given. The camera shows a very good homo-
geneity of detector sensitivity in the 99mTc window (EM) at 126-154 keV (difference
smaller than 0.1 %). The lower energy window (W2) at 65-79 keV also exhibits only
a small difference of (−1.15 %) of the mean count number per frame. The low count
rate in the high energy window (W1) at 156-182 keV and the high variation between
individual frames impede the usage of this energy window to check for differences
in detector sensitivity. The count numbers of these energy window are depicted for
the sake of completeness.
Sensitivity checks have been repeated 12 times during the study and no differences
greater than 3 % have been found in the EM or W2 energy window. Detailed results
are given in Table A.4 in the appendix.
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4.4 Camera calibration for absolute quantification

Figure 4.6: Detector sensitivity check of calibration acquisition. The sum of counts
per frame in absolute numbers is depicted on the left side. The right side shows the
normalization to the maximum of the respective energy window.

Energy window Mean Det. 1 Mean Det. 2 Difference
99mTc window (EM) (126-154 keV) 77705± 217 77662± 257 43 (0.06 %)
Lower 201Tl window (W2) (65-79 keV) 21421± 180 21669± 158 -248 (−1.15 %)
Upper 201Tl window (W1) (156-182 keV) 794± 39 720± 21 74 (9.78 %)

Table 4.3: Detector sensitivity check of calibration acquisition. The differences are given
in absolute numbers and percentage of the overall mean count number of the respective
energy window.
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Misalignment of attenuation map
The vantage system provides acquisition of transmission data simultaneous to emis-
sion data. Hence, the misalignment of attenuation map and emission data is min-
imal. Recently hybrid systems of SPECT and CT have been introduced. Hybrid
imaging enables fusion imaging of myocardial perfusion and e.g. coronary morphol-
ogy by CTCA. Moreover, CT images can be used for attenuation correction of
SPECT data (see Section 2.9). Although the patient (or phantom) is not reposi-
tioned between transmission and emission acquisition still misalignment of atten-
uation map and emission data can induce artifacts in the reconstruction [169]. In
particular calibration and quality control measurements with phantom studies make
high demands on the accuracy of registration.
Besides the measurements with the CardioMD system the calibration has also been
tested with an unique SPECT/CT system, a combination of a CardioMD (without
Vantage system) and a 64-slice CT (Brilliance64, Philips Healthcare).
The influence of misalignment has been tested on this system. This evaluation
shows that even sub-voxel misalignment can result in significant changes of calibra-
tion factors. Because of this finding a new method has been developed to provide
rigid sub-voxel registration of attenuation map and estimated activity distribution.
For this test, first the attenuation map is created as usual by manual alignment of
CT and SPECT data and checked visually afterwards (see Figure 4.7).

(a) Original position of attenuation map and SPECT image.

(b) Corrected position of attenuation map and SPECT image.

Figure 4.7: Original and corrected position of attenuation map.
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The comparison of simulated projections based on attenuation and activity maps
and the measured projections shows a qualitative difference in the counts summed
over frames (see Figure 4.8(b)). This suggests that the count sum over frames is a
sensitive indicator of misalignment that can also be helpful to guide misalignment
correction.
Accordingly, this quantity is used in the development of the correction method pre-
sented in this thesis. In the following this method is described and therefore some
naming conventions are introduced: The X-axis depicts the different detector posi-
tions (frames) of the SPECT detector during the rotation while the Y and Z axis
denote the dimensions of the detector (see Figure 4.8(a)).

(a) Schematic illustration of the
nomenclature describing the dimensions

of the dual head camera system.

(b) Counts summed per frame for real
and forward projections.

Figure 4.8: Nomenclature and counts summed per frame for real and forward projection
with and without misalignment correction.

The presented registration method starts with scaling of the simulated forward pro-
jections to the total sum of counts of the measured projections. Afterwards the
differences of simulated forward and measured projections are summed over two di-
mensions and these squared differences are summed along the third dimension. The
cost function for minimization is calculated as the 3D sum of squared differences
(Equation 4.2).

costfkt =
∑
X

∑
Y,Z

(Pm − Ps)
2

+
∑
Y

∑
X,Z

(Pm − Ps)
2

+
∑
Z

∑
X,Y

(Pm − Ps)
2

, (4.2)

with Pm as the measured and Ps as the simulated projections.
To find a minimum of the cost function coincidental with an optimal positioning of
attenuation map first the cost function is calculated on a grid of half a voxel length
in the expected range of possible shifts (e.g. two voxels in each direction).The shift
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Figure 4.9: Calibration factors of the SPECT/CT system for 99mTc energy window at
126-154 keV with and without misalignment correction.

providing the minimal cost function is then used as the start point of a Downhill-
Simplex algorithm for further optimization. For the calculation of the shifted images
a cubic interpolation is used.
Figure 4.7 shows an example of misalignment correction with a shift of (−0.6, 0.5,
0.2) times a voxel length in X,Y, and Z direction. An improved agreement of sim-
ulated forward projection and measured projections is archived (see Figure 4.8(b)).
The effect of the misalignment correction on the calibration factors is illustrated in
Figure 4.9 and Table 4.4.
The determined calibration factors differ from the ones presented in Table 4.2, since
here a different SPECT/CT camera system is used. Without misalignment correc-
tion, differences of up to 8 % between both detectors in the EM window are found,
which cannot be explained by different sensitivity, since the measured projection
does not show this difference. If the misalignment correction is applied, the cali-
bration factors for both detectors are in good alignment (difference < 1 %). This
example shows that even misalignment on the sub-voxel scale influences the calibra-
tion factors and stresses the importance of accurate alignment.
The proposed method of misalignment correction differs substantially from standard
procedures, which are discussed in the following. Usually the attenuation map is

Cal. factors (10−4) Difference
Det.1 Det.2

Without misalignment corr. 1.335 1.232 8.0 %
Including misalignment corr. 1.301 1.289 0.9 %

Table 4.4: Calibration factors of the SPECT/CT system for 99mTc energy window at
126-154 keV with and without misalignment correction.
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created by a manual registration of CT volume and activity maps. For this purpose
tools providing a combined or overlay view are used. Automatic or semi-automatic
methods for registration are based on feature criteria like edges or mutual informa-
tion of activity and attenuation maps [170–173]. Manual methods are very flexible,
but lack in reproducibility and the quality depends on the user’s experience. Man-
ual methods as well as automatic image-based methods suffer from the low spatial
resolution of the PET or SPECT images, which hampers an exact alignment. More-
over, image features might differ for CT and SPECT and PET images; since CT
is an anatomical modality and PET/SPECT are imaging functional distributions.
Even in phantoms the tracer concentration might differ in two regions, although no
differences in the attenuation map can be observed.
In contrast to these methods the proposed procedure is not based on the recon-
structed activity maps, but on the forward projections generated from the combina-
tion of attenuation and activity map. The main benefit of the proposed registration
method is that there is no need for comparison of images of different modalities pro-
viding diverse information (anatomical and functional) as inherent to their imaging
principle. Instead of that, the consistency of the relative positioning of attenuation
and activity map is checked by comparison of forward and measured projections.
However, this method is only applicable in phantom studies where the distribution
of activity is known and only rigid misalignment is expected. In patients additional
issues like movement between CT and SPECT/PET acquisitions or changes of or-
gan positions inside the body can occur that impedes the usage of this method of
misalignment correction. Nevertheless, the increasing demand for quantification in
PET and SPECT imaging requires accurate correction methods also for calibration
measurements with static phantoms.

4.5 Phantom studies
To evaluate the accuracy of the proposed absolute tracer quantification method in
a controllable environment it is first tested by phantom studies. As first step mea-
surements with a cylindrical phantom are performed to assess accuracy. The simple
geometry of the phantom with a homogeneous activity concentration avoid prob-
lems due to segmentation or the limited spatial resolution like partial volume effect
(PVE) or spillover.
In a second step the quantification procedure is assessed by measurements of an
anthropomorphic phantom containing different compartments for lungs, liver, my-
ocardium and heart chamber. These phantom acquisitions are also used to evaluate
the image quality of the proposed dual isotope protocol (see Chapter 3), but recon-
struction parameters are adapted according to the requirements of quantification.
The anthropomorphic phantom allows to test absolute quantification in a more real-
istic setting. The typical size of the myocardium is mimicked as well as extra-cardiac
activity e.g. in the liver and attenuation. Hence, these measurements provide an es-
timation of the achievable accuracy in the subsequently performed patient studies.
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Acq. Iso. Conc. meas. Conc. ∆Conc Act. meas.Act. ∆Act

(kBq/ml) (kBq/ml) (MBq) (MBq)

Tl-1 201Tl 41.47 41.87 0.96 % 139.9 143.0 2.21 %
Tl-2 201Tl 21.15 21.85 3.20 % 71.4 74.5 4.37 %
Tl-3 201Tl 13.32 14.16 5.93 % 45.0 48.0 6.65 %
Tl-4 201Tl 8.42 9.47 11.09 % 28.4 31.7 11.62 %
Tc-1 99mTc 76.57 76.00 −0.75 % 258.3 247.0 −4.39 %
Tc-2 99mTc 14.39 14.17 −1.57 % 48.6 46.6 −4.02 %
Tc-3 99mTc 11.57 11.29 −2.46 % 39.0 37.3 −4.41 %
Tc-4 99mTc 9.03 8.89 −1.55 % 30.5 29.3 −3.96 %
Tc-5 99mTc 7.24 7.09 −2.16 % 24.4 23.4 −4.26 %
Tc-6 99mTc 5.75 5.63 −2.10 % 19.4 18.6 −4.33 %

Table 4.5: Results of quantitative cylinder measurements. Differences are given in per-
centages of the expected activity or concentration.

Cylinder phantom acquisitions
The accuracy of quantification at different tracer concentrations is assessed by a se-
ries of measurements that have been performed either for 201Tl and 99mTc . Concen-
trations cover a range of 8 kBq/ml to 42 kBq/ml for 201Tl and 6 kBq/ml to 75 kBq/ml
for 99mTc. The acquisition parameters of the calibration measurements are used and
reconstruction is performed including the determined calibration factors and 10 it-
erations with 8 subsets. A ROI which is clearly inside the cylinder is generated to
measure the concentration and with the purpose of determining the overall activity
a larger ROI which encloses also the borders of the cylinder is utilized. The results
of the acquisitions and comparison to the expected activities and concentrations are
given in Table 4.5.
The measurements show that quantification of 99mTc is applicable in this setup

within an error margin of 3 % regarding concentration and 5 % regarding absolute
activity. Both quantities but in particular activity are underestimated by the mea-
surements. For 201Tl error margins are higher in general. In particular low activities
and concentrations are overestimated. In the patient studies concentrations of about
30 kBq/ml are expected. In this range the accuracy of the 201Tl acquisitions is within
an error margin of 5 %.

Anthropomorphic phantom acquisitions
Assessment of absolute quantification with an anthropomorphic torso phantom is
performed by measurements which are also used for evaluating the image quality
of the SDI protocol. The phantom setup and the used activity concentrations of
201Tl and 99Tc are described in Section 3.3.3. Acquisition and reconstruction pa-
rameters of this study are the same as for the cylindrical phantom. The myocardial
ROI is defined manually. The results of the acquisitions and comparison to the
expected activities are given in Table 4.6.
The phantom is mimicking the basic anatomy of a typical patient. However, effects
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Acq. 99Tc 201Tl
Act. meas. Act. ∆ Act. meas. Act. ∆

(MBq) (MBq) (MBq) (MBq)
Acq. 1 28.8 28.6 0.7 % 12.3 11.7 4.9 %
Acq. 2 7.9 7.6 3.8 % 11.1 10.3 7.2 %
Acq. 3 6.3 5.9 6.3 % 10.7 9.9 7.5 %

Table 4.6: Expected and measured absolute myocardial activity of anthropomorphic torso
acquisitions. Differences are given in percentages of the expected activity.

of patient, respiratory or myocardial motion cannot be assessed by the performed
measurements. Nevertheless, the results of the anthropomorphic torso phantom
show that quantification of myocardial activity with an error margin of about 7.5 %
is feasible also in case of simultaneous dual isotope imaging.

4.6 Patient studies
The results of anthropomorphic torso phantom measurements encourage the assess-
ment of absolute tracer uptake quantification in patient studies. For this purpose
the acquisitions from the simultaneous dual isotope study are utilized. In the fol-
lowing sections the patient collective, the used method and the results of tracer
quantification in patients are described.

Patient collective
The quantification is done based on the same collective of 53 patients as the dual
isotope study described in Chapter 3. Two patients were excluded from the SDI
study because of inferior image quality due to low 201Tl dose. For the quantification
study there are two additional exclusion criteria described in the following which
lead to exclusion of nine further patients. Hence 42 patients are available for the
quantification study. The patient demographics of this collective are given in Ta-
ble 4.7. The first exclusion criterion arises from a side effect of data handling at
gated imaging. At gated imaging the acquired counts are partitioned into time in-
tervals of single heart cycles (R-R intervals) by simultaneous ECG tracking. These
heart cycle intervals are divided in 16 sections (gates), which are summed over the
acquired R-R intervals during the whole acquisition time of about 20 min. Due to
arrhythmia or sudden heart rate changes some R-R intervals are rejected from the
measurements. Since the static acquisition is calculated as the sum of all gated
intervals the rejected intervals are not contributing to the static acquisition used for
quantification. Usually the fraction of rejected intervals is about 1 % or lower and
can therefore be tolerated. However, rates of 5-10 % rejected intervals and in one
case even 39 % have been acquired. Since the influence of the rejected intervals on
the reconstruction and quantification cannot be determined, six patients showing
more than 2 % rejected intervals are excluded from the study.
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4 Quantification of myocardial uptake

Patient group, 42 patients

Sex 10 female, 32 male
Age 61.0± 9.5 (37-78)
BMI 27.4± 4.4 (18-36)
History of myocardial infarction 15 (36 %)
Coronary artery disease 28 (66 %)
Risk factors

Diabetes mellitus 11 (26 %)
Hypertension 20 (48 %)
Hypercholesterol 21 (50 %)
Smoking 5 (12 %)
Obesity 11 (26 %)
Familiy history 23 (55 %)

Table 4.7: Demographic data of patients included in the quantification study.

