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Preface 

This work is the result of a scientific collaboration between the department of Clinical Physics at the 
Saint Joseph Hospital Veldhoven, the faculty of Physics at the Eindhoven University of Teclmology, 
and Philips Medical Systems in Best. In July 1995, the Saint Joseph Hospital obtained a modem MR 
scanner (Philips Gyroscan NT 1.0 T). From the start, a significant part of the examination time was 
reserved for research purposes. This project on Magnetic Resonance Angiography involved the 
departments of radiology, surgery, sports medicine, neurology, and the vascular laboratory. Apart 
from the scientific aim of this work, which will be described in chapter I, this project was also 
intended to facilitate the introduction and acceptance ofMR Angiography in daily clinical practice. 
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Chapter 1 

General Introduction 

1.1 Clinical background 

Vascular disease 

Vascular disease is one of the major causes of death and discomfort for people living in the 
industrialized parts of the world. It may restrict the normal circulation of blood and thereby endanger 
the function of organs and tissues, which depend on this circulation primarily for their supply of 
oxygen. The most prevalent vascular disease is atherosclerosis, which affects the arteries and is 
characterized by the eventual calcification of the vessel wall [34]. Other diseases involve dissection, 
aneurysm formation, fibromuscular dysplasia, thrombosis, etc. 

Generally, arterial pathology presents with two forms of the disease. The first is the obstructive 
form, in which the arterial vessel wall gradually thickens, causing the arterial lumen to decrease. As a 
result, pathological vessel constrictions (stenoses) and finally even complete obstructions (occlusions) 
occur. In the second form, the vascular wall gradually gets more compliant, causing the arterial lumen 
to increase. This results in pathological dilatations (aneurysms) with the associated risk of rupture. 
Often, e.g. in the case of aortic aneurysms, blood clots partly fill the aneurysm and stick to the wall, 
but can also give rise to large emboli. 

Atherosclerosis is not a local disease, which means that usually the complete arterial system is 
more or less affected. Obviously, the site of the atherosclerotic lesion (e.g. in the brain, the 
extremities, or the heart) will determine the symptoms and the risk of dysfunction involved. 
Atherosclerotic disease that affects the blood supply to the brain is commonly located at the carotid 
bifurcation in the neck. In this case, it is generally not the decrease in blood flow that endangers brain 
function, as the contra lateral carotid artery or the vertebral arteries may give sufficient arterial supply 
to the brain, but the shedding of emboli or clots from the lesion into the internal carotid artery, which 
can be the cause of transient ischemic events or stroke. In the extremities, this shedding is less life 
threatening but the overall decrease of muscular perfusion gives symptoms of claudication. For the 
heart, the combination of a decreased blood supply and the risk of emboli endangers its function. 

With respect to vascular therapy, again the location of the lesion prescribes the available options 
and the decision making. For example, in the case of peripheral lesions, physical training will 
stimulate the formation and growth of collateral arteries and often stabilizes or even improves the 
arterial blood supply to the extremities. Medication (e.g. aspirine) was found to be very effective in 
preventing the formation of blood clots. In cases of severe stenoses, intra-arterial catheter procedures 
have been developed to reopen the arterial lumen. Whenever a high risk of shedding is involved, such 
as in the carotid artery, catheter procedures are not recommended and conventional surgery that 
removes the atheromatous plaque as a whole is usually performed. There is also the option of using 
by-pass grafts to guarantee sufficient blood flow to certain areas. In general, it must be emphasized 
that vascular interventions and reconstructions are not primarily concerned with the repair of the 
vascular system, but rather with the prevention and treatment of the occurring clinical symptoms 
which are due to the impaired vascular supply by the affected arteries. 

Current vascular diagnostics 

Whenever a patient tells or complains about symptoms of vascular disease, the physical exam is 
usually followed first by a functional test to assess the severity of the disease. For the extremities and 
the heart, a functional test is easy to implement (e.g. by walking on a tread-mill), but for the brain and 
other body organs this is more difficult. The functional condition of the extremities or organs is 
closely related to the hemodynamical condition of the arterial system involved. This is the reason that 
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functional and hemodynamical information is often regarded to be equivalent, and that a 
hemodynamical examination is a good substitute for or supplement to the functional test. 

Hemodynamical examination may involve blood pressure measurements (non-invasive or 
invasive), photo-plethysmographic measurements, which registrate the arterial perfusion of the skin, 
and Doppler Ultrasound (DUS). With DUS, the blood velocity spectrum in a small sample volume 
can be obtained real-time and non-invasively. Measurements are usually made at healthy and 
pathological arterial sites for comparison. An increase in maximum velocity or turbulence indicates 
the presence of stenoses or irregularities of the vessel wall. In addition, the maximum velocity 
waveform, which is derived from the velocity spectra as a function of time, can be analyzed to give 
information about proximal (closer to the heart) or distal (closer to the periphery) vascular 
obstructions. 

For the planning of surgical procedures or catheter based interventions, morphological or 
anatomical information about the vascular system is essential. This form of information is usually 
obtained by conventional x-ray angiography or Digital Subtraction Angiography (DSA) using a radio
opaque contrast agent injected locally into the artery by means of a catheter. Intravenous contrast 
injection is also possible using the DSA technique, but generally gives a lower image quality. Often, 
when the hemodynamical information is found difficult to obtain or interpret, a conventional 
angiogram is made and considered to be conclusive. 

In the last decade, Magnetic Resonance Angiography (MRA) has quickly become an effective 
diagnostic method capable of obtaining both anatomical and hemodynamical vascular information 
throughout the body. The non-invasive nature of MRA and its ability to provide more information 
than conventional angiography continue to increase the number of fields in which MRA is 
satisfactorily used in clinical routine [I 09,154]. 

Why integration of anatomical and hemodynamical information ? 

Anatomical information includes the location, shape, and dimensions of vascular pathologies like 
stenoses and aneurysms, but also just the cross-sectional area of healthy arteries. Hemodynamical 
information includes the velocity or flow of blood as a function of time and position along the arterial 
vessel tree. Since the basic purpose of all vascular diagnostics is to assess the severity of certain 
functional disorders and to decide on possible therapies, it is reasonable to expect that a combination 
or integration of anatomical and hemodynamical information will provide a more complete and 
accurate functional description than the individual forms of information. 

The relation of the anatomical appearance of stenoses at angiography to hemodynamical effects is 
found to be rather weak. For example, a decrease in pulse-pressure will only occur after a 75% 
reduction in vessel lumen. If the lumen reduces further, the pulse-pressure will decrease but in a 
rather unpredictable manner. Estimating the hemodynamical effects of multiple stenoses in series is 
even more problematic. These empirical observations suggest that anatomical and hemodynamical 
examinations provide different and thereby supplementary information about the same functional 
problem. 

It is important to keep in mind that clinical symptoms of ischemic vascular disease are a direct 
result of an insufficient oxygen supply and that the condition of the arterial system in the form of 
anatomical or hemodynamical information can only give an indirect indication of the severity of the 
disease. For instance, by lowering the resistance of the distal peripheral bed (vasodilatation), the 
functional effect of a proximal obstruction can be completely compensated. Evaluation of the vascular 
anatomy alone does not take into account the functional significance of a stenosis, which also depends 
on the resistive adaptability of the distal arterial bed. The variation of this adaptability in a patient 
population is the main reason for the observation that different degrees of claudication may 
correspond to similar anatomical degrees of obstruction. 

Integration of anatomy and hemodynamics may thus provide more direct information on the 
functional significance of a lesion, but has other advantages as well. It is reasonable to believe that a 
good knowledge of the hemodynamical conditions of a single patient may help to decide on the best 
way to obtain information about or to alter vascular anatomy. For example, vascular graft patency is 
influenced by the degree of circumferential compliance mismatch measured at implantation [1]. It 
was concluded that compliance mismatch is deleterious to graft patency. This demonstrates that 
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knowledge about the hemodynamical compliance, which is related to the elasticity of the vessel wall, 
could be used to improve anatomical vascular reconstructions. It also appears that the success or 
failure of the aorto-iliac bypass operation can to some extent be assessed perioperatively using the 
impedance phase curve [I 00]. 

Physiologically, all patients and volunteers are comparable, but they show considerable variation 
in both anatomical and hemodynamical conditions. Most of the variability in published data on 
human vascular properties appears to be real and can be attributed to differences in aortic compliance 
between different subjects [96]. In medical research, it is not accepted to generalize any findings 
when n = I, where n is the number of patients examined. The reason for this is that because patients 
have different vascular anatomies, wall properties, and different cardiac functions, a single patient 
could be different from the average patient population. However, if anatomical information would be 
integrated, the interpretation of hemodynamical information could be tuned at each patient 
individually. This may help to avoid then > 1 requirement. 

Current forms of integration 

The clinical results of several successive examinations on a single patient, starting with the functional 
test, followed by hemodynamical measurements, and finally by the assessment of vascular anatomy, 
are usually combined or integrated by the referring physician using theoretical knowledge but most of 
all practical experience. The exact considerations in this rather subjective decision making process are 
hard to make explicit, especially since other circumstances like additional risk factors, patient age and 
condition as a whole, cooperation, and the willingness to change live style play a significant role. 

Several studies were performed to relate the anatomical degree of arterial disease more 
objectively to the hemodynamical arterial pulse waveform measured by ultrasound or photoelectric 
plethysmography [3]. Vanninen et a!. studied the hemodynamical significance of carotid artery 
stenosis by means of MR phase-contrast flow quantification and showed that the measured flow 
parameters correlated with the degree of stenosis. They concluded that the sensitivity for the detection 
of severe stenoses could be increased by adding hemodynamical information to the anatomical or 
morphological information [ 139]. A similar study was conducted by Krug et a!. [ 68]. Despite the high 
correlation between the MR measured flow waveform indices and the stenosis grades provided by 
intra-arterial DSA, the MR measurements of pulsatile flow alone were found not to be adequate for 
diagnosis, because of the spread of the calculated indices even in healthy subjects without any arterial 
obstructions. The above experiments confirm the notion that vascular anatomy and hemodynamics are 
two different and supplementary forms of information. 

Duplex ultrasound combines two-dimensional gray-scale imaging with estimates of the velocity 
spectra within a sample volume. Basically, in this imaging modality the acquisition of vascular 
anatomy and hemodynamics has been integrated. However, the two forms of information are depicted 
in separate windows and the clinical integration must be done by the operator. Color-Doppler 
equipment combines the two forms of information into a single image but, although it has shown to 
be a very effective and efficient way of representing the data, it may not be regarded as a clinical form 
of integration. In this respect, integration of anatomical and hemodynamical information is defined as 
the improvement of one form of information by proper interpretation of the other form of information. 