The second criterion of exclusion is due to unknown residual activity in the syringe
after injection. Quantification of tracer uptake requires determination of the actual
injected dose. Therefore, the activities of the syringes delivering the tracers are
measured before and after the injections by a dose calibrator. Three patients have
to be excluded since this measurement has not been performed. The results of the
residual activity measurements are given in the following section.

Residual activity
In contrast to qualitative imaging, where the number of counts has to be sufficient,
but the accurate injected dose is not required, its determination is crucial for quan-
tification. Therefore, the residual activity in the syringe is measured after injection.
Residual activity can be caused by dead space inside the syringe or by binding of
tracer to some syringe material.
The residual 201Tl and 99mTc-sestamibi activities of the 42 patients participating in
the study are shown in Figure 4.10. For 201Tl the prepared doses are in a range
from 63-124 MBq. The residual doses in the syringe are mostly below 2 %, with a
mean of 1.7 % and standard deviation of 2.4 %. In two cases a residual dose 11.9 %
(8.8 MBq) and 10.0 % (7.2 MBq) has been acquired.
For 99mTc-sestamibi the residual doses are higher in general and more scattered.
Except for three patients, a dosage of 210-270 MBq is prepared. These three pa-
tients, acquired at the beginning of the study, were planned with a higher dose of
460-575 MBq. The residual doses are in a range from 12-88 MBq or 4.5 % to 38.8 %
of the prepared dose. The mean residual dose is 17.5 % with a standard deviation
of 7.0 %. The amount of residual activity of 201Tl are explainable by dead space in
the syringe, but for 99mTc -sestamibi it must be assumed that the tracer binds to
parts of the syringes.
High residual activities of 99mTc-based tracers in syringes have also been described
in literature. For 99mTc-sestamibi residual activities of 16 % to 30 % are reported
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Figure 4.10: Residual activity of 99mTc and 201Tl in the syringe after injection in pro-
portion to the dose before injection.

[174, 175]. For 99mTc-pertechnetate which is the raw material for several tracers
only low residual doses are reported, while 99Tc-tetrofosmin which is similar to
99mTc-sestamibi also shows residual activities up to 30 % depending on the syringe
model [176]. The hypothesis that binding of 99mTc is caused by the lipophilic tracer
molecule is also supported by the phantom measurements which were acquired
for calibration or image quality assessment. In these measurements with 99mTc-
pertechnetate only small residual activities have been acquired.
The residual dose lowers the injected dose of 99mTc-sestamibi significantly. Taking
also radioactive decay between preparation and acquisition into account, the 99mTc-
sestamibi dose ranges from 107-410 MBq with a mean of 167 MBq. For 201Tl the
doses are between 62 MBq and 123 MBq. The range of 201Tl doses is explained by
weight depending dose adaptation.
The results presented here, emphasize the need for residual dose measurements in
quantitative imaging, in particular for lipophilic tracers like 99mTc-sestamibi.

Quantification method
For the quantification of tracer uptake images are acquired following the clinical
SDI protocol described in Chapter 3. Reconstruction parameters are modified to
enable absolute quantification. The number of iterations is increased to 10 with 8
subsets to increase accuracy. The calibration factors are implemented to allow the
reconstruction in physical units (kBq/ml) and accordingly the upper 201Tl energy
window is ignored due to the instability of calibration factors of this energy window.
A segmentation of the left ventricular myocardium is required to measure its ac-
tivity and therefore tracer concentration. For this purpose a model-based heart
segmentation used on CT and MRI images has been adapted to SPECT images and
trained with a set of ten manually segmented patient images. This model based
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(a) Example of myocardial
segmentation of myocardium (green)

and left ventricle (blue).

(b) Overlay SPECT perfusion data
and myocardial mesh from

segmentation

Figure 4.11: Example of model based myocardial segmentation

heart segmentation method is described elsewhere [177–179]. Since it has been de-
veloped for CT and MR images with a high spatial resolution, the segmentation
models the myocardial substructures like the cardiac valves and the sub-layers of
the myocardium (peri- and endo-cardium). For the usage on SPECT images the
model has been simplified to the left ventricle and surrounding myocardium. Figure
4.11 shows an example of the segmentation and the resulting mesh combined with
SPECT perfusion data. Since noise increases with the number of iterations, the 5th
iteration of the 99mTc-sestamibi distribution reconstruction is used for segmentation.
Moreover, this distribution represents the perfusion at rest, hence it is unaffected
by ischaemic lesions. The segmentation mask of the left ventricular myocardium
is applied to the 10th iteration of 201Tl and 99mTc-sestamibi reconstruction. The
myocardial mask for quantification is generated by morphological dilatation using
a cubic structure element with an edge size of three to avoid partial volume effect.
To correct for background activity a second mask is generated as the difference of
a dilated version of the myocardial mask and the mask itself. The mean activity
concentration of this background volume is subtracted from the concentration inside
the myocardial mask for background correction.

Quantification results
In this section the results of the patient quantification study are described. The
global tracer uptake is determined and compared to the diagnosis of ischaemia. It
is examined whether a reduction of uptake or derived quantities can be linked to
ischaemia.
The 201Tl and 99mTc myocardial uptake values are depicted in Figure 4.12. The mean
uptake of 201Tl of non-ischaemic patients is (3.39± 0.87) % (N=17) and slightly
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Figure 4.12: 201Tl and 99mTc myocardial uptake of the patients. Ischaemic patients are
marked by open symbols.

lower at (3.11± 0.60) % (N=25) for ischaemic ones. Since the uptake in case of
ischaemia is expected to be reduced, a one-tailed t-test is performed to check the
significance of the small difference of 0.28 %. The p-value is 0.12 and therefore no
significant reduction can be stated in this patient collective.
The 99mTc-sestamibi distribution images the rest perfusion. Therefore the effect of
ischaemia is expected to be negligible. The mean 99mTc-sestamibi uptake is found
to be (1.02± 0.28) % for non-ischaemic and (1.05± 0.28) % for ischaemic patients.
The small difference of −0.03 % is not significant p>0.50).
The measured uptake values are consistent with the expected values derived from
literature, 3-5 % for 201Tl at stress and (1.0± 0.3) % for 99mTc-sestamibi at rest. As
also expected the uptake is reduced in ischaemic patients, but the difference to nor-
mal patients is not significant.
Since the global uptake is depending on the volume of the myocardium, a poten-
tial clinically more meaningful quantity that can be derived is the averaged up-
take concentration. Therefore the 201Tl uptake is divided by the volume of the
myocardium. The mean uptake concentration of the non-ischaemic patients is
(1.22± 0.27)× 10−4/ml and (1.09± 0.27)× 10−4/ml in patients showing ischaemia.
The difference of 0.13× 10−4/ml is not significant (p=0.06 on a one-tailed t-test).
However, the uptake concentration is correlated to the semi-quantitative summed
stress score (SSS) (R = −0.54, p=1.91× 10−4) (see Figure 4.13). Thus, a reduction
of the averaged concentration is suggested to be linked to ischaemia.
Another clinically valuable quantity, measured e.g. by quantitative (PET) imaging,
is the myocardial flow reserve. It is defined as the ratio of blood flow at stress related
to the flow at rest. In analogy here the ratio of 201Tl to 99mTc-sestamibi is examined.
The simultaneous dual isotope imaging enables an accurate determination of this
quantity since 201Tl and 99mTc-sestamibi volumes are inherently registered.
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Figure 4.13: 201Tl myocardial uptake concentration of the patients. Ischaemic patients
are marked by open symbols. The black line shows the result of the linear regression.

Figure 4.14 depicts the ratio of tracer uptake for ischaemic and non-ischaemic pa-
tients. The mean value of the 201Tl to 99Tc-sestamibi uptake of non-ischaemic pa-
tients is 3.37± 0.53 while in non-ischaemic patients the mean ratio is 3.05± 0.60.
The difference of 0.32 is significant (p=0.043) in a one-tailed t-test. Although a
significant reduction in the tracer uptake ratio is found for ischaemic patients, still
there is a large overlap of ischaemic and non-ischaemic patients. This limits the
diagnostic impact of absolute quantification at least in this patient collective. These
results as well as possible reasons for the large overlap are discussed in the following
section.

4.7 Discussion and summary
In this chapter an absolute tracer quantification procedure is developed and evalu-
ated. The evaluation shows that accurate scatter and attenuation correction in com-
bination with calibration enables absolute uptake measurements by SPECT imaging
in phantoms and patient studies. The calibration has been performed with a newly
designed cylinder phantom matching the field of view of the used camera.
The quantification procedure is tested by measurements of a cylinder and anthropo-
morphic phantom. The results indicate that an error margin of 7.5 % can be reached
in the anthropomorphic setup. For quantification of tracer uptake in patients the
issues of rejected intervals due to gating, residual activity in the syringe, heart
segmentation and background correction are addressed. To evaluate the clinical
value of the presented quantification procedure the myocardial uptake of 99mTc-
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Figure 4.14: Ratio of 201Tl to 99mTc-sestamibi uptake. Ischaemic patients are marked
by open symbols.

sestamibi and 201Tl is examined for patients with and without known ischaemia.
For the patient collective no significant difference in 201Tl or 99mTc-sestamibi uptake
for ischaemic and non-ischaemic patients could be found. However, the ratio of
201Tl to 99mTc-sestamibi uptake shows a significant difference between these two pa-
tient groups and the 201Tl uptake per volume is correlated to the semi-quantitative
summed stress score.
SPECT is usually regarded as a non-quantitative imaging modality. Absolute tracer
quantification is hampered due to the large amount of scattered and attenuated pho-
tons. In particular myocardial imaging is challenging due to respiratory and heart
beat motion. Moreover, the myocardial thickness of about 8-12 mm causes underes-
timation of tracer concentration due to partial volume effects [141].
The issues of attenuation and scatter are addressed by iterative reconstruction and
Monte-Carlo based scatter correction. Partial volume effects are circumvented by
measuring the global uptake above background instead of regional concentration.
The feasibility of absolute activity quantification by this method is verified by phan-
tom measurements and supported by a report of Botterweck et al. [105].
The acquired 201Tl and 99mTc-sestamibi uptake of (3.22± 0.73) % and (1.04± 0.28) %
respectively are in good accordance to the expected values of 3-5 % for 201Tl at stress
and (1.0± 0.3) % for 99mTc-sestamibi at rest. The relative low uptake value acquired
for 201Tl is explainable by the patient collective which consists of a medium to high
risk group for CAD and a large amount of patients suffering from CAD and is-
chaemia. The ratio of 201Tl to 99mTc-sestamibi can be seen as an analog to the
myocardial flow reserve. The acquired values of 2.2-4.4 are within the range of ex-
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pected values of 2-5 reported in literature [180]. In summary these results support
the conclusion that the presented method provides an appropriate measurement of
tracer uptake and derived quantities.
However, so far an additional clinical value cannot be derived from this acquisition.
Indeed the 201Tl to 99mTc ratio is significantly reduced for ischaemic patients, but
the large overlap of tracer ratios of ischaemic and non-ischaemic patients limits the
informative value.
It must be seen as a limitation of the study that the patient collective is small and
does not provide a large group of definitely normal patients to evaluate the range
of normal uptake or uptake ratio, potentially depending on age or sex. Since the
used SDI protocol exhibits relative high radiation burden and impedes dose reduc-
tion by stress-only imaging it is used for medium to high risk patients. Hence, the
proportion of normal patients is very low in the collective. The issue of finding
a threshold dividing normal from pathological findings is known also in blood flow
quantification by PET. There, different thresholds are suggested for different tracers
(2.5 ml/(g min) for 15O and 1.52 ml/(g min) for 13NH).
Another limitation of the current study is the lacking of follow-up or a second ex-
amination like angiography or functional flow reserve (FFR) for all patients. This
would be necessary to decide if patients e.g. suffering from balanced ischaemia would
benefit from the measurement of absolute uptake.
Hence, the described procedure of quantification should be assessed in larger pa-
tient collectives. The implementation of the procedure as an extension to standard
myocardial perfusion imaging is possible if residual activity in the 99mTc-sestamibi
injection syringes is measured and the reconstruction and segmentation methods are
integrated into the clinical workspace.
The high and scattered amount of residual activity of 99mTc-sestamibi measured dur-
ing the study suggests to address this issue in all SPECT procedures. High residual
activities can result in inferior image quality due to reduced and therefore insuffi-
cient activity. Furthermore, there is also the risk of unnecessary radiation burden
caused by apparently empty syringes still containing up to 80 MBq of activity.
Besides these issues also the method of quantification should be extended to enable
the measurement not only of global but also of regional uptake and activity concen-
tration. This promises an improved assessment of lesion severity. However, partial
volume correction and noise handling are required to allow the quantification of re-
gional concentration [105]. Underestimation of concentration due to partial volume
effects are reported to be up to 50 %, while respiratory and cardiac motion regarded
as minor important, leading to quantification errors in the order of 10-15 % [140].
In conclusion the described quantification procedure has shown the feasibility of
global uptake quantification in cardiac SPECT by phantom and patient acquisi-
tions. Although the ratio of 201Tl to 99mTc-sestamibi uptake is significantly reduced
in ischaemic patients the present patient study does not allow the statement that
global uptake quantification provides improved clinical information. This has to be
examined by studies with larger patient collectives also containing more low-risk
patients.
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Good imaging beats good image processing.

Dr. Michael Vannier

5 Image quality and assessment of
MLEM/OSEM convergence

5.1 Motivation and outline
In medical applications, image quality is often linked to a certain clinical task like
lesion detection and localization in noisy images. The quality of an image is then
defined by the ability to deliver the desired information [181]. By this definition im-
age quality depends also on the observer, who extracts and interprets the (clinically)
needed information. Human observer studies can achieve reproducible and robust
results but require a large number of images and are time consuming. Mathematical
observer models overcome this shortage and can be used for system evaluation and
optimization. Nevertheless, these observer models still only provide insight into the
ability of the image to provide an a priori defined, limited information. Although
this is an important endpoint, such a high level approach does not provide an ad-
equate access to evaluate and understand the influence of imaging parameters and
image processing in general. Therefore signal and noise power spectra, as quality
criteria based on the image properties themselves, are examined in this chapter to
evaluate the image quality in emission tomography.
The need for quantitative image quality assessment in emission (and also transmis-
sion) tomography is increased by the transition from filtered back-projection (FBP)
to stochastic reconstruction algorithms like maximum likelihood expectation maxi-
mization (MLEM). In FBP-based methods, the reconstruction is determined by the
choice of the back-projecting filter and optional post-filtering. Stochastic reconstruc-
tion takes into account the statistical nature of radioactive emission and detection.
In contrast to the analytical FBP algorithm, stochastic reconstruction is performed
by iterative algorithms. The number of iterations and, in case of ordered subset
expectation maximization (OSEM) also the number of subsets, are important pa-
rameters and strongly influence image quality and diagnostic value. Furthermore, in
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iterative reconstruction, correction of image degenerating effects like attenuation and
limited spatial resolution of PET detectors or SPECT collimators can be performed
by modeling the specific imaging chain. Another example is photon scatter, which is
corrected by Monte Carlo simulation in recent scatter correction methods [100]. In
the previous two chapters simultaneous dual isotope imaging and absolute uptake
quantification have been described as applications, which are enabled by accurate
attenuation and (down-)scatter correction.
However, the effects of correction models and different (often heuristic) parametriza-
tion on the reconstructed images are not straightforward, and a quantitative and
systematic assessment of image quality can provide a deeper understanding of imag-
ing and reconstruction. Moreover, such a framework can be used to optimize these
reconstruction parameters and guide future developments. One example that will be
discussed in more detail in this chapter is time-of-flight (ToF) PET. By simulation
studies, the enhancement of image quality by improved coincidence resolving time
in combination with adapted reconstruction parameters can be assessed.
In this chapter the analysis of signal and noise power spectra is presented as a
practical method that can be used in simulations as well as in physical phantom
measurements.
The analysis of power spectra is described and discussed in context of other quanti-
ties assessing image quality in Section 5.2. Simulated phantom studies are analyzed
first, since these provide a fully controllable environment to examine the influence
of reconstruction parameters and physical effects like attenuation or limited spatial
resolution separately. The number of subsets in the OSEM reconstruction algo-
rithm is an important reconstruction parameter since the acceleration achieved in
comparison to MLEM is about proportional to this parameter. However, the OSEM
algorithm does not converge to the MLEM result. Therefore, the influence of subset
size is examined by power spectra analysis (see Section 5.3.2). The examination
shows that signal and noise power spectra are stable in a wide range of subset sizes.
This gives reason to use only a single subset size in the subsequent examinations.
The next step is the analysis of convergence speed by evaluation of the power spec-
tra properties for an increasing number of iterations. To allow an examination of
the general convergence properties, an ideal acquisition is modeled assuming ideal
collimation and without taking into account attenuation or scatter. The phenomeno-
logical well-known effect that spatial resolution, but also noise are increasing with
the number of iterations is confirmed by the quantitative power spectra analysis.
Then convergence speed and noise propagation are analyzed for different phantom
sizes and subsequently also attenuation is taken into account (see Section 5.3.3 and
Section 5.3.4). Both effects are examined separately, since in ToF-PET the effective
phantom size can be reduced by using the timing information, but the attenuation
remains unchanged. The linear dependency of convergence speed to phantom size in
combination with the propagation of noise with the number of iterations provides a
theoretical explanation for the well-known phenomenon of improved image quality
in ToF-PET. This examination is delineated in Section 5.5.
Furthermore, the impact of limited spatial resolution and resolution recovery meth-
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ods is analyzed by further simulation studies, since resolution recovery is part of
the reconstruction algorithm used in Chapter 3 and 4 for dual isotope imaging and
absolute quantification. Besides the intended improvement of spatial resolution also
noise properties are evaluated, and the role of resolution recovery solely performed
in forward and backward projection is examined.
For validation of the simulation study, a special physical phantom is designed and
a series of measurements is performed (see Section 5.4). Moreover, Monte Carlo
scatter correction is evaluated by power spectra analysis, since this is an important
component enabling absolute uptake quantification described in Chapter 4. The
results of the simulation studies and phantom measurements are summarized and
discussed in the final Section 5.6.

5.2 Assessment of image quality

5.2.1 Measuring fidelity by mean square error
An intuitive approach to assess image fidelity is to compare the image to the imaged
object by evaluation of the mean square error (MSE) [182]. First of all this requires
ground truth information about the object, which is in general not available in
patients. In phantom studies radioactive tracer distribution is controllable, but
noise is immanent, due to the statistical nature of radioactive decay. Although in
the experiment the noise level can be reduced by high activities or long acquisition
time, it is still present.
Even if ground truth is available, comparison is not straight forward. First an object
is a continuous function. Therefore either a discrete representation of the object or
an interpolation of the image has to be determined to allow comparison. In both
cases the method of interpolation or discretization introduces a certain bias to the
MSE. In noisy images, the object can be compared to a single noise representation
or to an ensemble of different noisy images and the MSE is then defined as the
average value of these comparisons. The number of noise representations that are
used is an additional degree of freedom of the MSE method. Therefore the measured
MSE value depends on the parametrization of comparison and a priori there is no
preferred set of parameters.
As mentioned in the motivation section, image quality assessment is linked to the
desired information. Therefore it is a major challenge to define the object or class(es)
of objects for assessment of the MSE criterion. Spherical lesions are often used for
visual qualitative and quantitative image quality assessment in phantom studies
in oncology. Although this sounds like a promising approach, the MSE strongly
depends on lesion size and contrast and foremost the MSE value does not necessarily
predict lesion detectability.
This exemplifies the general problem of MSE assessment since it condenses the
differences between object and image to a single value without taking into account
what information is desired and should be provided by the image. Hence, the MSE
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is very sensitive to transformations like shifts or mapping differences, which do not
disturb the relevant information. However, it is rather insensitive to local changes,
which can have a crucial impact in medical imaging. As shown in Figure 5.1, images
with the same MSE might provide completely different information. A shift like in
Figure 5.1(b) can easily be compensated by a human observer and also scaling
differences demonstrated in Figure 5.1(c) may not hamper at least a qualitative
analysis. Images shown in Figure 5.1(d) to 5.1(f) depict how the spatial frequency
spectrum of noise influences detectability. In case of high frequency noise all six
lesions are detectable (Figure 5.1(d)), but if the noise spectrum is shifted to lower
spatial frequencies, as shown in Figure 5.1(e), the smallest lesion can no longer
be recognized and also lesion edges are hard to determine. In the example image
containing low frequency noise, even the biggest lesions can only be anticipated
(Figure 5.1(f)).
These are artificial examples meant for visualization of the effect, hence the image
with low frequency noise might not be realistic in nuclear imaging acquired with an
appropriate count rate.
In summary, the MSE provides an assessment of image fidelity which is not congruent
with image quality since image quality has to consider the needed information.
Thus image features that provide clinical information have to be identified, at least
in general terms, to find focused quality assessment tools. This requires a more
complete description of image (and object).
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(a) Original image. (b) Shifted image.

(c) Rescaled image. (d) Image containing high frequency
noise.

(e) Image containing medium
frequency noise.

(f) Image containing low frequency
noise.

Figure 5.1: Examples of phantom images with same mean square error but different
appearance and clinical value.
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5.2.2 Statistical image quality assessment

In nuclear medical imaging lesions are detected by contrast. As an example, high
uptake of a tracer by tumors is visible as a hot lesion. In case of myocardial per-
fusion studies a cold lesion indicates minor tracer accumulation and reduced blood
perfusion, caused by stenosis or infarction. Lesion detection by texture features is
impeded by the low spatial resolution of nuclear imaging modalities. In modalities
providing high resolution like computed tomography (CT) or magnetic resonance
tomography (MRT) also texture features are helpful, e.g. for the diagnosis of liver
fibrosis [183].
In particular in PET imaging the recovered contrast of hot and cold lesions is used
as a figure of merit. According to the Rose criterion lesions are certainly detectable
by human observers if the contrast to noise ratio is about five or greater [184]. The
Rose criterion emphasizes that signal, in this case image contrast, as well as noise
properties have to be evaluated simultaneously for image quality assessment.

Signal properties
First, the focus is on the contrast recovered by reconstruction. A standard me-
thod for the assessment of contrast recovery is described in [185, 186]. Following
the method described there, a phantom mimicking roughly the outer body contour
is equipped with a central cylinder (5 cm diameter) of low atomic number material
to induce inhomogeneous attenuation, and 6 spherical lesions of different sizes (10-
37 mm diameter) are positioned on a circle with a diameter of 114.4 mm (Figure 5.2)
[187]. The concentration in the four smaller spheres is 4 or 8 fold higher than in
the warm background. In purpose of evaluation of the cold lesion visibility the
two biggest lesions are filled with water. The contrast recovery coefficient (CRC) is
defined as:

CRC =
nl/nb − 1
al/ab − 1 · 100% (5.1)

Figure 5.2: NEMA phantom acquired by simulation study.
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(a) Central profile of spherical lesion
(Rl = 20mm).

(b) Contrast recovery coefficients.

Figure 5.3: Contrast recovery for increasing number of iterations and therefore decreasing
FWHM.

Here nl is the number of counts inside the lesion ROI and nb the number of counts
in a comparable region in the background. The measured contrast CM = nl/nb − 1
is then normalized by the expected contrast (C0 = al/ab − 1) that is calculated from
the activities or radioactive tracer concentrations filled in the phantom. Usually
the central slice of the spherical lesions is chosen for assessment and lesion ROIs
are set according to the boundary of the spheres. Due to the limited resolution,
activity concentration is blurred and the expected theoretical value is reached only
for lesions bigger than 3 times the full width half maximum (FWHM) of the sys-
tem’s spatial resolution. Thus the coefficient depends also on spatial resolution of
the system [188–190].
This phenomenon is a part of the so-called partial volume effect (PVE) which
describes the effects of spill-in and spill-out of background and lesion activity.
Other reasons for PVE, besides limited spatial resolution, are sampling and mo-
tion blur [191]. In iterative reconstruction spatial resolution increases with number
of iterations. In Figure 5.3 a profile of a lesion and contrast recovery coefficients for
increasing number of iterations and spatial resolutions are shown.
The spatial resolution is usually assessed by measurement of the modulation trans-
fer function (MTF). The MTF describes how contrast of different spatial frequencies
is transferred by the system. It is the absolute value of the Fourier transform of the
point spread function (PSF) and normalized to the contrast at zero spatial frequency.
Thus it cannot indicate the absolute contrast recovery. To maintain this quantity
as a figure of merit the signal power spectrum (SPS) as a similar quantity is used
to evaluate signal properties. The relation between MTF and SPS is given by

SPS(k) = C0 · AbTE ·MTF(k)2 (5.2)

where k is the spatial frequency, C0 is the expected contrast and the product of
background activity (Ab), imaging time (T ) and system efficiency (E) is equal to
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Figure 5.4: Relationship of ESF, LSF und PSF, from [193].

the count level in the background outside the lesion [192]. Like the MTF, the SPS
can be derived from the Fourier transform of a point source, but this is hampered
by the partial volume effect and induces the problem of point source positioning in
relation to the voxel grid.
An alternative way to determine the SPS or MTF is measuring a sharp edge and
hence measuring the so-called edge spread function (ESF). The ESF is equal to con-
volution of an ideal step function with the system PSF (Figure 5.4). Differentiation
of the ESF leads to the line spread function (LSF), which is equal to the convolution
of a δ-line with the PSF. Hence the LSF can also be interpreted as a projection of
the PSF along the direction of δ-line. According to the Fourier slice theorem the
Fourier transform of the line spread function is a perpendicular slice of the MTF
spectrum (5.3).

δθ ∗ PSF = LSF (5.3)

� � �
δθ−π/2 · MTF = F (LSF )

In case of rotational symmetry this slice defines the whole spectrum of MTF or
SPS. In optical microscopy or optical imaging a tilted knife edge or equivalent sharp
contrast transitions are used for MTF measurements. This allows noise reduction
by averaging over different edge profiles at different positions and the tilt resolves
the problem of artifacts, caused by alignment of pixel grid and knife edge. A similar
approach for MTF measurement in digital X-ray imaging utilizes an angled slit to
determine the LSF [194]. For SPS evaluation in nuclear medicine a phantom of 2
coaxial cylinders is used [192]. The contrast is given by the different concentrations of
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radioactive tracers, and rotation provides different relative positions of edge positions
and voxel grid as well as noise reduction by averaging over different rotation angles
and slices. The details of setup and implementation are given in Section 5.3.1.
Actually the concept of a global MTF or SPS is only valid in linear shift invariant
(LSI) systems. For ideal collimation FBP reconstruction is linear and shift invariant,
but common iterative reconstruction methods used in PET and SPECT imaging do
not share these properties in general. In case of spatial dependency MTF and SPS
differ for every pixel position. In SPECT, shift invariance can be assumed along the
slice axis. In 3D-PET, differences in sensitivity between the detector rings have to be
considered, hence in this case the SPS also depends on slice position. Nevertheless,
if the concept of SPS is restricted to a local area near the center of the field of view
(FOV), this locally averaged power spectrum can well be used for image quality
assessment.

Noise properties
Noise manifests as random variation of intensity. In areas that are homogenous
apart from noise, the variance can be used as a noise indicator. In case of Poisson
distributed image noise, the variance is equal to the mean value [195]. Thus under
ideal circumstances the signal to noise ratio (SNR) is:

SNR = S

σ
= N√

N
=
√
N (5.4)

Hereby, S is the background signal, σ is the standard deviation and N is the number
of detected photons. However, this holds only for the ideal case. Attenuation, scatter
and depth dependent blur result in a lower than the theoretical SNR. Using variance
as a quantity to measure noise is problematic, since two images can show the same
variance but very different noise patterns and clinical value (see Figures 5.1(d) to
5.1(f)).
As mentioned above, these images exhibit different spatial frequency distributions of
noise. This reasons the measurement of the noise power spectrum (NPS) as spatial
frequency dependent quantity. It describes, how variance is distributed over different
spatial frequencies from −1/(2p) . . . 1/(2p), where p is the voxel size. As usual the
spatial frequency k is written in the unit of cycles per voxel, resulting in a range of
−0.5 . . .+ 0.5. Since the NPS is an even function, the positive branch provides the
full information [192]. The integral of the NPS over the relevant spatial frequencies
is equal to the total variance.