In animal studies on the circulation, electromagnetic blood flow meters, pressure transducers, and 
calipers for measuring the vessel diameter can be placed invasively, and the relation between vessel 
area and flow has often been reported. In this fundamental physiological research area, several 
physical hemodynamical models have been developed, and the knowledge contained in this area will 
be used in this work. 

Finally, it should be mentioned that in numerical computer simulations, anatomical information 
about the dimensions of the arteries is used as the boundary condition for the calculation of 
hemodynamical flow patterns using finite element or finite difference methods. 

1.2 Magnetic Resonance Imaging 

In medical Magnetic Resonance Imaging (MRI), the phenomenon of Nuclear Magnetic Resonance 
(NMR) of the hydrogen atoms in human tissues is used to construct anatomical images of the brain, 
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spine, and other parts of the body. Since the basic physical concepts, methods of image formation, 
pulse sequences, and applications of MRI have been extensively covered by many textbooks 
(109,140], only a brief description will be given here. In the rest of this work, several standard MR 
methods will be discussed without a detailed introduction. For sake of completeness, the scan
parameters of the applied methods will be given, again without a detailed explanation. 

Hydrogen nuclei, or protons, possess a small magnetic moment coupled to their spin angular 
momentum and will precess at a characteristic Larmor frequency when placed in an external magnetic 
field B0. Quantumrnechanically, the proton has two energy states associated with a spin alignment 
which is parallel or anti-parallel to B0. The population of these energy levels is governed by 
Boltzmann statistics. At a body temperature of 37 oc and B0 = 1 T, the parallel alignment shows a 
surplus compared to the anti-parallel alignment of about l in 105 spins. The ensemble of nuclear 
magnetic spin moments in an object forms a net magnetization vector, which can be treated by 
classical electromagnetic theory. 

In the equilibrium situation, the magnetization vector points in the longitudinal direction parallel 
to B0. By applying a Radio-Frequency (RF) pulse at the Larmor frequency with the magnetic field 
component perpendicular to B0, the magnetization vector can be rotated into the transverse plane. As 
the magnetization vector also precesses at the Larmor frequency, its transverse component induces a 
measurable current in a receiver coil. 

In the non-equilibrium situation, two relaxation processes occur. The first is called the 
longitudinal or spin-lattice relaxation, which causes the longitudinal component of the magnetization 
vector to increase exponentially towards the equilibrium magnetization with time constant T1. The 
second is called the transverse or spin-spin relaxation, which causes the transverse component of the 
magnetization vector to decrease exponentially towards zero with time constant T2• These relaxation 
times T1 and T2 depend on the chemical environment of the proton spins, which forms the reason that 
MRI is able to generate image contrast between soft tissues. 

Since the Larmor frequency depends linearly on the applied magnetic field, with the 
gyromagnetic ratio y as the constant of proportionality (y = 42.576 MHz/T for protons), spatial 
encoding can be obtained by the application of linear magnetic field gradients Gn Gy, and G, in the 
three orthogonal directions x, y, and z. If the variable k; (i = x, y, z) is defined as 

( 1.1) 

where the integral is taken over the time t after the RF excitation pulse, then the signal S induced in 
the receiver coil, in the rotating frame of reference (angular frequency equal to the Larmor frequency 
at the origin), will be proportional to 

( 1.2) 

where p is the spin density function and the integral is taken over the whole object that is being 
imaged. A specific value of k; at time t0 can be obtained by properly switching the G; gradient. 
Expression 1.2 shows that the object space defined by the x, y, and z coordinates is the Fourier 
transform of the space defined by the k" ky, and k, coordinates, which is called the k-space. This k
space can be acquired or filled by sampling the signal S(t) for all values of k" ky, and k, that can be 
realized by properly switching the corresponding gradients. The MR image data (object space) is then 
obtained by Fourier transformation of this k-space. 

Due to relaxation of the transverse magnetization component and limited gradient strength, k
space can usually not be filled after a single RF-pulse. Therefore, a sequence of RF-pulses is 
generally required, which takes a certain scan-time, especially since the longitudinal magnetization 
component should be given enough time for relaxation towards equilibrium. During the last two 
decades, many pulse sequences have been developed for different clinical purposes, that all use their 
specific strategy to fill k-space. 
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Possibilities of Magnetic Resonance Angiography 

Magnetic Resonance Angiography (MRA) literally means the imaging of blood vessels by MR. 
However, as mentioned earlier, MRA techniques are able to acquire both anatomical and 
hemodynamical information about the arterial system. Unfortunately, this latter form of important 
information is underestimated by the word 'angiography'. To date, a variety ofMRA techniques have 
been proposed, investigated, and discarded. It has become apparent that no single technique is clearly 
superior in all situations, and it is likely that the technique of choice will depend on the clinical 
application. 

Consider the demands placed on an MRA technique for imaging vascular anatomy. Such a 
technique should generate high-resolution images with a large, volumetric field of view and a high 
signal-to-noise ratio within reasonable examination times. In addition, to be useful in the study of 
disease and, ultimately, to have some clinical application, the technique should produce 
measurements that show less variation than the changes that occur in pathological states. Early MRA 
techniques have been based on the flowing character of blood. Recently, the advent of contrast
enhanced MRA techniques seems to make the inferior flow-based techniques redundant. Still, these 
earlier techniques are generally used for scout imaging and volume planning, and therefore require 
technical improvements as well. Also, when a flow-based technique shows the arteries to be 
unaffected, it is usually not necessary to perform a contrast-enhanced study. On the other hand, when 
the flow-based technique shows vascular pathology, the contrast study usually gives better image 
quality and less artifacts. However, one must not regard this latter technique as the ultimate solution. 
For instance, with respect to patient comfort and cost reduction, the use of contrast agents and power 
injectors is not desirable. 

With respect to functional information, MRA is unique in that it combines the accurate 
acquisition of vascular anatomy with the quantitative measurement of hemodynamics. To assess the 
functional significance of vascular disease, MRA might therefore be superior to all combinations of 
other modalities. However, the two forms of information have not yet been clinically integrated, 
similar to the situation that exists with duplex Ultrasound and Color-Doppler. Therefore, research 
towards the integration of anatomy and hemodynamics may be expected to yield a large improvement 
in the assessment of functional information. 

Limitations of Magnetic Resonance Angiography 

MRA has revealed its examinational powers but also its experimental limitations in the imaging of 
blood and blood vessels. Complex or turbulent flow patterns can neither be imaged nor measured 
quantitatively. For example, the systolic flow in the proximal aorta could only be obtained in 3 of 1 I 
subjects because of signal loss [ 16]. Also, determining the stenosis grade by comparing intrastenotic 
flow velocities with velocities distal to the stenosis was found to be impossible [68]. Clinically, this 
implies that those arterial sites which are of special interest because they are prone to develop 
atherosclerosis [34], are exactly the sites that are difficult to examine. Therefore, the biggest 
challenge in current MRA research is to improve data-acquisition especially at these sites. 

Another drawback of MRA is the relatively long scan-time involved in flow measurements, 
which implies the averaging of normal short-term beat-to-beat variation in heart interval and flow 
amplitude. In vivo, the accuracy of the flow measurement is therefore limited by this physiological 
variation. As a result, only hemodynamical phenomena that show larger effects than the physiological 
variation can be demonstrated and confirmed. 

1.3 The aim of this work 

The aim of this work is to make a start with the integration of anatomical and hemodynamical 
information obtained on the human arterial system by MRA. This integration is not based on a mere 
correlation between both forms of information, but on a physical model. In this way, the underlying 
mutual interaction mechanisms can be investigated and understood. Most likely, such an approach is 
required if the functional condition of a patient has to be assessed more accurately. 

In daily hospital routine, vascular anatomy is normally assessed at the radiology department, 
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whereas hemodynamics is measured at the vascular laboratory. Clinically, it is more important to 
answer the question of what is the best therapy for the patient than to understand exactly how 
hemodynamical processes evolve and interact on the long run. This is probably the main reason that 
some controversy still exists about, for instance, the flow wave propagation phenomena in the arterial 
system. If different concepts yield the same therapy, in clinical practice these concepts need no 
reconsideration. In fundamental physiology, however, the prima1y concern is not the medical 
treatment, but the correct understanding of physiological phenomena. Hemodynarnical modeling 
would be associated primarily with the medical physics department. Hence, this work tries to bridge 
the professional gap between medical doctors like radiologists and vascular surgeons, fundamental 
physiologists, and technical scientists like physicists. After all, these specialists work together to 
improve medical healthcare. 

1.4 Outline of the thesis 

A prerequisite for the integration of vascular anatomy and hemodynamics is the accurate and precise 
acquisition of both forms of information. Therefore, the first half of this thesis (chapters 2-5) will 
deal with the methods of acquisition and the accuracy of current MRA techniques. In contrast to other 
texts about MRA, in this work the techniques are strictly separated depending on the specific form of 
information that they obtain . It is inherent to the subject that standard medical terms referring to 
anatomy and pathology will be used throughout the text. 

Chapter 2 will deal with purely anatomical MRA techniques like Flow Independent Angiography 
(FIA) and Contrast-Enhanced Angiography (CE-MRA). Basic concepts and clinical applications will 
be given. In addition to optimizing the acquisition, chapter 3 will demonstrate the use of post
processing (in this case with the so called eigenimage filter) for the improvement of the appearance of 
the angiogram. 

Chapter 4 will describe the MRA techniques that obtain hemodynamical information. Techniques 
like systole-diastole angiography, inflow angiography, and Phase Contrast Angiography (PCA) are all 
based on the flowing character of blood, and will be treated as such. The two-dimensional 
implementation of PCA (20 Quantitative Flow) is commonly used for hemodynamical flow 
measurements and will be thoroughly discussed with respect to its in vitro and in vivo validity. 
Chapter 5 will further investigate the accuracy and precision of 20 Quantitative Flow measurements 
by means of computer simulations. This chapter will address the question of how to deal with the 
subvoxel vessel position, which becomes an issue when the blood flow in vessels that are small 
compared to the spatial resolution is to be determined. 

The second half of this thesis (chapters 6-9) begins in chapter 6 with the complete derivation of a 
theoretical framework, which is subsequently used for the integration of anatomical and 
hemodynamical information. Linear one-dimensional wave theory was chosen for this purpose, as this 
theory is expected to give a satisfactory hemodynamical description of flow wave propagation 
phenomena in arteries that can adequately be examined by MRA. 

Chapter 7 will then introduce a single segment model that represents the descending thoracic 
aorta, and will discuss in vivo results of flow wave separation. The MRA measurements of the 
anatomical vessel area and the hemodynamical blood flow as a function of time and position along 
the descending thoracic aorta of healthy volunteers used in this chapter will also be used in the 
following chapters 8 and 9. 