σ2 =
+0.5∫
−0.5

NPS(k) dk (5.5)

The noise power spectra are widely used in digital radiography as a quantity to
measure image quality. Like the MTF or SPS the concept of noise power spectra is
only valid in linear shift invariant systems. As mentioned in Section 5.2.2, iterative
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5 Image quality and assessment of MLEM/OSEM convergence

SPECT and PET reconstruction is neither linear nor shift invariant. However, in
analogy to the SPS also the local noise power spectra can be defined and evaluated.
A possible generalization of noise assessment to non-linear shift variant systems can
be achieved using the autocovariance matrix. It describes for every pixel or voxel
in the image how the variation of one element is propagated to every other image
element. In case of 2D images the autocovariance matrix is given by [196]:

Cov(XijXkl) = 〈Xij − 〈Xij〉〉 〈Xkl − 〈Xkl〉〉 = 〈Xij ·Xkl〉 − 〈Xij〉 〈Xkl〉 (5.6)

with indices i, j and k, l identifying the considered pair of pixels in the image X
and 〈x〉 denoting the expectation value of x. The diagonal elements of Cov(XijXkl)
are the variances in the pixel Xij = Xkl. The Fourier transform of the covariance
matrix is called the Wigner spectrum. For stationary systems the Wigner spectrum
is equal to the NPS [197]. This holds also for so-called weakly stationary systems.
In those systems the expectation value has to be shift-invariant, the covariance
may depend only on the difference vector between Xij and Xkl and the variance
has to be finite [196]. Even though iterative reconstruction in nuclear medicine is
not weakly stationary, the local NPS provide valuable information about spatial
frequency distribution of noise and provides straight assessment of image quality.
In Section 5.3.7 the covariance matrix approach for evaluating noise properties is
compared to local spectra analysis.

Detective quantum efficiency

In order to offer profound image quality assessment signal and noise properties have
to be combined. A combined quantity is the contrast to noise ratio (CNR):

CNR = ∆S
N

, (5.7)

where ∆S is the difference of lesion and background counts in the lesion area andN is
the noise summed over an equivalent background area. Following the Rose criterion
lesions are detectable by human observers if the CNR is about 5 or larger [184]. In
an ideal system obeying Poisson noise statistics the CNR is given by,

CNR = n(l,ideal) − n(b,ideal)√
n(b,ideal)

= Cideal ·
√
n(b,ideal) (5.8)

with Cideal = n(l,ideal)

n(b,ideal)
− 1

where n(b,ideal) and n(l,ideal) are the numbers of counts detected by an ideal system
in background and the lesion area respectively. In real system other noise sources
are present and CNR is reduced:

CNRreal ≤
√
n(ideal,b) (5.9)
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The effective number of quanta used by the system is the square of SNRreal and
called noise-equivalent quanta (NEQ):

NEQ = SNR2
real (5.10)

In other words, the NEQ states how many counts are required in an ideal system
to provide a certain SNR. If this quantity is normalized by the number of detected
counts one gets the detective quantum efficiency (DQE):

DQE = SNR2
real

SNR2
ideal

(5.11)

Thus the DQE can be interpreted as a reduction of the number of statistically rel-
evant detected quanta by system transfer. Like contrast or variance this provides
global criteria for image quality without considering different spatial frequencies.
However, using NPS(k) and SPS(k) for signal and noise assessment, the DQE con-
cept can be extended to a spatial frequency dependent figure of merit:

DQE(k) = SPS(k)
NPS(k) (5.12)

In the following sections NPS and SPS are used to assess the influence of phantom
size, attenuation and correction methods like resolution recovery in simulated and
physical phantom measurements.

5.3 Simulated phantom studies
Following the introduction of spatial frequency dependent quantities, these quan-
tities are used to assess the impact of the number of iterations, phantom size, at-
tenuation and limited spatial resolution. In this section simulations are used, since
they provide a fully controllable environment and therefore give results which allow
an accurate and focused interpretation. In Section 5.4 this approach is extended
to physical measurements to check the validity of simulations and to examine the
properties of Monte Carlo based scatter correction.

5.3.1 Materials and methods
In the simulation studies two different software phantoms are used to evaluate noise
and signal power spectra (see Figure 5.5). For NPS calculation 512 slices of a ho-
mogenous disc with activity concentration Ab are created and placed in the center
of the reconstructed field of view. Each slice represents a separate noise realization
and accordingly Poisson distributed noise is slice-wise added to the projections. The
noise analysis is performed on a 16 × 16 voxel region centered in each of the 512
trans-axial slices of the reconstructed phantom. A one-dimensional Fourier trans-
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5 Image quality and assessment of MLEM/OSEM convergence

(a) Simulated phantom with hot inner
lesion for SPS calculation. The red line
indicates one of the line profiles used for

SPS determination.

(b) Homogeneous phantom with inner ROI
for NPS calculation.

Figure 5.5: Setup of simulated phantom setup for SPS and NPS calculation.

form is applied on rows of 16 voxels, and noise power spectra are calculated from
the average of the squared moduli. Since the mean values of single rows have to be
subtracted for analysis, no noise measurement at zero spatial frequency is possible.
The ensemble variance σ2 is calculated directly from the distribution of values in
the phantom center and averaged for all slices.
For measuring the SPS noise free projections are used and thus only a single slice
has to be created. Since the SPS calculation requires the presence of a sharp edge,
an inner concentric disc with count concentration Al is added to the phantom. The
contrast of the inner lesion (C0 = Al−Ab

Ab
) covers a value range of 1 to 8 to account for

low contrast lesions and also to match to the contrast setting of the physical phan-
tom and the standard filling of the NEMA NU2-2001 spheres phantom. The signal
properties are evaluated from the step function at the lesion edge inside the phan-
tom. The phantom is rotated into 256 projection angles to extract step functions
along different directions and voxel grid positions. For SPS analysis a line profile
of 16 voxels is used. The profile is averaged over all angles and a one-dimensional
Fourier transform is applied on the averaged step function to obtain the signal power
spectra.
Slices of the mathematical, pixelated phantom are created with a pixel size of
0.064 mm, which is 50 times smaller than the reconstructed pixel size of 3.2 mm.
This higher resolution of ground truth data is meant to avoid discretization arti-
facts in the simulated projections. The inner disc has a radius of 31.6 mm, which
is also chosen to minimize discretization effects. For the outer background disc,
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different radii are used to examine the impact of phantom size. In particular two
phantom sizes are analyzed in detail: the standard phantom with radius 90 mm and
the double size phantom with a radius of 180 mm. In all cases a concentration of
20 kBq/ml is used as the warm background. The radioactive concentration of the
hot inner disc is set according to the desired contrast.
If attenuation is taken into account, the phantom is considered as a homogeneous
water filled cylinder with the radius of the outer (background) disc. Since the focus
is on the 140 keV radiation of 99mTc, the attenuation coefficient is set to 0.15 cm−1.
Simulated projections are acquired for 128 angles over half-circular trajectory of 180
degrees. According to present SPECT systems the pixel pitch is set to 3.2× 3.2 mm
and a time per projection of 40 s is simulated. As simplifying assumptions, septum
absorption is considered as infinite and septum thickness is neglected. Accordingly,
effects of septum penetration and reduced sensitivity by finite septum width are not
part of the study.
Ideal parallel collimation is assumed in the studies examining the general effect of
different iteration and subset numbers, phantom size and attenuation. In the ex-
aminations assessing spatial resolution and effects of resolution recovery collimator
parameters are set to the following (see Figure 5.6 for geometric visualization):

• Length, L = 27 mm

• Distance of collimator to center of field of view, z0 = 210 mm

• Hole diameter, D = 1.5 mm

Figure 5.6: Visualization of collimator parameters.
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This results in a collimator efficiency of E = D2/(4πL2) = 1.99 ·10−4 and an average
number of counts of AbTE = 938 per voxel in the background. Hereby, Ab is the
activity per voxel in the background, T is the total imaging time. Compton and
Rayleigh scatter in the phantom are not part of the simulation but treated indirectly
as part of attenuation in the phantom.
Simulated and measured SPECT data are reconstructed by OSEM, the ordered-
subset version of the MLEM algorithm, with eight subsets generally. Iterative re-
construction can be divided into two steps, the forward projection of the current es-
timate of the activity distribution onto the detector and the back-projection, which
provides correction factors for the subsequent update of image estimate. During the
forward projection the estimate is rotated for all projection angles so that there is
a one-to-one correspondence between voxels and detector pixels.
Rotation is done by multiplication of the image vector with a pre-calculated system
matrix for the desired rotation. These rotation system matrices describe the distri-
butions of every voxel of the original volume to the voxels of the rotated volume.
This method ensures preservation of counts if activity is confined to an area, which
is inside the FOV for every rotation angle. This is assured in simulation as well as
in physical phantom acquisitions.
If attenuation is considered, an attenuation map is created by down-sampling of the
high resolution ground truth phantom disc to the voxel size of the reconstructed
phantom. Resolution recovery is implemented via Gaussian filtering among neigh-
boring voxels in forward and back-projection. Gaussian filters of different size are
used in simulation, which are independent of the distance to the collimator. This
approximation is accurate enough to show resolution recovery effects in the central
part of the phantom.

5.3.2 Iteration and subset number
Here the focus is on the general progress of noise and signal properties with different
iteration and subset size configurations. OSEM is routinely used to accelerate iter-
ative reconstruction. Acceleration is about proportional to the number of subsets,
but except for noise-free data OSEM will not converge to the MLEM solution [113].
The signal and noise power spectra are compared for an equal product of iterations
and subsets. In the following this product is called updates. In Figure 5.7(a) signal
power spectra are shown for 128 updates and different combinations of subset sizes
and number of iterations. Figure 5.7(b) depicts the corresponding NPS curves. As
stated in [113] the use of individual projections as subsets is not efficient, hence only
combinations from 64 subsets and 2 iterations to 128 iterations with a single subset,
which is equal to MLEM, are analyzed.
As expected for noise-free data, the different subset size and iteration combinations
result in similar signal power spectra. Regarding the NPS, Figure 5.7(b) shows more
noise in case of a high number of small subsets (64 and 32 subsets, with a subset size
of 2 and 4 projections). In case of larger subset sizes and higher number of iterations
the noise power spectra are equivalent. This is consistent with clinical experience,
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(a) SPS for different subset, iteration combinations.

(b) NPS for different subset, iteration combinations.

Figure 5.7: Signal and Noise power spectra for 128 updates and different combinations of
subsets and iterations. Lines depict a cubic piecewise interpolation for better visualization.

which recommends at least 4 projections per subset [198]. These results indicate
that the subset size, if sufficiently large, does not have a significant influence on
signal and noise power spectra. Hence, the subset size is fixed to 8 for the following
examinations, except for the analysis of phantom size with different lesion contrast
(see Section 5.3.3). There, MLEM is used because a fine granularity is required to
determine the number of iterations needed to achieve a certain SPS.
A second interesting examination is the evolution of signal and noise power spectra
with increasing number of updates. For this analysis, 8 subsets are used and SPS
and NPS are determined after 1, 2, 4, 8 and 16 iterations. The results are shown in
Figure 5.8. The SPS and NPS evolution with increasing number of iterations depicts
clinical experience with iterative reconstruction. A higher number of iterations pro-
vides a better spatial resolution and indirectly more quantitative results, but also
causes more noise in the images. Since noise hampers the visual interpretation in
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clinical practice reconstruction is often stopped long before convergence is reached
(e.g. after 30 updates for standard myocardial imaging, see Section 3.3.4). Another
approach is to choose a high number of iterations and afterwards use post-filtering
to reduce noise for visual interpretation. This approach is not discussed here, since
the focus is on evaluating the influence of different imaging and reconstruction pa-
rameters.

(a) SPS for reconstruction with 8 subsets and increasing number
of iterations.

(b) NPS for reconstruction with 8 subsets and increasing number
of iterations.

Figure 5.8: Signal and Noise power spectra for increasing number of iterations and 8
subsets of standard size phantom and C0 = 8. Determined values are shown as dots, lines
depict a cubic piecewise interpolation for better visualization.
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5.3.3 Phantom size
For evaluation of phantom size, the contrast of lesion and background is first set
to one. Besides the standard size phantom (90 mm) also a double size phantom
(180 mm) is considered. The size of the inner cylindrical lesion remains unchanged
at 31.6 mm. In Figure 5.9 the SPS and NPS of the standard and double size phan-
tom are depicted. In the double size phantom also twice the number of iterations is
needed to obtain about the same SPS. The factor two in the number of iterations
leads to twofold higher noise power spectrum. To visualize this fact, the NPS of the
double size phantom are scaled by one half in Figure 5.9(b). The linear relationship
of phantom size and number of iterations has already been reported in [192] and is
very valuable to optimize reconstruction parameters in case of time-of-flight (ToF)
PET, since temporal information reduces the effective reconstructed volume and is
therefore equivalent to a reduced phantom size. This is discussed in more detail in
Section 5.5.
To analyze how a higher contrast of lesions influences this linear relationship a
broader setting of contrast values is tested. For this purpose a phantom with an
extremely high contrast (C = 1 · 1015) is created and reconstructed with 8 iter-
ations with a single subset as reference. For an infinite contrast the influence of
the background disk becomes negligible and therefore the SPS gets independent of
the phantom size. For realistic contrast values (1, 2, 4, 8) the number of iterations
necessary to reach a SPS equivalent to the reference SPS is determined. A single
subset is used for reconstruction, as this is the optimal choice for finding matching
SPS for different phantom sizes. The considered phantom radii range from 70 mm
to 200 mm in steps of 10 mm. In Figure 5.10 the number of iterations which are
necessary to match the reference SPS are depicted for contrast values of 1,2,4 and
8. The parameters of the linear regressions are given in Table 5.1. The graphs and
fitting parameters show the linear relation of phantom size and number of itera-
tions to obtain a certain SPS. For lesions with small contrasts (C = 1 and 2) it is
confirmed that approximately twice the number of iterations is required to reach
an equivalent SPS in a double size phantom. Although the proportionality factor
decreases and hence the influence of phantom size is diminished for higher contrast,
the linear relationship is preserved in the contrast range of typically observed in
nuclear medicine. In summary, less iterations are needed in a smaller phantom to
achieve equivalent signal power spectra. The lower number of iterations reduces
noise and leads to a superior signal to noise ratio for smaller phantoms.

Contrast slope/Rl offset adj. R2

1 0.991± 0.006 −0.31± 0.35 0.999
2 0.753± 0.006 1.75± 0.32 0.999
4 0.506± 0.006 3.97± 0.30 0.998
8 0.294± 0.009 6.10± 0.46 0.987

Table 5.1: Parameters of linear fit for different lesion contrasts.
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(a) SPS for reconstruction with 8 subsets and increasing number
of iterations of standard and double size phantom.

(b) NPS for reconstruction with 8 subsets and increasing number
of iterations of standard and double size phantom. Noise power

spectra of double size phantom are scaled by 1/2 for better
visualization.

Figure 5.9: Signal and Noise power spectra for increasing number of iterations and 8
subsets. Determined values are shown as dots, lines depict a cubic piecewise interpolation
for better visualization.
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Figure 5.10: Number of iterations needed to reach reference SPS.

5.3.4 Attenuation
The object size dependence of iterative reconstruction shows further modifications, if
attenuation is taken into account. Attenuation results from physical interactions of
photons with matter. For photon energies typical in nuclear medicine (30-600 keV)
these interactions are the photoelectric effect and Compton and Rayleigh-scatter.
For higher energies above 1.022 MeV, electron-positron pair production also con-
tributes to attenuation. All effects are summarized in the energy and material
depending absorption length µ. The intensity I of a photon ray after passing a
distance d in absorbing material with absorption length µ is given by:

I(d) = I0 · e−µ·d (5.13)

where I0 is the intensity of the ray before entering the absorptive material. The
interaction probability is higher for lower X-ray energies. Hence, for non-mono-
chromatic photon rays, lower energies show higher absorption leading to an energy
spectrum shift over distance. This is called beam hardening in x-ray imaging or
computed tomography (CT) [199].
In the simulations, only the monochromatic emission of 99mTc at 140 keV is con-
sidered and the phantom is regarded as a homogeneous cylinder of water with an
attenuation length of µ = 0.15 cm−1.
To examine the influence of attenuation on signal and noise transfer, simulations
of two phantoms (radii 90 mm and 180 mm) with and without attenuation are per-
formed and power spectra are measured for all four cases. The results are shown in
Figures 5.11 and 5.12. For standard phantom size, the SPS shows a slower conver-
gence with attenuation and a slight overcompensation at higher iteration numbers.
The SPS reaches values of 980-1000 in case of attenuation (and attenuation cor-
rection), while reconstruction assuming no attenuation converges to the predicted
value of AbTE = 938. This is probably caused by discretization effects since the at-
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(a) SPS derived from reconstruction with 8 subsets with and
without attenuation.

(b) NPS derived from reconstruction with 8 subsets with and
without attenuation. For better visualization spectra including

attenuation are scaled down by a factor of 3.4.

Figure 5.11: SPS and NPS derived from reconstruction of a phantom with radius 90 mm
with and without attenuation.

tenuation map used for reconstruction has the same resolution as the reconstructed
phantom, while projections are calculated based on a 50 times finer voxel grid (see
Section 5.3.1).
The NPS exhibits the same general spectral behavior with and without attenuation.
In reconstructions with attenuation, noise at low frequencies is slightly increased for
higher iteration numbers.
In spite of the similarity in spectral behavior, total noise is enhanced in case of
attenuation by a factor of 3.4. For better visualization the NPS with attenuation
are scaled down by this factor in Figure 5.11(b). An intuitive explanation is that if
attenuation is taken into account, less photons from the center of the phantom are
detected and up-scaling of these counts by attenuation correction also leads to an
up-scaling of noise. An analytical explanation is given below.
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In the double size phantom the described effects are even more pronounced. More
than twice the number of iterations is needed to achieve equivalent SPS results in
this case. The 16th iteration with attenuation also shows artifacts indicating begin-
ning numerical instability. The NPS with attenuation has to be scaled by factor
8 to match with the non-attenuation version. An increase of noise at low spatial
frequencies and high iterations is clearly visible.

(a) SPS derived from reconstruction with 8 subsets with and
without attenuation.

(b) NPS derived from reconstruction with 8 subsets with and
without attenuation. For better visualization spectra including

attenuation are scaled down by a factor of 8.

Figure 5.12: SPS and NPS derived from reconstruction of a phantom with radius 180 mm
with and without attenuation.

127



5 Image quality and assessment of MLEM/OSEM convergence

To understand the higher noise level in simulations considering attenuation it is
useful to have a closer look at the MLEM formula.

λ
(n+1)
i = λ

(n)
i ·

1∑
j∈J

Hij

·
∑
j∈J

pj∑
k∈I

Hkjλ
(n)
k

·Hij (5.14)

Hereby, λ(n+1)
i and λ

(n)
i are the reconstructed values of voxel i after iteration n or

n + 1 respectively, pj are the measured projections and Hij are the elements of the
normalized system matrix. Without attenuation the number of counts in projections
near the center of the homogeneous cylinder is given by:

pj = AbTE ·
db
m

(5.15)

with AbTE as the average counts per voxel, db is the diameter of the homogeneous
(background) cylinder and m is the number of projections. For ideal SPECT the
elements of the system matrix are given by Hideal,ij = 1/m. With attenuation the
entries of the system matrix change to Hatt,ij = 1/m · e−µ·db/2 and projections are
given by:

pj =
db∫

0

AbTE

m
· e−µxdx (5.16)

≈ AbTE

µm
, for db � 1/µ (5.17)

The diameter of the simulated phantom (dB) is 180 mm or 360 mm, respectively, and
1/µ = 1/0.15 cm−1 = 66.7 mm, which leads to a relative error of this approximation
smaller than 1 %. If the same approximation of exponential decay is also used for
the system matrix sum in the prefactor, one gets:

∑
j∈J

Hij =
∑
j∈J

1
µm

= 1
µ

(5.18)

With these approximations and a homogeneous start volume λ(0) = 1 the first
iteration is given by:

λ
(1)
i =

∑
j∈J

pj · µ = AbTE (5.19)

For the following iterations and the center of the homogeneous phantom follows:

λ
(n+1)
i = λ

(n)
i · µ ·

∑
j∈J

pj
ABTE

(5.20)

= µ

(AbTE/µ)n ·
∑
j∈J

pj

n+1

(5.21)
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This leads to the relative error (σ
λ
):

σ
(n+1)
i

λ
(n+1)
i

= (n+ 1)σ
(1)
i

λ
(1)
i

= (n+ 1) ·
√

µ

AbTE
(5.22)

With the mean activity in voxels of the central regions of λ(n)
i = AbTE, the standard

deviation with attenuation in this area is given by:

σatt,i
(n) = n ·

√
AbTE · µ (5.23)

Compared to the same quantity calculated without attenuation [192]

σ
(n)
ideal,i = n ·

√
AbTE

db
(5.24)

it is obvious that 1/d is replaced by µ in case of attenuation.
This result gives an explanation of the higher noise level in reconstruction observed
in presence of attenuation. It follows that the ratio between the attenuated (realistic)
and non-attenuated (ideal) variance is given by:

σ2
att

σ2
ideal

= µ

d
(5.25)

For the standard phantom (r = 90 mm) this ratio becomes 2.7, which is less than
the factor of 3.4 found in the simulations. For the double size phantom (180 mm)
the simulations also show a stronger increase of about factor 8 while a factor of 5.4 is
predicted by Equation 5.25. This mismatch may be explained by the approximation
used in Equation 5.16 and Equation 5.18, assuming a higher number of counts in
the theoretical noise analysis than in the measurement.
In case of attenuation but without attenuation correction, the number of recon-
structed counts in the ROI used for NPS determination decreases from 1800 counts
to 470 counts for the standard phantom and 230 counts for the double size phan-
tom. The ratio of reconstructed counts with attenuation correction to the respective
counts in uncorrected reconstructions is similar to the ratio of noise increase (3.8 for
standard and 7.8 for double size phantom).
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5.3.5 Spatial resolution and recovery

Besides attenuation the limited and depth dependent spatial resolution caused by
collimator geometry is an important limiting factor of SPECT imaging. For PET
imaging no collimation is needed, but here the same trade-off of sensitivity and
spatial resolution is present and determined by the choice of detector pixel size. First
the effect of SPECT collimation on signal and noise power spectra is simulated. In
a second step the effects of applying resolution recovery as a correction approach
are examined.
In iterative reconstruction resolution recovery is usually implemented in forward
and backward projection to correct for limited spatial resolution. For a deeper
understanding, it is also analyzed how signal and noise transfer change, if resolution
recovery is solely performed in forward or backward projection.
In Figure 5.13 the SPS and NPS are shown for ideal SPECT and with spatial
resolution according to collimator parametrization given in Section 5.3.1. For this
simulation a phantom of radius 90 mm is used and attenuation is not taken into
account. This allows to examine the effects of realistic collimation and resolution
recovery in comparison to ideal collimation. Reconstructions are performed with
1-16 iterations, containing 8 subsets. For better visualization, the range of spatial
frequencies is limited to 0 . . . 0.25 cycles per voxel.
Figure 5.13(a) shows the impact of realistic collimation on signal transfer. Higher
spatial frequencies above 0.2 cycles per voxel are not reconstructed in a noteworthy
amount and also lower spatial frequencies are strongly reduced by the limited spatial
resolution of the projections. The SPS only slightly improves from 8 to 16 iterations.
Since signal transfer is negligible for spatial frequencies above 0.2 cycles per voxel,
regardless of the number of iterations, it can be assumed that further iterations will
not lead to a significant contribution to signal transfer at these spatial frequencies.
The noise power spectra are not affected by taking into account the collimator’s
spatial resolution. This is not surprising, since noise is added to detector sinograms
in simulations, and the homogeneous phantom gives the same number of counts in
projections, independent of ideal or realistic collimation.
In MLEM and OSEM the limited spatial resolution of collimator or PET-detectors
can be implemented into the reconstruction process. Here a simple depth-independ-
ent average Gaussian filter is used as an approximation for resolution recovery. In the
forward projection step the estimated projections are blurred by this Gaussian filter.
In backward projection, the blurring acts on the correction factors, derived from the
comparison of measured and estimated projections. With these correction factors
the next volume estimate is calculated. Figure 5.14 shows the results of resolution
recovery using a Gaussian filter with σ = 1.5 voxel. With resolution recovery,
the SPS shows partially recovered information. Higher spatial frequencies above
0.2 cycles per voxel are not recovered. The SPS curve obtained after 8 iterations
shows an artifact at low frequencies, which is not visible after 16 iteration. An
additional resolution recovery effect is seen in the noise power spectra. Due to the
Gaussian filters used in every forward and back-projection, high frequency noise
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(a) SPS for reconstruction with 8 subsets.

(b) NPS for reconstruction with 8 subsets.

Figure 5.13: Signal and Noise power spectra for reconstructions of the standard phantom
(r = 90 mm) with ideal (black symbols) and realistic (red symbols) spatial resolution.

in the reconstructed image is reduced by almost three orders of magnitude at the
Nyquist frequency and, because of noise correlation, by one order of magnitude even
at the lowest spatial frequencies (Figure 5.14(b)). The influence of Gaussian filter
kernel size on resolution recovery efficiency is shown in Figure 5.15. Here the result of
the 4th iteration with 8 subsets is shown, since this is close to typical parametrization
applied in clinical practice. A wide filter kernel recovers the signal and reduces the
noise power more effectively than a narrow kernel, but also causes more severe
overshoots at contrast borders (σ = 2.0 voxels). For a deeper understanding, the
effect of resolution recovery in forward or backward projection only is examined.
In Figure 5.16 the power spectra reconstructions with resolution recovery solely
performed either in forward or backward projection are shown. Like in Figure 5.15
the result of the 4th iteration using a Gaussian kernel of width σ = 1.5 voxel is shown.
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(a) SPS for reconstruction with 8 subsets.

(b) NPS for reconstruction with 8 subsets.

Figure 5.14: Power spectra with resolution recovery utilizing a Gaussian kernel width of
σ = 1.5 voxel. For comparison also results of reconstructions without resolution recovery
and realistic spatial resolution are shown.

For comparison, also the spectra of a reconstruction without resolution recovery
in forward and backward projection are depicted. Compared to a reconstruction
without resolution recovery, a filter applied only in forward direction increases the
signal power spectra and causes only a slight increase in the noise power spectra. On
the other hand filtering in back-projection only, does not change the signal power
spectra, but strongly reduce the noise power spectra. The combined application in
forward and back-projection preserves the positive outcome of both filters, with only
a minor reduction of the increase in SPS and decrease in NPS.
The use of the Gaussian PSF estimate in forward projection broadens the estimated
projections. Correction factors determined by the comparison of these projection
estimates and the measured projections therefore lead to sharpened structures and
recovered spatial frequency transfer. Filtering the correction factors during back-
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(a) SPS for reconstruction with 8 subsets.

(b) NPS for reconstruction with 8 subsets.

Figure 5.15: Power spectra with resolution recovery utilizing different width of Gaussian
kernels. For comparison also results of reconstructions without resolution recovery are
shown.

projection by Gaussian kernels reduces the noise that is brought in by the measured
projections (see Equation 5.14).
The analysis of signal and noise power spectra demonstrates that the separation of
filtering in forward and backward projection also results in a separation of effects
of spatial frequency recovery and noise reduction. It is an interesting fact that
combining the filtering in back- and forward projection combines also the benefits
without losing much efficiency in both steps.
Nevertheless understanding the individual steps of resolution recovery enables to
introduce filters with different characteristics depending on the clinical requirements
of noise reduction and spatial recovery.
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(a) SPS for reconstruction with 8 subsets.

(b) NPS for reconstruction with 8 subsets.

Figure 5.16: Power spectra of reconstructions with resolution recovery solely performed
in forward or backward projection. For comparison also results without resolution recovery
and application in forward and backward projection are shown.
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5.3.6 Summary of simulation results
Here the results and findings of the simulation studies are briefly summarized before
covariance matrix analysis as an alternative approach for deriving noise properties
and the physical phantom measurements are described.