These latter two chapters will describe two forms of integration. The first, given in chapter 8, uses 
the one-dimensional law of mass conservation and the single segment model to relate the anatomical 
vessel area to the hemodynamical flow. In the second form of integration, given in chapter 9, a 
tapered multiple segment model will be introduced with dimensions corresponding to the observed 
anatomical tapering. The differences between the single segment model and the multiple segment 
model with respect to flow wave separation and the calculated wave propagation parameters will 
extensively be discussed. 

Chapter 10 will summarize the major conclusions and will give some final remarks. 



Chapter 2 

Magnetic Resonance Angiography 
Anatomical Techniques 

2.1 Introduction 

In Magnetic Resonance Imaging (MRI), the image contrast is essentially based on a weighted 
combination of five different tissue properties [140]. The first three are the intrinsic magnetic tissue 
properties like the density of hydrogen nuclei, the longitudinal relaxation time T1, and the transverse 
relaxation time T2. The two remaining properties are motion and chemical shift. Motion has often 
been found to generate artifacts in regular MRI, but is also used to distinguish flowing blood from 
stationary tissue in Magnetic Resonance Angiography (MRA). 

Several different MR methods have been developed to visualize vascular anatomy and to quantify 
hemodynamical flow patterns [65,109,154]. It is obvious that the flowing character of blood must be 
employed in the quantification of flow, but in most early techniques to visualize the arteries, this 
flowing character has been used as well. These imaging techniques are often incorrectly considered to 
acquire direct anatomical or morphological information. Instead, they acquire hemodynamical 
information from which an anatomical representation is derived. Direct or purely anatomical 
information on the dimensions of the arterial lumen can only be acquired by techniques based on the 
difference in inherent MR properties between arterial blood and surrounding stationary tissue. By 
definition, these techniques are flow independent and have the advantage over flow-based techniques 
that vessels with slow or complex flow can be assessed in any orientation. Flow is then merely 
considered to be a disturbing factor, since it can produce significant image artifacts. 

In this work, anatomical and hemodynamical scan techniques will be strictly separated. This 
chapter describes two techniques that acquire purely anatomical information on the arterial vessel 
tree. The first is an implementation of Flow Independent Angiography (FIA) and is based on the 
relatively long T2 of arterial blood. The second is Contrast Enhanced (CE) Angiography which is 
based on the relatively short T1 of blood after administration of a paramagnetic contrast agent 
(gadolinium). Both techniques are discussed with respect to the origin of image contrast and the 
artifacts that may arise under certain hemodynamical conditions. Clinical results will be given for 
both techniques. MRA techniques that utilize the flowing character of blood to visualize and quantify 
arterial hemodynamics will not be discussed until chapter 4. 

2.2 Flow Independent Angiography 

As the name suggests, Flow Independent Angiography (FIA) does not rely on the flow of blood, but 
on the intrinsic MR properties to isolate the arteries from surrounding background tissues. Most FIA 
techniques are based on the long transverse relaxation time T2 of arterial blood compared to 
surrounding tissue and produce so called bright blood angiograms [20,149]. In addition, although less 
often employed, black blood angiograms can be obtained based on the relatively long longitudinal 
relaxation time T1 of blood. 

Theoretical background 

For blood that contains merely oxygenated hemoglobin and no deoxyhemoglobin, as for most tissues, 
the relaxation times are determined by diamagnetic effects related primarily to the protein content. 
Arterial blood is almost saturated with oxygen (%Hb02 = 90-1 00%) and its transverse relaxation time 
T2 is therefore fairly constant ("" 160-180 ms) [ 149]. Venous blood, however, (%Hb02 = 60-80% for a 
subject at rest) contains more intracellular paramagnetic deoxyhemoglobin and exhibits a 
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heterogeneous magnetic susceptibility distribution. Diffusion of water molecules through these 
magnetic field inhomogeneities irreversibly enhances the transverse dephasing rate of the spins 

resulting in a decrease of the apparent T2 value ("" 50-1 I 0 ms) [21 ,22, 149]. It has been shown that this 
enhancement increases quadratically with field strength and with the proportion of hemoglobin that is 
deoxygenated [ 44,95, 132, 150]. 

When venous blood is exposed to a train of 180° Radio Frequency (RF) inversion pulses, as in a 
Carr-Purceii-Meiboom-Gill (CPMG) sequence, the observed T2 has been shown to increase with 
decreasing 1180, which is defined as the time between two successive inversion pulses [21]. The reason 
of this initially unexpected behavior is that a decrease of 1180 reduces the mean distance covered by a 
diffusing spin and thereby the range of frequencies it has experienced before it is refocused. Hence 
the dephasing rate will decrease [44,149]. Thus, the more frequent the inversion RF-pulses, the more 
effectively the loss in phase coherence due to diffusion will be corrected. A train of inversion pulses 
was shown to be effective in preparing the magnetization before the start of image acquisition 
[20, 149]. However, the scan may become significantly more efficient if data acquisition is performed 
in between the successive inversion pulses using a Fast or Turbo Spin Echo (TSE) sequence [6 I]. 

Figure 2.1 shows the basic pulse sequence of a 3D TSE scan. Flow artifacts in TSE are primarily 
caused by the even echo rephasing phenomenon, as the even echoes in the echo train are first order 
flow compensated in the read-out direction, whereas the odd echoes are flow sensitive [51]. This flow 
sensitivity can be expressed in terms of scan parameters. Consider the center of the first echo. Due to 
the inversion pulse, the spins have effectively experienced a bipolar read-out gradient. The phase shift 
¢induced by such a bipolar gradient waveform on flowing spins with constant velocity vis given by 
[109,140] 

(2.1) 

where y is the gyromagnetic ratio, Ag is the area under one of the two monopolar gradient lobes, and 
Llt is the time interval between the centers of the lobes. The first monopolar gradient lobe causes the 
data acquisition to start at the boundary of k-space, which can be written as 

(2.2) 

where N is the matrix size, and Llkx is the resolution in k-space. Discrete Fourier theory, on which 
most MR imaging methods are based, implies that the Field Of View (FOV) is equal to 

FOV = N · Llx = .3!!_ 
Llkx 

(2.3) 

where Llx is the pixel size. Finally, if Llt is approximated by 1180 /2 the phase shift¢ can be written as 

;rr N 
¢"'- - ·-- ·/180·V 

2 FOV 
(2.4) 

Since all even echoes are flow compensated in the read-out direction, all odd echoes in the echo train 
experience this same phase shift, which is proportional to both 1180 and spin velocity v. The phase 
becomes more sensitive to flow for a larger matrix size Nor a smaller FOV. 

In a TSE scan, several phase encoding steps are taken during each echo train, and k-space is filled 
by alternating flow sensitive and flow compensated profiles. This 'modulation' generates discrete 
ghosts of moving tissue in the phase encoding direction. The positions and signal intensities of these 
ghosts relative to the original object are determined by the way k-space is filled . Figure 2.2 
demonstrates this relation in one dimension. When the turbo factor is lower than the number of phase 
encoding steps, as in the upper example, the profiles ink-space are acquired in an interleaved fashion, 
resulting in a relatively low frequency modulation. The Fourier transform of this modulation, with 
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Figure 2.1 Schematic drawing of a 30 TSE pulse sequence. After the initial 
goo RF excitation pulse, a train of 180° inversion pulses is applied. Several 
spin echoes are generated, centered between two successive inversion 
pulses, and sampled during the application of the read-out gradient Gx. 
Several slices form a scan volume, which is selectively excited using the slice 
selection gradient Gz. 30 spatial phase encoding gradients are then added to 
the Gz and Gy gradient waveforms. In this example, the number of slices 
which is equal to the turbo factor was chosen to be 5. The ky value of the 
echoes in the echo train is held constant (negative) and the kz value is linearly 
varied (linear ZY profile order). 
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which the original image is convoluted, shows closely spaced side lobes. When the turbo factor is 
equal to the number of phase encoding steps, as in the lower example, the distance between the first 
side lobe and the original object is maximal and equals half the field of view. 

Pulse sequence design 

A standard 3D TSE sequence was optimized to enhance the signal from arterial blood and to suppress 
unwanted signals from fat, muscle, and venous blood. This procedure was based on chemical shift 
and differences in T2 relaxation times. Signal from fat was suppressed using Spectral Presaturation 
with Inversion Recovery (SPIR). This pre-pulse technique selectively saturates the magnetization 
from fat and takes approximately 35 ms. Strong T;-weighting was obtained by selecting an effective 
Echo Time (TE) of 200 ms. A relatively long Repetition Time (TR) of 2 heartbeats was chosen, 
corresponding to about 1700 ms at a heart rate of 70 beats/min. 

Restrictions on gradient strength limited the turbo factor to 35 using a linear profile order. The 
duration of the full echo train was 400 ms and the echo spacing or t 180 was about 12 ms. This resulted 
in a venous T2 of I 00-150 ms [ 149]. With a matrix size N of 256 and a FOV of 350 mm, a phase shift 
of n radians corresponded to a blood velocity of 23 cm/s, according to equation 2.4. This is the 
velocity at which the phase shift of the odd echoes is maximal and the artifacts due to even echo 
rephasing are expected to be most severe. By altering the scan parameters in equation 2.4, flow 
sensitivity could be varied. 

Data were obtained in the quiescent period of the heart cycle in which the arterial blood flow 
drops to a minimum. Each TSE train of 35 echoes with a duration of 400 ms was gated at diastole 
using a plethysmographic Peripheral Pulse Unit (PPU). Even in this diastolic heart phase, flow-related 
artifacts are commonly observed in TSE imaging but can be suppressed by adding extra flow 
compensating gradients to the standard gradient waveforms [51]. However, this flow compensation 
scheme may generate spurious signals due to the increased eddy currents and significantly degrades 
image quality. Figure 2.3 compares two identical 30 T;-weighted TSE scans with flow compensation 
on and off. The image obtained with flow compensation on shows a higher background signal than 
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Figure 2.2 Schematic illustration of discrete ghosting caused by even echo 
rephasing. In the upper example, the turbo factor (TF) is 4 and 8 echo trains 
are required to obtain 32 phase encoding steps. The black bars indicate the 
profiles acquired during the first echo train. k-space is modulated in the phase 
encoding direction by flow sensitive and flow compensated echoes as 
depicted on the left, which implies a convolution of the image with the Fourier 
transform of this modulation, which is shown on the right. In the lower 
example, the turbo factor is equal to the number of phase encoding steps and 
a single echo train is sufficient to acquire all profiles. 

the image with flow compensation off. In addition, this background signal shows an artifactual 
distribution over the slices, which is visible in the transverse Maximum Intensity Projection (MIP). 
Therefore, in favor of image quality, it was decided not to use any form of flow compensation, and to 
find another way to avoid flow-related artifacts. 