Iteration and subset number
• Signal transfer of higher spatial frequencies enhances with the number of up-

dates resulting in higher spatial resolution. However, also noise increases with
the number of updates and therefore reconstruction is stopped before conver-
gence to provide an image suitable for visual interpretation.

• For a constant number of updates different subset size and iteration number
combinations result in similar signal power spectra.

• In case of small subset sizes (2 or 4 projections per subset) noise is slightly
increased. Larger subset sizes result in comparable noise properties for a con-
stant number of updates.

Phantom size
• For a lesion to background contrast of one the number of iterations required

to reach a certain SPS is linear, with proportionality factor one, to phantom
size.

• Hence, for a comparable SPS, the noise in smaller phantoms is decreased,
since the lower number of iterations needed, result in less noise. For the first
iterations noise is linear to the number of iterations.

• For lesion to background contrasts larger than one the linear relationship is
preserved, but the proportionality factor is reduced.

Attenuation
• Attenuation results in slower convergence and increased noise. In the standard

phantom (diameter 90 mm) noise is increased by a factor of 3.4 and in the
double size phantom this factor is about 8.

• A rough consideration of the MLEM formula explains the increased noise level
and lead to a prediction of noise increase by a factor of 2.7 and 5.4 respectively.

• The factors of noise increase are in good alignment to the reduction of the
number of reconstructed counts in case of uncorrected attenuation (3.8 for
standard and 7.8 for double size phantom).
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Spatial resolution and recovery
• Compared to ideal SPECT, collimator’s limited spatial resolution leads to no

noteworthy recovery of spatial frequencies above 0.2 cycles per voxel. Also
lower spatial frequencies are strongly reduced.

• Limited spatial resolution does not affect noise properties of a homogeneous
phantom.

• Resolution recovery in forward and backward projection with a suitable filter
results in increased signal transfer and noise reduction.

• The effect of increased signal transfer can be assigned to implementation of
resolution recovery in forward projection; noise reduction is linked to the usage
of PSF filtering in back projection.

• Performing resolution recovery in forward and back projection combines both
beneficial aspects without relevant interference.

This brief summary is meant to give the reader an overview of the simulation results
presented so far. Further discussion of these results is given in Section 5.6.

5.3.7 Comparison to covariance method
As stated in Section 5.2.2 noise and signal power spectra are only applicable in
LSI systems. Local spectra, defined in the phantom’s center, are used for analysis
to circumvent this limitation. General noise distribution in non-LSI systems can
be described using the covariance matrix. Although this quantity contains the full
information of noise propagation, determination of this matrix and its interpretation
are laborious since, for every voxel, the covariance matrix has the size of the whole
image. In LSI-systems the Fourier transform of the covariance matrix (Wigner
spectrum) leads to the NPS formula [197].
In [200] a method to calculate the covariance matrix is described that only requires
an estimate of the system matrix and not a large number of noise representations.
The elements (n,m) of covariance matrix of the k-th iteration ([K(k)

δ ]mn) are given
by:

[K(k)
δ ]mn = a(k)

m · a(k)
n [U (k)K(U (k))T ]nm with (5.26)

Kij = pj · δij (δij is the Kronecker symbol) (5.27)

Here pj is the j-th element of the projections, a(k)
n and a(k)

m are the n-th or m-th
element of the k-th iteration of image estimate.
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The matrix U (k) is given by the following recursive equation:

U (k+1) = B(k) + [1 + A(k)]U (k) with A and B are given by: (5.28)

[B(k)]ij = [HT ]ij
[∑
k
Hik][Ha(k)]j

(5.29)

[A(k)]ij = aj∑
k
Hik

·
M∑
m=1

HmiHmj

[Ha(k)]m
(5.30)

Here Hij are the elements of the system matrix and M is the number of measure-
ments (number of projection angles times detector voxels). These calculations are
based on two assumptions. First, noise has to be small relative to the mean voxel
value. Second, projections of the estimated distribution are similar to the one of the
true object after a few iterations. These assumptions have been verified by Monte-
Carlo simulations [201].
Here this method of covariance matrix determination is adapted to provide noise
power spectra estimates. By that, it is also possible to check consistency with
the more mathematically rigorous approach of covariance matrix determination and
hence link the NPS method to mathematical theory.
Since covariance matrix calculation requires large amount of memory and computa-
tion time, the system is reduced to a 32× 32 voxel image. A homogenous disc with
a radius of 16 voxel and a count density of 1000 counts per voxel is placed in the
middle of the field of view.
For local NPS calculation a quadratic ROI with lateral length of 8 voxels in the
center of the phantom is used. In total, 1024 slices of this phantom are simulated,
to provide a set of Poisson noise realizations for averaging.
The system matrix used for reconstruction and to determine the covariance matrix
is calculated with the assumption of ideal SPECT imaging. The covariance matrix
of the center voxel after 8 iterations is shown in Figure 5.17(a). For comparison an
averaged NPS of the central region is to be determined from the covariance matrix.
For this purpose the covariance matrices of every pixel inside a centered 5× 5 pixel
rectangle are selected and the central horizontal and vertical axes are cropped to
profiles of 8 pixels length. The absolute values of the Fourier transforms of these
profiles are then averaged to obtain the NPS estimate.
In Figure 5.17(b) a reconstruction containing Poisson noise and the central ROI
(dashed line) is shown. The rectangle limited by a full line indicates the region that
is covered by the described covariance matrix averaging.
In Figure 5.18 the local NPS and the NPS derived from the covariance matrix are
depicted. For the first iteration the local NPS is slightly higher than the one derived
from the covariance matrix approach. This can be explained by violation of the
assumption that estimated projections have to be similar to measured ones. In the
first iteration the image estimate is just a homogeneous concentration and contains
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no information of the actual image. Therefore the forward projections of this esti-
mation are not similar to the measured projections. For later iterations, local and
covariance derived NPS are in very good agreement.
In summary, the approach of local noise power spectrum analysis is linked and con-
firmed by the mathematical rigorous framework of covariance matrix calculation. It
has to be emphasized that the aim of signal and noise power spectra analysis is to
provide a practical method of image quality assessment applicable also to physical
phantom measurements. Evaluation of covariance matrices provides more infor-
mation on noise propagation and is more valuable for theoretical considerations or
simulations than for image quality assessment by physical phantom measurements.

(a) Covariance matrix of central voxel in
phantom.

(b) Reconstruction of noisy phantom with
central ROI and region used for NPS

averaging.

Figure 5.17: Covariance matrix and reconstruction of noisy phantom for consistency
check of NPS determination.

Figure 5.18: Comparison of NPS derived by local spectra method and by averaging
Fourier transforms of covariance matrix.
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5.4 Physical phantom measurements
For SPECT measurements a custom designed hardware phantom is used, that con-
tains two coaxial cylinders and hence mimics the setup of the simulated phantom.
The inner cylinder fills only half of the height of the outer one, to allow simultane-
ous acquisition of noise and signal power spectra. The ROI for NPS evaluation is
then chosen at the same lateral location as the inner cylinder, but at slice positions
with background activity concentration. In contrast to simulation studies, here the
effects of attenuation, scatter and non-ideal collimation are immanent and can only
be corrected by suitable methods. Furthermore, noise is inherent, thus the signal
properties can not be analyzed separately from noise. The designed phantom allows
to measure line profiles in multiple slices (see following section). Averaging over
line profiles in different slices reduces noise in the analysis of signal properties. Like
in the simulation studies, in every slice multiple line profiles are obtained for dif-
ferent rotation angles. In case of noise-free simulations this avoids artifacts caused
by alignment of the inner cylinder boundary and the voxel grid. In noisy physical
phantom measurement this averaging allows also some noise reduction. However, in
physical phantom measurements the signal measurement always contains noise and
to account for this difference to the simulation studies, here an index n for noise is
added to signal power spectra (SPSn).

5.4.1 Phantom setup and acquisitions parameters
The setup of the phantom used is shown in Figure 5.19. The outer dimensions of
the cylindrical phantom are 19 cm (diameter) and 12 cm (height). An inner cylin-
der of 6.5 cm diameter and 8 cm height is glued to the top cover and filled with a
concentration higher than the one used in the warm background to mimic the step
function. To avoid truncation artifacts the outer dimensions are chosen such that the
phantom fits completely into the field of view of a standard SPECT camera in one
bed position. The activity concentrations used in the experiment are 526 kBq/ml
for the inner and 61 kBq/ml for the outer cylinder, resulting in a contrast ratio of
C0 = 7.6 . SPECT acquisitions are carried out on a CardioMD camera (Philips
Healthcare) using an emission energy window of 126-154 keV and a 128× 128 pixel
matrix with 3.2 mm pixel pitch and 64 projections. Taking into account the camera
efficiency and an acquisition time of 60 s per frame lead to a measured AbTE = 1400
for background voxels. Scattering inside the phantom increases the number of counts
significantly. Complementary studies using a reconstruction including Monte-Carlo
scatter correction reduce AbTE to 840 counts per voxel. Hence, it is estimated that
about 40 % of the received counts have been scattered.
The attenuation map is created based on a CT scan performed on a Philips Bril-
liance 64-slice CT scanner at 120 kV peak. A preregistration is done manually and is
further improved to sub-voxel accuracy by a projection based approach, described in
Section 4.4. To account for effects induced by limited spatial resolution in the slice
direction and the plastic boundary of the inner cylinder, slices at or near these bor-
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Figure 5.19: Visualization of the physical phantom and the areas that are used to derive
signal and noise power spectra.

ders are excluded for the calculation of signal and noise properties (see Figure 5.19).
For scatter corrected studies of the physical phantom the research reconstruction
algorithm described in Section 3.3.2 is used. It contains correction of attenuation,
spatial resolution and scatter, by Monte Carlo simulation.
Physical phantom reconstructions allow using 16 slices for SPSn calculation. The
line profile length is increased to 22 voxels of 3.2 mm, because of the larger inner
cylinder compared to the simulation studies. This leads to line profiles of 7.04 cm
which is slightly larger than the double radius of the inner cylinder of 6.5 cm. To
extract suitable step functions the phantom has to be centered in the reconstructed
volume. This is done by a manual offset to the center, and subsequently the final
position is determined by automatic minimization of the difference between the step
profile on the right side of the lesion and its counterpart on the left, rotated over
180 degrees. This leads to an accuracy on sub-voxel level. To preserve the signal
properties a cubic interpolation is used.
The analysis of noise properties does not require volume rotation. Hence, the vol-
ume is shifted by full voxels only; therefore the noise properties are not affected by
any interpolation due to shifting. The NPS is evaluated in a central 16 × 16 pixel
ROI for 6 slices with expected homogenous concentration.

5.4.2 Spatial resolution and scatter correction
In Figure 5.20(a) multiple SPS of reconstructions with different Gaussian kernels for
resolution recovery are depicted. For comparison of SPSn and NPS the 3rd OSEM
iteration with 8 subsets is used.
In general, the measurements with the physical phantom confirm the findings ac-
quired in the mathematical phantom (Figure 5.20). In particular small spatial fre-
quencies can be restored by Gaussian kernels of an acceptable size. In addition to
former studies, here also an analytically calculated, distance dependent PSF kernel
is used for resolution recovery. The results are similar to the non-distant depending
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Gaussian kernel with σ = 1.75 voxels. This is an a posteriori validation for the
approximation of non-distant dependent Gaussian kernels.

(a) SPSn of physical phantom, reconstructed with 8 subsets
and 3 iterations.

(b) NPS of physical phantom, reconstructed with 8 subsets
and 3 iterations.

Figure 5.20: Signal and noise power spectra derived from measurements on a physical
phantom (C0 = 7.6), with resolution recovery applied. Gaussian kernel of different width
are applied in forward and back-projection. In addition a analytically calculated, depth
depending PSF is used for comparison. Lines are piecewise-spline approximations and
meant as guidelines to the eye.
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Amajor difference regarding the signal properties is the reduced contrast in the phys-
ical phantom, depicted in Figure 5.21. For better visualization in Subfigure 5.21(a)
the SPSn is normalized by AbTE · C0, with C0 = 7.6 as the expected contrast. For
reconstructions without scatter correction the SPSn approaches only about 50 % of
the predicted values at spatial frequency zero. The SPSn is proportional to the
squared MTF. This means that only about 70 % of the estimated contrast is recov-
ered. By Monte Carlo based scatter estimation, scatter events inside the phantom
can be corrected. With a scatter correction, contrast recovery can be improved to
90 % in this phantom measurement. This is an important result, since it emphasizes
the importance of scatter correction for quantitative imaging and supports the more
phenomenological quantification results, presented in Chapter 4 by image quality
assessments. For comparison of the spectral properties the SPSn are depicted in
Subfigure 5.21(b) scaled to its integral. In this presentation, the SPSn of recon-
struction with and without scatter correction are quite similar and only a small
shift towards higher spatial frequencies is visible at later iterations. This shows that
scatter is affecting all spatial frequencies. This is also supported by the noise power
spectra analysis (see Figure 5.22(a)) It shows a general noise reduction in recon-
structions with Monte Carlo based scatter correction, but spectral behavior remains
quite stable in scatter corrected and uncorrected images.
As a combined analysis of scatter and noise, the quotient of the (unscaled) SPSn is
divided by the NPS, resulting in the spatial frequency depended DQE(k) as defined
in Equation 5.12. This quantity is depicted in Figure 5.22(b). The DQE(k) is in gen-
eral higher for scatter corrected reconstructions. This is not surprising, since with
scatter correction noise is reduced and the signal transfer is increased. The spectral
behavior is similar for scatter and non-scatter corrected reconstructions. However,
the first iteration with scatter correction exhibits a strong decrease at higher spatial
frequencies. This can be explained by the fact that scatter is calculated only for
every full iteration and not for every OSEM sub-iteration. Therefore, for the first
iteration, the scatter estimate is calculated based on a homogenous distribution of
activity, resulting also in a flat scatter estimate. In summary the SPECT phantom
measurements confirm the results of the simulations regarding resolution recovery.
Scatter, that was not part of the simulation studies, leads to an increase of noise
level and a reduction of the recovered contrast. Scatter estimation by Monte-Carlo
simulation and correction during MLEM reconstruction is capable of reducing these
disturbing effects of scatter. These results are in good agreement with previous stud-
ies examining different scatter correction methods in 99mTc SPECT imaging [118].
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(a) SPSn of physical phantom, reconstructed with 8 subsets. The SPSn
is rescaled by (AbTE) to show the reconstructed contrast.

(b) SPSn of physical phantom, reconstructed with 8 subsets. The SPSn
is rescaled to its integral to show the spectral behavior.

Figure 5.21: Signal power spectra derived from measurements on a physical phantom
(C0 = 7.6). Black and red symbols show properties of reconstruction with scatter and
without scatter correction respectively. The lines are piecewise-spline approximations and
used for integral calculation and as guidelines to the eye. Resolution recovery is performed
with the analytically calculated, depth-depending PSF in all cases.
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(a) NPS of physical phantom, reconstructed with 8 subsets.

(b) DQE of physical phantom, reconstructed with 8 subsets.

Figure 5.22: Noise power spectra and DQE derived from measurements on a physical
phantom (C0 = 7.6). Black and red symbols show properties of reconstruction with scatter
and without scatter correction respectively. The lines are piecewise-spline approximations
and just meant as guidelines to the eye. Resolution recovery is performed with the ana-
lytically calculated, depth-depending PSF in all cases.
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5.5 Explanation of increased image quality in
Time-of-Flight PET

In Time-of-Flight PET, the time difference between the detection of two photons,
originating from a photon-positron annihilation event is used to confine the line of
response (LOR) to a shorter section (see Figure 5.23). The so called coincidence re-
solving time (CRT) is limited by the decay in the scintillator. For current lanthanum
bromide (LaBr3) scintillators in combination with Silicon photomultipliers CRTs of
100 ps has been reported under laboratory conditions [202]. Current medical PET
systems provide a CRT of about 500 ps [203].
Exact time difference information would supersede reconstruction since the 3D-
location of annihilation would be determined by LOR and timing information. How-
ever, to achieve current spatial PET resolutions of about FWHM = 5 mm by mea-
suring Time-of-Flight, the time resolution would have to be at the level of 16 ps. By
using the time difference the effectively reconstructed volume can be reduced and
positive effects on image quality in particular on noise propagation in case of FBP
have been published. According to the work e.g. presented in [204] the SNR using
the ToF-information and FBP reconstruction is given by:

SNRTOF = SNRnon−TOF ·
√
Dobject

c ·∆t/2 (5.31)

where SNRnon−TOF is the SNR without time resolution, Dobject is the diameter of
the object, c the speed of light and ∆t the CRT of the system. In case of iterative
reconstruction, a faster convergence and noise reduction is reported in case of ToF-
PET imaging and this has been described as ’sensitivity gain’ or a ’noise reduction
technique’ [206]. Faster convergence can be demonstrated by measuring the contrast
recovery coefficient (CRC), described in Section 5.2.2. In Figure 5.24 the CRCs of
simulated phantom studies without ToF information and CRTs of 500 ps and 250 ps
are depicted, illustrating the faster convergence in case of better CRT.

Figure 5.23: Visualization of the Tof-PET principle. The line of response is limited
by measuring the time difference between the two photons originating from the spot of
annihilation, from [205].
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Figure 5.24: Contrast recovery coefficient for different iterations and coincidence resolv-
ing time.

Further insight is provided by linking time resolution to effective reconstructed vol-
ume. For lesions with contrast one the number of iterations required to obtain a
certain SPS is linear to the phantom size with a proportionality factor of one [192].
In Section 5.3.3 the linear dependence is confirmed and it is demonstrated that lin-
earity is valid also for higher lesion to background contrasts. Although the influence
of phantom size, or CRT as an analogon, is diminished in case of high contrast, still
better time resolution results in faster convergence. From this point of view, noise
reduction can be considered as a result of the lower number of iterations needed to
obtain a certain SPS, since the NPS increases linearly before saturation with the
number of iterations. Therefore, Equation 5.31 remains approximately valid also in
case of MLEM reconstruction [192].
Acquisitions with present CRT of 500 ps and future Tof PET with a time resolution
of 250 ps are simulated by GATE, a Monte Carlo simulation tool, based on Geant4 a
simulation platform for particle matter interaction developed at CERN [207]. These
simulations of the NEMA phantom model scatter, attenuation and detector re-
sponse. The results are shown in Figure 5.25. The reconstruction with a CRT
of 250 ps show equivalent spatial resolution at one half of the iterations and signifi-
cantly less noise. The relative standard deviation decreases from 41 % to 31 % which
means the variance of the measurement with CRT = 250 ps is reduced by a factor
of 1.75 = (0.41/0.31)2, which is nearly the value of 2 predicted by theory explained
in 5.3.3. The difference is probably caused by saturation of the linear dependency
of variance to phantom size for higher numbers of iteration [192].
In summary the SPS/NPS analysis provides an explanation of the improved signal
and noise properties of ToF-PET and offers estimation of the effect of future en-
hancements regarding coincidence resolution time. Moreover, it explains and guides
the trend of lower iteration number in current and future ToF-PET imaging.
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(a) Reconstruction (10 iterations, 3
subsets) of simulated time-of-flight PET

acquisition with 500 ps CRT.

(b) Reconstruction (5 iterations, 3 subsets)
of simulated time-of-flight PET acquisition

with 250 ps CRT.

Figure 5.25: Reconstruction of phantom acquisition simulated by GATE with different
coincidence time resolution.

5.6 Summary and discussion

In this chapter, analysis of signal and noise power spectra is utilized for the as-
sessment of image quality in emission tomography. The influence of imaging and
reconstruction parameters like the number of iterations and subsets as well as phan-
tom size, attenuation and resolution recovery are examined. This aims at a deeper
understanding of the properties of MLEM/OSEM iterative reconstruction and sup-
ports the result of Chapter 4 that quantitative imaging is feasible with the used
reconstruction algorithm. Moreover, power spectra analysis provides an explanation
for the phenomenological effect of ’sensitivity gain’ in Tof-PET and enables opti-
mization of reconstruction parameters and assessment of potential improvements by
imaging advantages like reduced coincidence resolving time in PET imaging.
The signal power spectrum (SPS) provides information about absolute and spatial
frequency dependent contrast transfer. Hence, it allows a more complete evaluation
of signal properties compared to the contrast recovery coefficient or the MTF. The
SPS is determined by Fourier transformation of line spread functions derived from
averaged profiles of a central hot lesion in warm background.
Regarding noise analysis, it is shown (see Figure 5.1) that not only the absolute
amount of noise determined by the variance in homogenous regions is important for
image quality but also its spatial frequency distribution. The noise power spectrum
provides this information and is calculated as the average of the squared moduli
of one-dimensional Fourier transform of pixel rows in the center of the FOV of the
reconstructed images.
The concepts SPS and NPS are only valid for linear shift invariant (LSI) systems.
MLEM and OSEM reconstruction of emission tomography projections are neither
linear nor shift invariant in general. Therefore, here the SPS and NPS are defined
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locally near the center of the field of view. Covariance matrix analysis of noise is
not limited to LSI systems but this method is more laborious in interpretation and
computational effort than the description by the NPS. However, covariance matrix
analysis is used as an alternative way for deriving a local NPS not from reconstruc-
tions of multiple instances of noise, but based on the system matrix. The results of
both approaches are in very good accordance.
Regarding the influence of subset size the examination results in no significant dif-
ferences in signal properties. However, noise is slightly increased in case of a large
subset size of 64 and accordingly 2 projections per subset. Similarly, Hudson et al.
reported slightly increased deviance of observed and reconstructed projections in
case of 2 projections per subset compared to lower subset sizes [113]. In clinical con-
text a minimal size of 4 projections per subset is recommended since reconstruction
with smaller subset sizes are more likely to diverge from the MLEM result [198].
Although even reconstructions with a subset size of two can provide decent results,
larger subset sizes ensure better homogeneity in the number of counts per subsets
which is termed ’subset balance’ [208].
With increased number of MLEM or OSEM iterations the signal recovery at higher
spatial frequencies increases, which results in a higher spatial resolution of the im-
ages. However, also noise is enhanced with increasing number of iterations. It has
been reported by Wieczorek that a double size phantom with lesion contrast one
requires also two times more MLEM or OSEM iterations to reach the same signal
transfer function [192]. Taking into account also the linear dependance of variance
to the number of updates (iterations) this results in a two times higher variance in
double size phantoms. This is confirmed by the results presented in this chapter.
Indeed the noise power spectra of the doubled size phantom after n updates matches
the spectra of the standard phantom after n/2 updates scaled up by a factor of two
(see Figure 5.9. Here also the influence of phantom size is examined for higher
contrasts and the linear relationship is found to be preserved. However, for higher
contrast the proportionality factor decreases and the effect of phantom size is less
prominent.
Examinations of the influence of phantom size on noise and speed of convergence
are extended by simulations taking attenuation into account. The standard and in
particular the double size phantom show slower convergence in case of attenuation
and a substantial increase of noise of factor 3.4 and 8 respectively. These factors
are similar to the reduction of counts in case of attenuation but without attenu-
ation correction of 3.8 and 7.8 respectively. A theoretical analysis of the MLEM
algorithm assuming a large phantom size compared to absorption length predicts a
noise increase of factor 2.7 for the standard 90 mm phantom and 5.4 for the double
size phantom.
The intrinsic increase of noise due to attenuation and therefore reduced number
of counts is amplified by the slower speed of MLEM convergence compared to the
idealized non-attenuation setup, since the noise power in reconstructed images is, at
least for the first few iterations, proportional to the square of the number of itera-
tions [192].
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In PET imaging the issue of noise is addressed by Time-of-Flight imaging virtually
reducing the size of the reconstructed volume which enables obtaining the desired
signal reconstruction with a lower number of iterations and thus less noise. A GATE
simulation modeling attenuation, detector response function and scatter shows that
the number of iterations can be reduced from 10 to 5 in case of reduction of the
coincidence resolving time from 500 ps to 250 ps and the variance is reduced by a
factor of 1.75. Another approach to improve image quality in SPECT and PET
examined in this chapter is resolution recovery. It aims at correcting the limited
spatial resolution caused by the detector and or the collimator by implementing
the PSF into iterative reconstruction. The analysis of the SPS shows a partial re-
covery of the signal in the low to medium frequency range. Although the limited
spatial resolution of the collimator does not affect the noise properties compared to
an image reconstructed from ideal projections, resolution recovery by Gaussian ap-
proximations of the PSF reduces the noise level in general and especially for higher
frequencies.
The signal recovery and the noise reduction can be addressed to the forward and
back-projection step of MLEM reconstruction. In the forward projection the PSF
filter causes improved convergence and in back-projection reduces noise. The ap-
plication of both filters combines these effects and enables a partial mitigation of
the efficiency-resolution trade-off. Moreover, it is shown that over-correction with a
broad PSF kernel results in overshoots at concentration edges, while a narrow PSF
kernel leads to reduced signal recovery and noise reduction.
The simulated results are underpinned by the outcome of the physical phantom
studies. Congruent findings are obtained regarding the effects of kernel size and
filtering in forward and back-projection. The simulations lack estimation of scatter,
which is always present in physical measurements. The main effect of scatter is the
reduced contrast in the reconstructed image and a significant increase of noise over
all frequencies. For Monte Carlo based scatter corrected reconstructions a similar
variance is found as estimated by the simulations. Therefore Monte Carlo scatter
correction does not increase noise which is an advantage over methods utilizing sub-
traction of scattered counts estimated from other energy windows.
In conclusion the evaluation of power spectra provides valuable information for the
assessment of convergence and signal and noise properties of reconstruction algo-
rithms. It is an adequate and practical tool to assess the influence of reconstruction
and imaging parameters or correction methods like resolution recovery in simulation
and physical phantom studies.
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6 Summary
This thesis covers a wide range of aspects from clinical application to basic research
of myocardial perfusion imaging by SPECT. A new simultaneous dual isotope pro-
tocol is developed and evaluated in Chapter 3 with the purpose to improve clinical
workflow and patient comfort. This protocol is discussed in the context of other
single and dual isotope protocols and recent developments of SPECT like CZT
cameras and stress-only imaging. Besides the clinical aspects the issues of instru-
mentation and measurement are covered in Chapter 4 delineating the feasibility of
absolute tracer uptake quantification. Finally, a generic and mathematical view on
image quality and convergence speed of MLEM is provided in Chapter 5. There
the influence of imaging parameters like coincidence timing resolution of ToF-PET
and reconstruction settings like the number of iterations and subsets in OSEM or
PSF-kernel size in resolution recovery is evaluated. The main results of the three
subtopics: dual isotope imaging, absolute quantification and image quality assess-
ment are summerized and possible future directions of research are proposed as
follows.

Simultaneous dual isotope imaging
The technical and clinical feasibility of simultaneous dual isotope imaging using
99mTc and 201Tl as radioisotopes is the most important finding of the investigations
described in Chapter 3. The main issue hampering multi isotope imaging is cross-
contamination in general, and for this particular protocol it is 99mTc downscatter
into the lower 201Tl energy windows. This is addressed by Monte Carlo based scat-
ter correction and a low 99mTc-sestamibi dose limiting the amount of downscatter.
The validity of this approach has been examined first by phantom studies and sub-
sequently by a clinical study with 53 patients.
In the proposed dual isotope protocol 201Tl is utilized for imaging of perfusion at
stress. This is beneficial, since the high 201Tl uptake at stress allows to make better
usage of the injected 201Tl dose and though the radiation burden is higher than for
recent pure 99Tc protocols, it is still in a reasonable range and fully within the limits
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defined by EANM and ASNC guidelines.
Therefore, the SDI protocol is recommended in particular for elderly patients with
an intermediate to high probability of CHD. It can be seen as a complement to
stress only imaging that aims also at dose reduction and work flow improvement,
but takes advantage of the fact that imaging at rest for many patients is not clini-
cally required. Accordingly, stress only imaging is most suitable for younger patients
with a low to intermediate probability of CHD.
Workflow and patient comfort improvement are the intended aims of the proposed
dual isotope imaging protocol. Additionally, a better accuracy of SDI images com-
pared to 99mTc reference is found in 15 of 53 patients. It is one of the limitations of
the current study that it cannot be clarified whether this improved accuracy is due
to the reconstruction method of SDI implementing resolution recovery, attenuation
and scatter correction or the clinical protocol itself.
This is a promising topic for future research since standard 99mTc protocols can po-
tentially benefit from higher diagnostic accuracy and further dose or imaging time
reduction might be possible. Another option for further examination is the evalu-
ation of viability studies subsequent to SDI imaging that can utilize the 201Tl dose
injected at stress. As described in Section 2.7 reviewing diagnostic and therapy
options, viability information is important for the planning of revascularization.
Determination of myocardial viability by a second scan but without additional dose
and radiation burden is a valuable option in particular in the elderly patient collec-
tive that the SDI protocol is intended for.
More generally the proposed SDI protocol can be seen as one example of simultane-
ous multi isotope imaging. In contrast to sequential imaging, simultaneous imaging
overcomes the need for a certain sequential order of imaging due to radiation prop-
erties, but allows to choose the tracer with respect to the pharmacokinetics. For
example, the proposed SDI protocol takes advantage of the high 201Tl uptake at
stress. Further applications of simultaneous multi isotope imaging arise from other
combinations of tracers and radioisotopes e.g. using 123I-mIBG for imaging myocar-
dial innervation and 99mTc -sestamibi for perfusion imaging [209,210].
The inherent registration provided by simultaneous imaging is an additional benefit.
In qualitative myocardial perfusion imaging it helps to avoid mis-interpretation of
ischaemic or infarction areas, caused by mis-registration of stress and rest images. In
quantitative imaging the inherent registration enables an accurate determination of
the ratio of different tracers that can provide meaningful information. One example
is the ratio of 201Tl to 99mTc -sestamibi uptake. This quantity indicates the ratio of
stress and rest perfusion and is found significantly reduced for ischaemic patients.