A convincing example of the flow-related artifacts due to even echo rephasing in TSE is given in 
figure 2.4. The positions and the signal intensities of the ghosts correspond qualitatively to the upper 
example in figure 2.2. The figure shows that without flow compensation the signal magnitude of the 
core of the original artery is decreased in favor of its ghosts. It appears that the blood velocity in the 
center of the artery corresponds to an odd echo phase shift of about n radians, resulting in maximum 
signal loss. The vein shows a ring-like signal loss and a similar ghosting pattern, but the signal 
magnitude of the core of the vein is high again. It appears that the blood velocity in the center of the 
vein causes an odd echo phase shift of about 2n radians, which is identical to zero and results in a 
negligible signal loss. As expected during diastole, the arterial blood velocities show to be lower than 
the venous blood velocities. 
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Figure 2.3 Comparison between two 3D TSE scans of the arteries in the legs 
with flow compensation in the read-out direction on (left) and off (right). 
Maximum intensity projections are shown in the coronal (top) and transverse 
(bottom) orientation. The arrow points at spurious background signal wh ich 
shows an artifactual distribution over the slices. The arrow-head points at a 
vein which is not fully contained in the imaging volume. 

Figure 2.4 Sagittal slice of a 3D TSE scan of the leg showing part of the 
femoral artery and vein with flow compensation on (left) and off (right). The 
read-out direction is Feet-Head and the 3D profile order in k-space is YZ. As 
the turbo factor is 35 and the number of phase encoding steps in the Left
Right phase encoding direction is 140, four echo trains are required to obtain 
all profiles in this direction . The arrows in the right image indicate the positions 
of the discrete ghosts. 
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A new acquisition strategy was used to avoid the severe ghosting artifacts due to even echo 
rephasing. In this strategy, a ZY profile order ink-space is selected, instead of the default YZ profile 
order. This means that during the echo tr·ain the phase encoding in the Z-direction is varied, which is 
the slice select direction. If the number of slices is matched to the turbo factor of35 , all profiles in the 
Z direction are acquired after a single echo train. From the lower example in figure 2.2, it follows that 
in this case the ghosts will appear 17 slices away from the original object. If the atieries and veins of 



12 Chapter 2 

interest are contained within the central 17 slices, this central scan volume will be free of any ghosts. 
In practice, this strategy was implemented on the MR scanner by selecting a 3D oversample factor of 
2 and matching the number of slices to half the turbo factor. Hence, the scan volume consisted of 17 
coronal slices of 6 mm. The read-out direction was Feet-Head. The scan percentage was 70% and 2 
signal averages were used. The total scan-time depended on the heart-rate and was about I 0 minutes. 

The TSE technique is also known to suffer from outflow related signal loss [51, I 09]. For 
instance, blood that leaves the imaging volume experiences only part of the echo train and will 
generate less signal. This outflow effect can clearly be seen in 2D spin-echo examinations, but not in 
the 3D implementation as described above in which the scan volume contains the full vascular 
anatomy. 

Clinical applications 

Flow Independent MRA, implemented as a T2 weighted 3D TSE sequence gated at diastole, as 
described above, is highly suited to visualize aneurysms of the abdominal and thoracic aorta [61]. 
Figure 2.5 gives an example of an abdominal aneurysm. Since the image contrast is heavily T2 

weighted, not only the blood, but also the other body fluids in the bladder or bowel yield high signal 
intensity. Venous blood in the vena cava clearly shows a lower signal intensity than arterial blood in 
the abdominal aorta, in agreement with its lower T2 value. In addition, the aorta is a relatively large 
anatomical structure which makes it unlikely that the aorta or iliac arteries are confused with the vena 
cava or iliac veins. The aneurysm in this particular patient incidentally contained no mural thrombus. 
Except for the origin of the right common iliac artery, the arterial lumen can be judged satisfactorily 
in this MIP reconstruction. Moreover, the open lumen and the size of the aneurysm as obtained by 
MR fully agree with the results from DSA. 

Almost 90% of aortic aneurysms are partly filled with mural thrombus, which can accurately be 
characterized by standard T1 and T2 weighted Spin Echo examinations [30]. Clinically, it is not the 
open arterial lumen but the maximum diameter of the aneurysm wall that indicates the probability of 
rupture. Generally, the decision for surgery is made if the maximum diameter is larger than 5 em. To 
obtain a measure of this diameter, i.e. the arterial lumen plus mural thrombus, a standard T1 weighted 
multiple slice TSE scan (TRITE= 500/ 12 ms, turbo factor 4, low-high profile order) is used, with an 
identical scan volume as the T2 weighted scan for ease of comparison. Figure 2.6 shows an example 
of an abdominal aneurysm with mural thrombus. The dimensions of the arterial lumen can be 
determined in the left image, whereas the full size of the aneurysm can be judged from the right 

Figure 2.5 Comparison between the T2 weighted 3D TSE technique (left) and 
conventional x-ray Digital Subtraction Angiography (right) in imaging an 
abdominal aortic aneurysm. The MR data is depicted by a standard maximum 
intensity projection. The 'zipper' artifact was generated by dummy gradient 
pulses used for eddy current compensation, which was switched off in later 
studies. 
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Figure 2.6 Images of the same central coronal slice through an abdominal 
aneurysm of a male patient. The left image is T2 weighted and shows a bright 
arterial lumen. The right image is T1 weighted and shows both blood and 
thrombus as low signal regions. The bright signal in the right image is 
primarily fat, yielding an excellent contrast with the full size of the aneurysm. 

Figure 2.7 T2 weighted image (left) and T1 weighted image (right) of the same 
coronal oblique slice through a thoracic aortic aneurysm of the same patient 
as in figure 2.6. The arrow points at the posterior aneurysm wall close to the 
spine which is likely responsible for this patient's back pain. 
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image. By comparison of these two images the amount of thrombus can be obtained. It is obvious that 
both scans are required to detect the presence of mural thrombus and to characterize the aneurysm 
correctly. 

Although the diastolic blood velocity in the thoracic aorta is usually higher than in the abdominal 
aorta due to the low resistance of cerebral and renal flow, the FIA pulse sequence is also suited to 
image thoracic aortic aneurysms. Figure 2. 7 gives an example of a thoracic aneurysm. The aortic arch 
is clearly visible in the left image, and again a measure of the maximum diameter of the aneurysm can 
be obtained from the right image. 

Discussion 

The clear, artifact free presentation of the arterial lumen and the mural thrombus makes the 
combination of the above two MR scans a diagnostically valuable contribution in the assessment of 
aortic aneurysmatic disease. However, in the T2 weighted 3D TSE implementation of Flow 
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Independent Angiography, the venous signal is still relatively high which can obscure the arteries and 
hamper image diagnosis. This pulse sequence is therefore not suited to image the peripheral arteries 
which are accompanied by many veins (e.g. figure 4.2). Peripheral arteries and veins are easily 
confused. Stronger venous signal suppression by increasing 1180 has been shown to solve this problem 
[20). However, for a 30 TSE sequence this would imply a decrease of the turbo factor and thereby a 
decrease of the number of slices. The slice thickness would then become relatively large and the scan 
would behave more like a 20 projection technique with all the unwanted partial volume effects 
involved [143). 

The echo trains with a duration of 400 ms are acquired every second heart-beat and gated at 
diastole. This gating is chosen primarily to avoid the high blood velocity in systole, which would 
produce stronger flow-related artifacts than in diastole and eventually result in signal loss. The 
cardiac triggering using the PPU was very robust and did not increase scan-time, as T2 weighting 
normally requires a long TR. Diastolic triggering has the further advantage of freezing aortic vessel 
motion caused by pulsations of the heart. Other studies have shown that in healthy normotensive 
middle-aged men the translational motion of the abdominal aorta has an approximately three times 
larger amplitude than the pulsatile wall motion due to pressure waves [69). The maximum composite 
abdominal aortic wall motion causes an average displacement of the endothelial edge of 3.4 ± 1.1 
mm. With diastolic gating this displacement reduces significantly, which is the reason for the 
abdominal aneurysm illustrated in figure 2.5 to show relatively sharp contours. 

The 30 TSE FIA technique has the advantage of a large coronal field of view with high in-plane 
resolution. Besides the Maximum Intensity Projection (MIP) perpendicular to the slices, the original 
slices with a slice thickness of 6 mm provide additional 30 information. Compared to a DSA 
procedure, in which an intra-arterial catheter is used for contrast administration, the MRA technique 
is completely non-invasive and adds no risk or discomfort to the patient. 

The T2 weighted 30 TSE scan, as introduced here, may be considered as a purely anatomical 
bright-blood angiographic technique as it relies strictly on the relatively long T2 of arterial blood . 
Although the scan is gated at diastole and a specific profile order is used, these options are merely 
added to suppress any flow-related artifacts. The image contrast is not inherently based on the flowing 
character of blood. In large aortic aneurysms, complex flow patterns are often observed with regions 
of slow or retrograde flow during the complete heart cycle. This implies that only flow independent 
scan methods will be able to depict the arterial lumen correctly. Angiographic methods based on the 
flowing character of blood (see chapter 4) will inherently fail to image these aneurysms. Similarly, 
the T1 weighted multiple slice TSE scan may be considered as a purely anatomical black-blood 
angiographic technique. It relies strictly on the relatively long T1 values of both the blood and the 
thrombus material compared to the surrounding fatty tissue, and not on the flowing character of 
blood. Obviously, flow artifacts in the form of signal loss present no problem in this latter technique. 

2.3 Contrast Enhanced Angiography 

In the last few years, the use of paramagnetic contrast agents for MR Angiography has increased 
enormously. In 1990 several investigators demonstrated the improvement of conventional flow based 
MRA techniques by small equilibrium concentrations of contrast agent administered over several 
minutes [33,86,87]. Thereafter, many authors have shared this conclusion [79,8 1,128). Basically, it is 
the decrease of the longitudinal relaxation time T1 of blood induced by the presence of paramagnetic 
ions that results in less saturation and an increase in signal intensity. Prince eta/. showed in 1993 that 
with a higher dose and dynamic imaging during the first arterial passage of the contrast agent, 
excellent results can be obtained with a short TR, short TE, gradient-echo sequence [110). Since then, 
scan-times have been steadily decreasing to within one breath-hold and concentrations of contrast 
agent have been increasing, which showed to improve MRA examinations in clinical practice 
[19,84,92). Interestingly, as the image contrast in Contrast Enhanced (CE) Angiography is strictly 
based on the presence of contrast agent in blood irrespective of flow, the technique obtains purely 
anatomical information. 