Absolute quantification of tracer uptake
Quantitative imaging of tracer uptake or blood flow is supposed to be beneficial
for the detection of balanced ischaemia and multi vessel disease. The results of the
absolute quantification study described in Chapter 4 are a promising first step to-
wards this goal. The phantom studies indicate that an absolute accuracy of 7.5 % is
technically feasible and the uptake values determined in the patient studies are in
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good accordance to expected values.
The study shows the importance of measuring the actually applied dose by deter-
mining the remaining activity in the syringe after injection. Remaining activity of
99mTc-sestamibi in the syringe differs largely between patients and can be up to 39 %
of the injected dose. Hence, the remaining activity cannot be ignored in quantitative
imaging. For 201Tl the remaining activities were in the range of a few percent and
less spread. Therefore, the issue of remaining 99mTc-sestamibi activity is supposed
to be linked to the combination of tracer and syringes and might be avoidable by
adjusted equipment.
A second result of the study is the requirement of accurate registration of attenuation
and emission data in particular for calibration measurements. Even misalignment
in the subvoxel scale leads to noticeable errors in relative sensitivity of multi head
cameras. A correction method for this misalignment is proposed that bases on
maximizing the consistency of forward and measured projections. This approach is
supposed to be advantageous over registration using image features because of the
low spatial resolution of SPECT and the fact that image features are not necessarily
coincident in emission and attenuation images.
Although the results of the study are encouraging and a significant difference be-
tween patients with and without known ischaemia is found in the ratio of 201Tl to
99mTc-sestamibi uptake, so far it is not possible to derive additional clinically valu-
able information from this quantification. This is due to the large overlap in uptake
and also in uptake ratio of ischaemic and non-ischaemic patients found in the study.
This large overlap is supposed to be a result of the patient collective that does in-
clude only a small number of non-ischaemic patients and is mixed in gender, age and
physical condition. Hence, a definition of normal uptake ranges of 99mTc-sestamibi
and 201Tl with respect to parameters like age, gender, physical condition and poten-
tially diabetes is needed to distinguish between normal patients and those suffering
from CHD. Therefore, studies with a larger patient collective and a larger portion of
normal patients are suggested to define these normal ranges of uptake and evaluate
if uptake quantification can be helpful for the diagnosis of CHD and in particular of
multi vessel disease and balanced ischaemia.
Another option for further research is to extend the quantification method to allow
determination of absolute uptake also locally, ideally on a single voxel scale. Be-
cause of the small dimension of the myocardium, this requires implementation of
partial volume correction and motion correction. Moreover, comparison of absolute
tracer quantification by SPECT with blood flow determination by quantitative PET
should be performed to evaluate SPECT quantification further. Blood flow quan-
tification with PET imaging is known to be clinically feasible, although it is still a
topic of current research and not yet fully standardized.
Extending myocardial SPECT by absolute quantification is promising since only
changes in reconstruction algorithms and potentially in workflow are required to
measure remaining doses. The broad installed base of SPECT cameras and the long
lasting experience with myocardial SPECT imaging can still be utilized.
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6 Summary

Image quality assessment by signal and noise power spectra
The subjects of dual isotope imaging and absolute quantification are specific to the
SPECT modality and the clinical application of myocardial perfusion imaging. In
contrast to that, the scope of the examinations on image quality assessment is not
restricted to a certain application but covers emission tomography imaging in gen-
eral and can also be easily extended to transmission imaging, since the considered
iterative reconstruction method are also applicable there.
Image quality assessment can be performed on a large scale of methods from fidelity
evaluation e.g. by determining the mean square error to an ideal image to high level
model or human observer studies assessing lesion detectability. In this thesis signal
and noise power spectra analysis is chosen, since it provides general, meaningful,
frequency dependent information and can be measured in simulation studies as well
as in real phantom measurements.
The influence of resolution recovery, attenuation as well as subset and phantom size
are examined by simulations and partly by SPECT phantom measurements. One of
the main results is, that the number of iterations needed to achieve a certain signal
power spectra is linearly dependent on the phantom size. This has been already
reported by Wieczorek [192] for a lesion contrast of one, but is extended here to a
broader range of contrasts that typically occur in nuclear imaging. For larger con-
trast, linearity is confirmed, but the proportionality constant decreases. The found
phantom size dependency in iterative reconstruction provides a theoretical expla-
nation for the phenomenological effect of improved image quality in Time-of-Flight
PET imaging. Another main result is the influence of resolution recovery on signal
and noise. Resolution recovery leads to improved signal transfer at mid spatial fre-
quencies and also to noise reduction in particular at high spatial frequencies. The
improved signal transfer can be assigned to using the resolution recovery filter in
forward projection while the noise reduction is related to filtering the backprojec-
tion. Both effects can be combined with only little interference. This offers the
opportunity to combine different filters for forward and backprojection for resolu-
tion recovery depending on the desired image properties.
Besides simulation studies, also SPECT phantom studies are performed for valida-
tion. The results are in good accordance and also indicate the influence of scatter,
which is not yet part of the simulations. In the physical phantom studies, scatter
is found to reduce the reconstructed lesion contrast and increase the noise level.
Including scatter also in the simulations is a possible further step to obtain a deeper
understanding of the influence of scatter on image quality. Moreover,this could also
be used for evaluation of different correction methods like Monte Carlo estimation
or subtraction methods using extra scatter energy windows.
Another further step is validation by PET phantom studies; in particular the phan-
tom size dependency of convergence speed and noise is interesting, since phantom
size is closely related to the coincidence resolution time in ToF-PET imaging.
In summary the examinations and derived results can be used to improve reconstruc-
tion parametrization and correction methods and lead to a deeper understanding of
image formation.
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A Appendix

A.1 Tracer data

Radiopharmaceutical Half-live (hour) Emission energies and abundances

201Tl 73.1
69-83 keV (98 %)
135 keV (2 %)
167 keV (8 %)

99mTc 6.02 140.5 keV

Table A.1: Half-lifes and emission energies of 201Tl and 99mTc [26], [159].

Radiopharmaceutical Critical Organ Myocardium Dose Equivalent Effective Dose
(mGy/MBq) (mSv/MBq)

201Tl-chloride Tested/kidneys 0.19 0.14
99mTc-sestamibi Upper large intestine 0.005 0.005
99mTc-tetrofosmin Upper large intestine 0.005 0.007
99mTclabeled RBC Spleen 0.023 0.007
82Rbchloride Kidneys 0.018 0.003
18FDG Urinary bladder wall 0.067 0.019

Table A.2: ICRP publications 53,80,106 and [43] p. 19.
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Absorbed dose in an adult per unit activity (mGy/MBq)
Organ 201Tl 99mTc-tetrofosmin 99mTc-sestamibi

rest rest stress rest stress

Adrenals 5.7E-02 4.2E-03 4.4E-03 7.5E-03 6.6E-03
Bladder 3.9E-02 1.7E-02 1.4E-02 1.1E-02 9.8E-03
Bone surfaces 3.8E-01 5.8E-03 6.3E-03 8.2E-03 7.8E-03
Brain 2.2E-02 2.3E-03 2.7E-03 5.2E-03 4.4E-03
Breasts 2.4E-02 2.0E-03 2.3E-03 3.8E-03 3.4E-03
Gallbladder 6.5E-02 3.6E-02 2.7E-02 3.9E-02 3.3E-02
Gastrointestinal tract
Stomach 1.1E-01 4.5E-03 4.6E-03 6.5E-03 5.9E-03
Small intestine 1.4E-01 1.5E-02 1.1E-02 1.5E-02 1.2E-02
Colon 2.5E-01 2.4E-02 1.8E-02 2.4E-02 1.9E-02
(Upper large intestine 1.8E-01 2.7E-02 2.0E-02 2.7E-02 2.2E-02
(Lower large intestine 3.4E-01 2.0E-02 1.5E-02 1.9E-02 1.6E-02

Heart 1.9E-01 4.7E-03 5.2E-03 6.3E-03 7.2E-03
Kidneys 4.8E-01 1.3E-02 1.0E-02 3.6E-02 2.6E-02
Liver 1.5E-01 4.0E-03 3.3E-03 1.1E-02 9.2E-03
Lungs 1.1E-01 2.8E-03 3.2E-03 4.6E-03 4.4E-03
Muscles 5.2E-02 3.3E-03 3.5E-03 2.9E-03 3.2E-03

Oesophagus 3.6E-02 2.8E-03 3.3E-03 4.1E-03 4.0E-03
Ovaries 1.2E-01 8.8E-03 7.7E-03 9.1E-03 8.1E-03
Pancreas 5.7E-02 4.9E-03 5.0E-03 7.7E-03 6.9E-03
Red marrow 1.1E-01 3.8E-03 3.9E-03 5.5E-03 5.0E-03
Salivary glands 1.4E-02 9.2E-03
Skin 2.1E-02 2.0E-03 1.4E-02 3.1E-03 2.9E-03

Spleen 1.2E-01 3.9E-03 4.1E-03 6.5E-03 5.8E-03
Testes 1.8E-01 3.1E-03 3.4E-03 3.8E-03 3.7E-03
Thymus 3.6E-02 2.8E-03 3.3E-03 4.1E-03 4.0E-03
Thyroid 2.2E-01 5.5E-03 4.7E-03 5.3E-03 4.4E-03
Uterus 5.0E-02 7.8E-03 7.0E-03 7.8E-03 7.2E-03

Remaining organs 5.4E-02 1.5E-02 3.8E-03 3.1E-03 3.3E-03
Effective dose (mSv/MBq) 1.4E-01 3.8E-03 6.9E-03 9.0E-03 7.9E-03

Table A.3: Absorbed doses SPECT tracers, from ICRP 106,80,53 [66].
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A.2 Sensitivity measurements

Acq. nr. Date Isotope EM-window (126-154 keV) W2-window (65-79 keV)
Mean counts Det.1 Mean counts Det 2 Diff. Mean counts Det.1 Mean counts Det 2 Diff

Acq. 1 16.08.10 17:37 99mTc 373713± 811 374621± 715 -908 (−0.24 %) 104982± 1433 104589± 623 393 (0.38 %)
Acq. 2 17.08.10 08:07 99mTc 71390± 261 71492± 243 -102 (−0.14 %) 21118± 269 21068± 136 50 (0.24 %)
Acq. 3 17.08.10 10:02 99mTc 57419± 287 57533± 144 -114 (−0.20 %) 17216± 202 17227± 179 -11 (−0.06 %)
Acq. 4 17.08.10 12:10 99mTc 44909± 186 45081± 295 -172 (−0.38 %) 13754± 195 13823± 151 -69 (−0.50 %)
Acq. 5 17.08.10 14:06 99mTc 36104± 193 36206± 179 -102 (−0.28 %) 11379± 178 11334± 107 45 (0.40 %)
Acq. 6 17.08.10 16:06 99mTc 28904± 196 28862± 165 42 (0.15 %) 9302± 146 9316± 81 -14 (−0.15 %)
Acq. 7 18.11.10 19:04 99mTc 77705± 217 77662± 257 43 (0.06 %) 21421± 180 21669± 158 -248 (−1.15 %)
Acq. 8 19.11.10 18:26 201Tl 28066± 175 28197± 195 -131 (−0.47 %) 162699± 529 162642± 448 57 (0.04 %)
Acq. 9 22.11.10 17:21 201Tl 14589± 148 14575± 117 14 (0.10 %) 85367± 332 85781± 229 -414 (−0.48 %)
Acq. 10 24.11.10 18:00 201Tl 10796± 131 10897± 138 -101 (−0.93 %) 55175± 263 55612± 294 -437 (−0.79 %)
Acq. 11 05.04.11 07:51 99mTc 247373± 576 247321± 685 52 (0.02 %) 64490± 309 65461± 374 -971 (−1.49 %)
Acq. 12 14.07.11 17:27 99mTc 364091± 803 362632± 556 1459 (0.40 %) 94104± 444 96982± 404 -2878 (−3.01 %)

Table A.4: Results of sensitivity check acquisitions. The mean count number and standard deviation are given for the different
energy windows. Mean is calculated as the average of frames 1-32 for detector 1 and frames 33-43 for detector 2 because of the
attenuation of the patient table. The differences are given in absolute numbers and percentage of the overall mean count number of
the respective energy window.
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Date Activity Conc. Cal. factors, EM-window Cal. factors, W2-window
(MBq) (kBq/ml) Det.1 (10−4) Det.2 (10−4) Det.1 (10−4) Det.2 (10−4)

18.11.10 53.0 15.71 1.036 1.033 1.578 1.557
14.07.11 255.3 75.66 1.033 1.031 1.436 1.445
05.04.11 171.9 50.95 1.056 1.056 1.480 1.469

Table A.5: Tc Calibration data.
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