Magnetic Resonance Angiography: Anatomical Techniques 15 

Theoretical background 

In MR Imaging, contrast agents are routinely used to increase the image contrast for lesions of the 
brain, spine, breast, or urinary tract. The contrast agent contains a paramagnetic ion like gadolinium 
(Gd), iron (Fe), or manganese (Mn) chelated to a ligand to obtain specific relaxation, 
pharmacokinetic, and biodistribution properties [ l 09]. In current clinical practice, Gd-DTP A 
(DiethyleneTriaminePentaacetic Acid), which is administered intravenously and is quickly removed 
from the blood by renal filtration, is most widely accepted for MR applications and also for CE-MRA. 

Gadolinium (Gd3+) drastically decreases both the longitudinal relaxation time T1 and the 
transverse relaxation time T2 of nearby protons. CE-MRA is based on the fact that gadolinium 
shortens the T1 relaxation time of blood such that it is much shorter than that of the surrounding 
tissues. The relation between T 1.blood and the concentration of gadolinium [ Gdblood] is given by [It 0] 

I + Rl [Gdblood ] 

T;,blood T; ,blood [Gd"·""' ]=O 
(2.5) 

where R1 is the field-dependent T1 relaxivity of the gadolinium chelate (approximately 4.5 (m.M·s)'1 at 
1.5 T). A similar equation exists for T 2,blood (which is always shorter than T 1,blood)-

The gadolinium solution (e.g. Prohance Gadoteridol 0.5 M) in the syringe is injected into a 
forearm vein flushed by normal saline solution. After mixing in the right heart chamber and passing 
the pulmonary circulation, the concentration of gadolinium in the blood that leaves the left ventricle 
depends on the concentration of gadolinium in the syringe and on the ratio between the rate of 
injection and the cardiac output according to 

[Gd ] = [Gd . ]· injection rate 
blood synnge d. t t car 1ac ou pu 

(2.6) 

Substitution of equation 2.6 in 2.5 reveals that T 1.blood can be fully controlled by the injection rate. For 
an injection rate between 0.1 and 0.2 mlls, T 1.blood approximates the T 1 of fat, which is the human 
tissue with the shortest T 1. For injection rates increasing from 0.2 to I mils, T 1,blood decreases rapidly. 
For injection rates higher than I ml!s, there is diminishing return with respect to T1 shortening. But, 
since the imaging sequence is usually heavily T1 weighted, even small decreases in T1 can lead to 
tremendous increases in signal intensity. As a result, the signal intensity of blood continues to rise 
until injection rates of about 4-5 mils [84]. The amount of contrast agent administered in practice 
ranges from 15 to 40 ml for scan-times ranging from I 0 to I 00 s. The usual injection rate is between 
0.3 and 1.5 mils. 

Bolus timing considerations 

In CE-MRA, the image data for a certain vascular segment is obtained during the first arterial passage 
of the contrast agent bolus. With respect to bolus timing, two important conditions must be met. First, 
for adequate image contrast, the central part of k-space must be acquired during high or maximum 
arterial signal enhancement [84]. If image detail with high resolution is required , also the boundaries 
of k-space must be obtained during sufficient arterial enhancement [92]. Second, data acquisition 
must preferably be completed before the veins enhance. If not, this can cause confusion in 
discriminating the arteries from the veins in the final images or maximum intensity projections. 

The contrast arrival time, which is defined as the time in which the contrast travels from the 
injection site to the vascular territory of interest, is highly variable. It can range from 5 to 50 s, 
depending on the site of intravenous injection, the arteries of interest, as well as the patient's age and 
cardiovascular condition. In earlier studies, this contrast arrival time has been determined empirically 
or by a previously obtained timing scan. A recent development is the use of MR Fluoroscopy [ 146], 
which involves the monitoring of the arrival of contrast agent by a fast 2D thick-slice imaging 
sequence and the subsequent automatic or manual start of an appropriate 3D scan (e.g. BolusTrak, 
Philips Medical Systems). This technique has the advantage of allowing real-time decision making 
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about the optimal moment to start the acquisition m order to catch the arterial passage of the 
gadolinium bolus. 

Figure 2.8 shows the results of a gadolinium enhanced 20 dynamic scan of the carotid 
bifurcation. Scan parameters were: TRITE/flip angle (a.)= 10/6.9/60°, full echo and first order flow 
compensation, FOV 150 mm, matrix size 128x73, slice thickness 3 em, and Number of Signal 
Averages (NSA) 2 with foldover suppression. The background signal from muscle and fat, which 
forms a substantial part of the total signal in this 20 thick-slice technique, was suppressed by 
subtracting one of the early phases before contrast arrival from all later phases. In general, complex 
subtraction instead of magnitude subtraction is required to avoid the partial volume effects related to 
the phase difference between the flowing and the stationary magnetization in a voxel [50,54,76,142). 
For this particular scan, magnitude and complex subtraction yielded identical results, since in the 
magnetic field of l T of our scanner, the signals from water and fat were exactly in phase at the 
selected TE of 6.9 ms. If background subtraction was not applied, the vessel to background contrast 
would have been better when the signals from water and fat were out of phase [II 0]. The arteries 
show to be sufficiently enhanced from 18 to about 31 s after the start of gadolinium injection. The 
temporal enhancement patterns of the carotid artery and the jugular vein derived from this dynamic 
scan are quantitatively shown in figure 2.9. Venous enhancement shows a little overlap with the 
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Figure 2.8 Multiple successive phases from a 20 thick-slice dynamic scan of 
a healthy carotid bifurcation. Each phase was acquired in 1.46 s. In the lower 
left corner of each projection image the time delay after the start of the 10 s 
injection of 15 ml gadolinium is displayed. 
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Figure 2.9 Plot of the signal intensities of the carotid artery and the jugular 
vein after background subtraction versus the time after starting the gadolinium 
injection. 

J 



Magnetic Resonance Angiography: Anatomical Techniques 

Figure 2.10 The left two images show two subsequent arterial phases of a 
Gd-enhanced 30 dynamic scan of a patient's carotid bifurcation. The arrow 
points at an artifact which is only seen in the early phase and not in the 
subsequent later phase. The arrow-heads point at an atherosclerotic plaque, 
confirmed by conventional OSA on the right. The iodinated contrast material in 
the OSA exam was administered in the aortic arch. 

arterial time window and ranges from about 27 to 40 s after injection. 
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2D dynamic projection imaging, as shown in the above example, yields a high temporal 
resolution and arterial-only images of good quality [50,54, 142]. On the other hand, 3D imaging 
obtains smaller voxels resulting in Jess partial volume effects and flow induced phase dispersion and 
facilitates retrospective refonnatting and reprojection [92]. The drawback of 30 dynamic scanning, 
however, is the decreased temporal sampling rate per image volume. Maximizing the arterial signal in 
a single phase requires collecting k-space data when the arterial gadolinium concentration is high. If 
this degree of synchronization is not obtained, severe ghosting and ringing artifacts might occur 
[84,92]. Dynamic 3D acquisition strategies have been developed that increase the temporal resolution 
and thereby decrease these timing related artifacts [64,92,103] . Fortunately, it was demonstrated that 
the use of a sequential order in mapping k-space tolerates a certain degree of suboptimal timing [85]. 
All CE-MRA scans presented in this work were therefore acquired with a sequential (linear) phase 
encoding order. 

For the example shown in figure 2.9, an arterial-only phase would only be obtained if its 
acquisition starts at 18 s and ends at about 27 s after gadolinium injection. A later start of the 
acquisition would yield significant venous signal enhancement. Witman eta/. have shown that if the 
center of k-space is acquired during this time window and the boundaries of k-space are acquired 
during the subsequent decrease of arterial enhancement using an elliptical centric acquisition order, 
adequate venous suppression is obtained [146]. In chapter 3 an alternative approach is introduced to 
obtain an arterial-only phase in 3D dynamic carotid artery imaging. In this approach, venous signal is 
suppressed whenever necessary by a post-processing technique called eigenimage filtering, which is 
based on the difference in temporal enhancement patterns between arteries and veins. 

Another type of artifact in 3D dynamic Gd-enhanced imaging, which is also related to the contrast 
bolus passage but is hardly ever mentioned, is shown in figure 2.1 0. The scan-time of each phase was 
10 s. Scan parameters were: TRiTE/a = 8.4/3.8/60°, partial echo 62.5% and first order flow 
compensation, FOV 150 mm, acquisition matrix size 128x77, reconstruction matrix size 256xl54, 20 
overcontiguous slices of 1.5 mm, NSA 2 with foldover suppression, actual 3D scan percentage 89%. 
The arterial enhancement in these successive phases after 15 ml of gadolinium injected in I 0 s is 
comparable, although the later phase shows a sharper delineation of the arteries. Venous enhancement 
is slightly visible in this later phase. At first sight, the carotid arteries in the early phase appear to be 
clearly depicted without any ghosting or ringing artifacts due to suboptimal timing. However, the low 
signal structure in the early phase pointed at by the arrow is absent in the later phase. This structure, 
which may simulate dissection or stenosis, appears to be artifactual and is probably caused by late 
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filling of this region with gadolinium. The flow pattern in the carotid bulb might be such that a 
contrast free region may exist for several seconds. This example illustrates the need for careful 
interpretation of this kind of low signal regions. 

With respect to bolus timing, a large difference is found between the extracranial cerebral and the 
peripheral circulation. Due to the blood brain barrier, which prevents the uptake of gadolinium in 
healthy brain cells, the circulation time of gadolinium in the brain is very short and venous return is 
usually about I 0 seconds after arterial contrast arrival. For the lower extremities, the delay between 
arterial and venous enhancement appears to depend on the injection rate. For high injection rates, the 
delay is short but for low injection rates the delay may eventually become as long as 5 minutes [Ill]. 
This delay is too long to be explained entirely on the basis of an arterial-bolus phenomenon [II 0]. 
The increasing delay with a decreasing injection rate is therefore likely caused by a significant 
extraction of gadolinium as it passes through the muscular capillaries for the first time [84]. 

In our experience, after studying more than I 00 patients, the aorto-iliac-femoral vessel trajectory 
is excellently visualized with negligible venous enhancement by a 3D dynamic scan with an arterial 
phase duration of about I 00 s. A total amount of 30 ml gadolinium is evenly administered over 90 s 
and the acquisition of the arterial phase is initiated about 20-30 s after the start of the injection. 20 ml 
of normal saline solution is used to flush the forearm vein in which the contrast is injected. Figure 
2.11 shows an example of the results from a patient included in a study performed by the department 
of sports medicine at our hospital. The increasing incidence of iliac artery stenosis in competition 
cyclists has suggested that the position of the cyclist on the bicycle may be responsible for a folding 
of the artery with micro-traumatic lesions, or for a kinking of the femoral or iliac artery as a cause of 
claudication [2,121]. Consequently, in order to examine the anatomical course of these often long, 
large, and tortuous arteries, the unusual position of the legs as shown in figure 2.11 is essential. 
Patients were positioned on their right side with the thighs flexed on the trunk immobilized by the 
gantry of our scanner. Scan parameters were: TRITE/a= 9.5/4.1/40°, partial echo 62.5% and first 
order flow compensation, FOV 350 mm, matrix size 256, 30 slices of 5 mrn. Sagittal volumes were 
acquired before and during the arterial bolus passage of gadolinium and magnitude subtracted for 
background suppression (complex subtraction is less obligatory in 30). As illustrated in figure 2.11, 
the maximum intensity projection inadequately shows the complex course of the arteries involved, 
due to overprojection and the lack of depth information. In contrast, the surface rendered image 
provides a clear impression of the vessel geometry. Real-time rotation, which is possible with modem 
surface rendering algorithms, further improves the 3D appearance and thereby the clinical value of 
this technique [4]. Note that surface rendering requires vessel segmentation, which may reduce or 
impair the clinical information content of the data. The use of surface rendering is therefore 
recommended only in cases where the anatomical course of the arteries is of primary concern (60] . 

Figure 2.11 Comparison of a sagittal maximum intensity projection (left) and a 
surface rendered image (right) of the aorto-iliac-femoral vessel trajectory of a 
patient with the thighs flexed on the trunk. 
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Figure 2.12 CE-MR Angiograms of the upper legs (A) and the lower legs (B) 
of the same patient with an occlusion of the left posterior tibial artery as 
confirmed by conventional DSA (C and D). The arrows point at the enhancing 
superficial veins, whereas the arrow-heads point at the deep venous system. 
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A final example illustrating the need for accurate bolus timing, is given in figure 2.12. In this 
examination, a single contrast bolus of 30 ml gadolinium was injected in 90 s and the upper and lower 
legs were acquired in two successive scans of 47 s each , similar to the work of Ho eta!. [52,76]. The 
time delay required to move the patient table between the scans was about 5 s. The first scan of the 
upper legs started 23 s after the start of injection. Scan parameters were: TR/TE/a = 7.9/2.6/40°, 
partial echo 62.5% without flow compensation, FOV 450 mm, matrix size 512x333, 50 
overcontiguous slices of 1.5 mm, actual 3D scan percentage 64%. Background suppression was 
obtained by complex subtraction of earlier obtained mask image volumes. The arteries of the upper 
legs are adequately depicted without any venous enhancement. However, although the arteries of the 
lower legs are also depicted clearly, the superficial veins of the lower legs show a significant 
enhancement as well. The deeper veins show a weak but visible edge enhancement, which is the 
result of the late deep venous return of gadolinium during the acquisition of the boundary of k-space. 
Obviously, the venous return in the superficial veins is earlier than in the deep venous system. In this 
particular case, clinical examination of the arteries was not hampered by venous enhancement. 
However, using these relatively long delays and scan-times, disturbing venous signal, especially in 
the lower legs, may generally be present. 

Image appearance 

An example of the image appearance in CE-MRA compared to the golden standard of intra-arterial 
selective DSA is given in figure 2.13 . The same dynamic MR scan was used as earlier shown in 
figure 2.1 0. With respect to spatial resolution or image sharpness, MRA is clearly inferior to DSA. 
Due to blurry arterial edges, the diameters of the external and internal carotid arteries seem to be 
smaller in the MR Angiogram than in the DSA projection. The in-plane resolution of the MR scan 
was 0.66x0.66 mm, whereas the resolution of the DSA exam was approximately 5 times better. In 
addition, the DSA projection was obtained in less than a second, whereas the MR data was acquired 
over I 0 s which implies the averaging of several heart beats. During a single heart beat, the amplitude 
of the diameter variation of a healthy common carotid artery (± 8 mm in diameter) was measured to 
be about 0.75 mm. Without cardiac triggering, this arterial wall motion will limit the resolution that 
can be obtained. Note that arteries affected by atherosclerotic disease are usually less compliant than 
healthy arteries and will show less wall motion, which will be beneficial for image appearance. 
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Figure 2.13 Comparison between a CE-MR Angiogram (left) and a 
conventional selective DSA exam (right) of the same carotid bifurcation. This 
patient demonstrates a severe stenosis (near occlusion) in the proximal part 
of the internal carotid artery. 

Figure 2.14 Example of a patient with a near occlusion at the origin of the 
internal carotid artery. The CE-MR Angiogram (left) shows a long signal void, 
whereas a 'string sign' (arrow) is observed in the DSA projection (right). 
Notice that the contrast agent reaches the internal carotid artery in both 
exams, which excludes the possibility of a total occlusion. 

At the position of the severe stenosis in figure 2.13, the MR signal (not only in the MIP but also 
in the original slices) completely disappeared, despite the presence of a small arterial lumen 
confirmed by DSA. This signal void may have two reasons. The first is flow-induced intravoxel phase 
dispersion [109,134]. Basically, every MR scan technique shows a certain inherent dependence of the 
signal phase on the blood flow or acceleration in three different orthogonal directions. In a tight 
stenosis, such as shown here, a relatively large distribution of blood velocities over a small vessel area 
and a significant convective acceleration term are expected to be present. Consequently, the phase 
distribution in a single voxel may become large, resulting in a decrease of the signal magnitude. 
Oshinski et a/. showed that the most significant cause of signal loss in MRA of stenotic vessels is the 
turbulent fluctuation velocity [97]. Reducing the echo time TE was found to be most effective in 
reducing the phase shifts in regions of turbulence, high velocities, or convective acceleration. 
However, the MR scan as used here had aTE of 3.8 ms imposed by gradient strength limitations. This 
TE is relatively long, and for high stenotic velocities or accelerations a significant phase shift might 
occur. Using more powerful gradient hardware, resulting in shorter echo times and higher spatial 
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resolutions, contrast enhanced angiography will certainly become less affected by these flow related 
artifacts. 

The second reason for signal loss at tight stenoses is partial volume averaging [ I 09]. Figure 2.14 
gives another example of such an observation. The MR Angiogram shows a long signal void where 
the DSA projection shows a so called string sign demonstrating a near occlusion of the internal 
carotid artery. Clinically, the differentiation between near or total occlusion is important with respect 
to the decision for surgery. It is highly unlikely that the blood velocity in this very tight and relatively 
long stenosis is high. Therefore, instead of phase dispersion, partial volume effects are expected to be 
responsible for the observed signal loss. If only a small fraction of the voxel contains blood, while the 
rest contains stationary background tissue, the signal magnitude will not rise above image noise. 
Background subtraction decreases this partial volume effect, but simultaneously increases the image 
noise by a factor of ..J2. The only option to avoid these partial volume effects is to increase the spatial 
resolution which would inevitably mean an increase in scan-time and image noise. In practice, this 
option can therefore not be implemented and a compromise must be accepted. In general, a 
combination of intravoxel phase dispersion and partial volume averaging will cause the signal loss 
such as shown in figures 2.13 and 2.14. 

Conclusions 

Contrast Enhanced MR Angiography has evolved as a safe, fast, and cost-efficient diagnostic 
technique compared to conventional angiography. The major problem in CE-MRA is the accurate 
timing of the gadolinium bolus in order to maximize the arterial signal and to avoid timing related 
artifacts and venous enhancement. ln practice, the delay between arterial and venous contrast arrival 
in the carotid region is much shorter than in the peripheral region. Therefore, different dynamic 
imaging strategies have been developed such that the scan-time of the arterial phase is long enough 
for an adequate signal to noise ratio but short enough to show almost no venous return. Unfortunately, 
the overlap of the arterial and the venous enhancement time windows reduces scan efficiency. The 
image appearance in CE-MRA is somewhat different from that in DSA, primarily due to a lower 
resolution and a longer acquisition time. The consequences of these differences in clinical practice are 
not yet clear and are therefore still under investigation. 

Like Flow Independent Angiography, CE-MRA may be regarded as a purely anatomical scan 
technique. Image contrast is strictly based on the decrease of T1 by the presence of gadolinium in 
blood. If the acquisition is properly timed, the open arterial lumen is accurately obtained. However, as 
shown for severe stenoses, local high blood velocities and phase dispersion might decrease signal 
magnitude. Under such hemodynamical conditions, CE-MRA will not always provide correct 
anatomical or morphological information. 
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Chapter 3 

Venous Signal Suppression in 3D dynamic 
Gd-enhanced Carotid Artery Imaging 
using the Eigenimage Filter 
This chapter, in a slightly different form, has been accepted for publication as a full paper in 
'Magnetic Resonance in Medicine' 

3.1 Introduction 

The carotid bifurcation is the most common site (75-80%) of atherosclerotic disease that affects the 
vascular supply to the brain. Shedding of emboli or clots into the internal carotid artery can be the 
cause of transient ischemic events or stroke. In current clinical practice, Doppler UltraSound (DUS) is 
used as an accurate and cost-effective screening tool for monitoring atherosclerotic changes of the 
carotid bifurcation. However, the interpretation of near or total occlusion of the internal carotid artery 
has shown to be difficult by DUS examination [ 120]. Also, the visualization of tandem lesions or the 
differentiation between internal and external carotid artery can be problematic, especially when the 
arteries are tortUous. It has been demonstrated that DUS examination alone is inadequate to decide 
whether a carotid endarterectomy should be done [8]. Since carotid endarterectomy has shown to be 
highly beneficial to symptomatic patients with a high-grade stenosis (70-99%) of the internal carotid 
artery [94], most surgeons still require pre-operative evaluation of the exact degree of stenosis by a 
more anatomical imaging modality. Traditionally, x-ray angiography was used for the evaluation of 
the carotid arteries, but due to the high complication rate of this intra-arterial catheter procedure, it is 
increasingly replaced by Magnetic Resonance Angiography (MRA) [120]. 

Existing MRA methods, like Inflow and Phase Contrast, are principally physiological studies in 
which moving blood is displayed at high signal intensity [109]. Since pathologic vessels are often 
stenotic and irregular, blood may move slowly, rapidly, or in a complex flow pattern. MRA methods 
that are based on flow often show artifactual signal loss under these conditions and, thus, 
exaggeration of stenoses [5,55,97 ,99]. This problem can be greatly reduced by the use of a 
paramagnetic contrast agent like gadolinium (Gd-DTPA), which significantly lowers the T 1 relaxation 
time of blood [33,86]. Contrast Enhanced MRA (CE-MRA) is more like an anatomical study in which 
the patency of the vessel lumen rather than the flow of blood is depicted. However, the use of contrast 
agents in MRA is limited by the difficulty of distinguishing the arteries from the veins, which could 
enhance similarly. Dynamic imaging overcomes this limitation in the abdominal and peripheral 
circulation if a phase is acquired during the arterial passage of the contrast agent [110]. In the cerebral 
circulation, however, the difference between arterial and venous contrast arrival times is only a few 
seconds and can even be negligible in the case of severe unilateral stenosis. Therefore, imaging the 
extra-cranial cerebral arteries and suppressing the venous signal requires appropriate timing of the 
acquisition [ 146], dynamic scan reconstruction techniques that increase the effective temporal 
resolution (64, 103], or postprocessing techniques based on the temporal difference between arterial 
and venous enhancement [50,59,142]. 

In this study, a 3D dynamic contrast-enhanced imaging protocol with a temporal resolution of I 0 
seconds per phase was evaluated with respect to its ability of acquiring an arterial-only phase showing 
the carotid bifurcation after bolus injection of gadolinium. Whenever the jugular vein was visible in 
the maximal arterial phase, a linear filter called the eigenimage filter [ 14 7] was used to suppress this 
venous signal, based on a difference in arterial and venous enhancement patterns. 
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3.2 Theory 

In contrast-enhanced MRA, the signal intensities of arteries and veins vary in a characteristic way 
throughout the duration of a dynamic scan. The enhancement patterns depend on the amount and 
timing of the contrast injection, the temporal resolution of the dynamic scan, but also on the 
circulation and degree of pathology. The task of suppressing the venous signal without decreasing the 
arterial signal by using dynamic scan information corresponds to eigenimage filtering. In eigenimage 
filtering a desired feature is enhanced while an interfering feature is suppressed (e.g. using multiple 
MRl scan information) [147]. Since our data were acquired with a temporal resolution of 10 seconds 
per phase, the contrast enhancement showed a negligible spatial variation over the field of view, and a 
global eigenimage filter can be used instead of a local implementation [ 141]. 

For the mathematical formulation of this image processing technique an algebraic approach is 
chosen using vector notation. The characteristic enhancement patterns of arteries and veins can be 
expressed in the form of vectors whose dimensions are equal to the number of phases acquired. The 
components of these vectors are given by the signal intensities of the arterial or venous structure in 
the subsequent phases. The artery is considered to be the desired feature to be enhanced, and is 
represented by a desired vector d. Venous signal, which is to be suppressed, is represented by an 
undesired vector u1. The problem of enhancing the arteries while suppressing the veins can then be 
solved by finding a vector e, referred to as the eigenvector, which lies in a plane perpendicular to u1 

but in the direction of d, as schematically illustrated in figure 3. 1. The eigenvector is related to the 
desired and the undesired vector by [I 4 7] 

e=d-(d 0 1 )o 1 (3.1) 

where u1 is the normalized undesired vector u1. From figure 3.1 it is evident that this expression is 
valid, since the eigenvector e is shown to be equal to the desired vector d minus the projection of d 
onto the undesired vector u1• A single composite image, referred to as the eigenimage, can then be 
produced by calculating the inner-product of each voxel vector with this eigenvector. In the 
eigenimage, the arteries will be enhanced because each voxel that belongs to an artery gives a large 
value of the inner-product. The veins will be suppressed because each voxel that belongs to a vein 
gives a negligible value of the inner-product, as the product of two perpendicular vectors is zero. In 
terms of image-processing, the calculation of the inner-product of every voxel vector with the 
eigenvector is similar to the application of a linear filter on the dynamic data with weighting factors 
equal to the components of the eigenvector. 

In dynamic imaging it has become customary to subtract the first phase, which is acquired before 
contrast arrival, from the following phases in order to suppress constant background signal 

d 

e 

Figure 3.1 Graphical illustration of the relationship between the desired vector 
d, the undesired vector u1, and the eigenvector e for a hypothetical scan. The 
eigenvector lies in the plane perpendicular to U1, but in the direction of d. This 
example is shown in three dimensions, but the same considerations would 
apply if more than three dynamic phases were acquired. 
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[64,110,141]. With the eigenimage filter, as used in this study, background suppression can also be 
obtained by defining a second undesired feature to be suppressed. Similar to the veins, the 
background can be represented by a second undesired vector u2. By selecting one desired and two 
undesired vectors, the eigenimage filter can integrate the enhancement of arteries with the suppression 
of both venous and background signals. The expression for the eigenvector in the case of two 
undesired features is [147] 

(3 .2) 

Again, the eigenvector e equals the desired vector d minus specific parts of the undesired vectors u1 

and u2. It can easily be verified that this eigenvector is perpendicular to both undesired vectors. 
The Signal to Noise Ratio (SNR) of the arteries in the ith phase (e.g. the phase showing maximal 

arterial enhancement) can be expressed as 

SNR=~ 
I (J 

(3.3) 

where d; is the ith component of the desired arterial vector, and cr is the standard deviation of the 
image noise. Since all phases can be considered as identical but separate and uncorrelated scans, they 
have equal noise variance d- and a covariance of zero. The eigenimage is calculated by taking the 
inner-product with the eigenvector e. Hence, the Signal to Noise Ratio SNR1 of the desired arteries in 
the filtered image is given by 

d·e 
SNR1 = · -

crl~ 
(3.4) 

It is obvious that for an effective use of the eigenimage filter, the arterial and the venous enhancement 
patterns should be different. When the difference is large, the eigenvector becomes almost parallel to 
the desired arterial vector and the filter produces an arterial-only image with a high SNR. Equation 3.4 
implies that if the inner-product of the arterial vector and the normalized eigenvector is bigger than 
the largest component of the arterial vector, the eigenimage can even obtain a higher SNR than the 
phase with maximal arterial enhancement. However, when the difference is small, the eigenvector, 
which is perpendicular to the undesired venous vector, becomes almost perpendicular to the arterial 
vector. As a result, the inner-product of the arterial vector and the normalized eigenvector will be 
small and the eigenimage will obtain a relatively low SNR. Note that the eigenimage still depicts the 
arteries only. In conclusion, whenever venous signal suppression is required, which is usually the case 
if the difference between arterial and venous vectors is small, the eigenimage filter can be used at the 
cost of SNR. 

3.3 Materials and Methods 

In this study 63 carotid artery bifurcations from 46 consecutive patients were examined. Patients were 
selected based on the results of DUS examination. Eight patients were suspected of having a severe 
stenotic lesion and also underwent standard x-ray angiography. The lesions of the remaining 38 
patients were either expected to be less severe or were difficult to assess with DUS. 

Our 3D dynamic Gd-enhanced imaging protocol was implemented on a standard whole body 
scanner (Philips Gyroscan NT l .OT) using a quadrature neck coil for signal reception. The scan 
consisted of six phases each with a duration of 10 seconds. It was implemented as a spoiled Tr 
enhanced Gradient-Recalled Echo (GRE) sequence with the following scan parameters: TRffE/a. = 
8.4/3.8/60°, FOV 150 rom (RFOV 60%), foldover suppression with 2 SMART signal averages, 
acquisition matrix size 128, reconstruction matrix size 256, actual 3D scan percentage 88.9% with 
linear profile order, 20 overcontiguous slices of 1.5 men, partial echo 62.5% with first order flow 
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compensation. The phase duration of 10 seconds was imposed by requirements of spatial resolution 
and scan volume and by the maximum gradient strength of our scanner. The scan volume was 
prescribed using a multiple slice 2D inflow scan containing either the left or the right carotid artery, 
centered at the bifurcation, and para.llel to the arteries. This corresponds to an oblique sagittal 
orientation, which is also the preferred orientation for Maximum Intensity Projection (MIP) viewing. 
A bolus of 15 ml gadolinium contrast agent (Prohance Gadoteridol 0.5 M) was administered manually 
into a forearm vein at a rate of about 3 mils, followed by a saline flush of I 0 mi. The injection started 
14 seconds after the beginning of the scan, which was about halfway during the acquisition of the 
second phase. Patient motion in this region is often caused by swallowing. Patients were therefore 
instructed to avoid swallowing during the one minute exam. 

MIP images of all six phases were viewed with identical window settings, and a phase showing 
maximum arterial signal intensity was selected. Whenever venous signal was visible in this maximal 
arterial phase, the eigenimage with one desired feature (arteries) and two undesired features (veins 
and background) was calculated using equation 3.2. The desired arterial vector d and the first 
undesired venous vector u1 were defined as six dimensional vectors whose components were given by 
the average values of the signal intensities in small regions of interest, selected by the operator 
somewhere in the 3D dynamic image dataset, clearly containing either arterial or venous signal. As 
background tissues like muscle, fat, or inflow enhanced blood show constant signal intensities 
throughout the dynamic scan, the second undesired vector u2 was simply taken equal to the unity 
vector, avoiding the need to select a region of interest containing background tissue. This post
processing was done off-line on a separate work-station after transferring the images, and took about 
5 minutes per scan. The calculation of the eigenimage took only a few seconds. 

In order to evaluate our dynamic scan protocol with respect to its ability of acquiring an arterial
only image and the use of the eigenimage filter to suppress any venous signal, the results were 
classified into three distinct groups. This classification was purely based on the amount of venous 
signal visible in the maximal arterial phase. Note that the classification as used here was not based on 
the entire temporal enhancement patterns of the arteries, veins, or background. When venous 
enhancement was totally absent in the maximal arterial phase, the result belonged to group I. Group 2 
contained the results in which the jugular vein was visible in the maximal arterial phase, but at a 
significantly lower signal intensity level than the carotid artery. When both the arteries and the veins 
showed comparable signal intensities in the maximal arterial phase, the result fell into group 3. 
Eigenimage filtering was performed on all data in group 2 and 3 to enhance the arterial signal while 
suppressing the venous and background signal. The procedure was considered to be successful if the 
eigenimage showed the arteries only, with an image quality comparable to that of the maximal arterial 
phase. !mage quality was addressed in terms of delineation of the arteries and SNR. 

3.4 Results 

All 63 dynamic scans showed the arterial and the venous passage of the contrast bolus through the 
carotid artery and the jugular vein, respectively. In each case, a phase could be selected showing a 
maximum of the arterial signal intensity. In most cases, this maximal arterial phase corresponded to 
the 3rd or 4th phase in the dynamic scan. When two subsequent phases showed almost equal arterial 
enhancement, the first was considered as the maximal arterial phase, as this phase usually showed less 
venous enhancement. As our imaging volume was relatively thin (3 em), the vertebral arteries could 
not always be contained fully in this volume. When an artery or vein crossed the boundary of the 
imaging volume, inflow enhancement might occur. This constant but disturbing signal was seen to be 
hardly influenced by the passage of the contrast bolus and could therefore be considered as high 
background signal, being suppressed in the eigenimage. 

An example of a scan in group I is shown in figure 3.2. In this group, the delay between arterial 
and venous enhancement was long enough to obtain an arterial-only phase and the use of the 
eigenimage ftlter to suppress any venous signal was not required. Figure 3.3 shows an example of a 
scan in group 2 together with its eigenimage. Compared to group I, the delay between arterial and 
venous enhancement was shorter. For the scans in group 2, the suppression of venous signal was not 
strictly necessary to obtain a diagnostic quality MIP, but the eigenimage depicted the arteries more 
clearly without any venous or background signal and with a SNR comparable to that in the maximal 
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Figure 3.2 Example of a dynamic scan in group 1. Maximum intensity 
projections are shown of the second to the fourth phase. The third phase 
shows a maximum of the arterial signal intensity without any venous 
enhancement. A severe stenosis is visible at the origin of the internal carotid 
artery. Note that the vertebral artery is not fully contained in the imaging 
volume. 
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arterial phase. Figure 3.4 shows an example of a scan in group 3. The difference between arterial and 
venous contrast arrival times, as measured with a temporal resolution of I 0 seconds, showed to be 
negligible in this group. For most scans in group 3, the suppression of venous signal was required for 
a diagnostic quality MIP without overprojection of the jugular vein. Finally, figure 3.5 illustrates an 
unsuccessful use of the eigenimage filter on a scan in group 3. The image quality of the eigenimage 
was much lower than that of the maximal arterial phase and clinically inadequate. In this example, a 
difference between arterial and venous enhancement was only present in phase 5, which was too 
small for the eigenimage to obtain a sufficient SNR (see equation 3.4). 

The classification of all our results into the three groups as illustrated above and the success rate 
of the eigenimage filter in groups 2 and 3 are summarized in table 3.1. In 43% of all 63 cases (group 
I), the maximal arterial phase showed negligible venous enhancement and no further image 
processing was required. The veins showed weak enhancement in 19% (group 2) and strong 
enhancement in the remaining 38% of all cases (group 3). Eigenimage filtering on the scans in group 
2 and 3 was successful in I 00% and 67% of cases in each group, respectively. This means that the 
number of arterial-only images increased from 43% without to 87% with the use of the eigenimage 
filter. 

Group Number of scans Successful eigenimage 
1 a 27 (43%of63) Not required 
2b 12 (19% of63) 12 (100%ofl2) 
3c 24 (38% of63) 16 (67%of24) 

a No venous enhancement visible in the maximal arterial phase 

b Weak venous enhancement 

c Strong venous enhancement 

Table 3.1 Summary of all results 
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Figure 3.3 Example of a dynamic scan in group 2 together with its 
eigenimage. The fourth phase is the maximal arterial phase. The jugular vein 
starts enhancing in this phase but not to the same signal level as the carotid 
artery. The eigenimage shows the carotid artery only and effectively 
suppressed the veins, background tissue, and constant inflow enhancement. 
This example demonstrates an occlusion of the internal carotid artery. 

Eigenimage 

Figure 3.4 Example of a dynamic scan in group 3 together with its 
eigenimage. The fourth phase, which is the maximal arterial phase, shows a 
strong overprojection of the jugular vein. The eigenimage filter was able to 
produce an arterial-only image primarily based on subtraction of dynamic 
phase 5, in which only the jugular vein was enhanced, from phase 4. The 
proximal part of the internal carotid artery shows severe stenoses and a signal 
void where the lumen was probably greatly narrowed. 

3.5 Discussion 

At first sight, the procedure of dividing all results up into three groups showing no, weak, or strong 
venous enhancement seems to be very subjective. However, if one tries to make the procedure more 
objective by classification according to the ratio between venous and arterial signal intensities in the 
maximal arterial phase, the group boundaries would still have to be chosen rather arbitrarily. 
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Figure 3.5 Example of a dynamic scan in group 3 demonstrating an 
unsuccessful use of the eigenimage filter. The eigenimage shows a 
significantly lower SNR than phase 4, and a poor delineation of the carotid 
bifurcation. Single slice viewing of phase 4 demonstrated a severely stenosed 
proximal part of the internal carotid artery. 
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Nevertheless, this ratio might be an important variable to correlate with the success rate or SNR 
improvement of the eigenimage filter. Our classification was chosen specifically to evaluate the 
dynamic imaging protocol with respect to its ability of acquiring an arterial-only image and the 
performance of the eigenimage filter to suppress any venous signal, if necessary. In practice we found 
that only a few cases were hard to classify under visual inspection. 

As the cerebral recirculation time and the presence of pathology are both known to influence the 
arrival times of contrast in the arteries and veins, the variation in arterial and venous enhancement 
patterns as found in this study was to be expected. An extra source of variation was introduced by the 
manual contrast administration by several different radiologists. Still, we found that by using a 
temporal resolution of 10 seconds per phase without bolus timing, the maximal arterial phase in each 
scan showed adequate diagnostic image quality. In some cases two subsequent phases showed 
comparable arterial enhancement. Therefore, this temporal resolution can be considered as sufficient 
to acquire the arterial passage of the contrast bolus through the carotid artery bifurcation. 

Clinical diagnosis of carotid bifurcation disease is preferably made on the phase showing 
maximal arterial signal. This is because artifacts caused by a nonconstant contrast enhancement 
during the acquisition are least prominent. Despite strong venous enhancement and overlap of the 
jugular vein in a MIP reconstruction (group 3), clinical diagnosis was considered possible in all cases 
by single slice viewing. This demonstrates that the 3D spatial resolution as chosen in this study 
(acquisition voxel 1.2 x 1.3 x 3.4 mm, reconstruction voxel half this size) was sufficient to 
discriminate between arteries and veins. It also implies that the eigenimage filter did not alter clinical 
outcome. In daily routine, however, it is desirable to be able to generate a MIP without any venous 
signal because of three reasons. First, a MIP provides a diagnostic overview of all arteries in the scan 
volume. Second, MJP viewing is very time efficient in monitoring a 30 dataset compared to single 
slice viewing, although the latter is still recommended to avoid possible misinterpretations. Third, it 
simplifies the discrimination of the internal and external carotid arteries. Therefore, the eigenimage 
filter must be considered as a post-processing tool that can significantly facilitate diagnostic 
interpretation. 

The injection of the contrast bolus was started about halfway during the second phase in order to 
be certain that the first phase was acquired with no enhancement. Due to variation in contrast arrival 
time, the phase that showed a maximum in the arterial signal was almost equally distributed over the 
3rd and 4th phase. Therefore, the injection scheme as chosen in this study may not be considered as 
some form of bolus timing. This is confirmed by the results given in table 3.1. Only 43% of all scans 
(group I) showed a maximal arterial phase depicting the a11eries only without any venous signal, 
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demonstrating a proper timing. In approximately the same number of cases, 38% (group 3), the 
arterial and venous enhancement were equal, demonstrating a bad timing of the maximal arterial 
phase with respect to venous enhancement. In 19% of the remaining cases (group 2), the venous 
enhancement was weak, and the timing was suboptimal. 

Future MR scanners will certainly be equipped with more powerful gradient amplifiers or more 
sophisticated reconstruction techniques [50,64,103] that improve the temporal resolution of a 
dynamic scan. We expect that this would increase the percentage of scans in group I, as it becomes 
more likely for a shorter phase to be acquired within the time window between arterial and venous 
contrast arrival. However, if several phases could be acquired within this time window, it would be 
advantageous with respect to the SNR to increase the duration of the phase again. This implies that an 
optimum in the temporal resolution would exist, depending on the length of the time window. 
According to equation 3.4, the eigenimage filter can also be used to improve the SNR in these cases. 
In fact, it is easy to see that a similar SNR improvement can be obtained by using the eigenimage filter 
instead of increasing the phase duration. As a short phase duration is desirable to prevent artifacts, in 
practice we would recommend to use the highest temporal resolution obtainable with adequate spatial 
resolution combined with the eigenimage filter to improve the SNR. In this study we used a relatively 
long phase duration of I 0 seconds, which caused the SNR improvement in the eigenimage for scans in 
group I to be small and therefore irrelevant to present. 

The time window between arterial and venous contrast arrival is determined physiologically and 
can diminish in cases of severe stenosis or occlusion, when the contrast agent reaches the jugular vein 
via the contralateral carotid artery or the vertebra-basilar trajectory, in which the flow could be 
significantly higher than in the affected artery. Such cases will still fall in either group 2 or 3. Other 
approaches found in literature to capture the arterial phase using a timing bolus or fluoroscopic 
triggering [ 146] will then fail to suppress venous signal, and some form of post-processing will be 
required [59,142]. Physiologically, the only information available to discriminate between arteries 
and veins in cases of simultaneous contrast arrival is the difference between the arterial and venous 
temporal enhancement patterns acquired with a dynamic scan. This difference, as found in this study, 
can be present in the phases before or after the maximal arterial phase. In most of our experience the 
veins showed a longer duration of enhancement than the arteries, and the eigenimage filter could be 
considered as a weighted subtraction of a later phase from the maximal arterial phase. 

3.6 Conclusions 

Our 3D dynamic Gd-enhanced scan protocol with a temporal resolution of 10 seconds per phase 
could image the carotid bifurcation with adequate image quality. Clinical diagnosis on the maximal 
arterial phase, despite strong venous enhancement in some cases, was always possible by single slice 
viewing. However, for MIP reconstructions without overprojection of the jugular vein, venous signal 
suppression was desired in 19% and required in 38% of all cases. Based on the results of 63 scans, the 
eigenimage filter with one desired feature (arteries) and two undesired features (veins and 
background) was a successful tool to suppress both the venous and the background signal and 
increased the number of arterial-only images from 43% without to 87% with its use. 



Chapter 4 

Magnetic Resonance Angiography 
Hemodynamical Techniques 

4.1 Introduction 

Hemodynamics is the field in which the motion of blood through the vascular system is studied. In 
clinical practice, vascular disease is more often associated with the insufficient supply of blood to the · 
oxygen and energy consuming organs than to the drainage of blood. Therefore, arterial 
hemodynamics is usually more relevant to assess but also more complex than venous hemodynamics. 

As already mentioned in chapter 2, most early MRA techniques base their image contrast on the 
difference between stationary tissue and flowing blood. These techniques, like Inflow (Time of 
Flight) or Phase Contrast, are often simply described as anatomical studies which obtain information 
about the morphology of the arterial vessel tree (65, I 09]. However, these methods are fully based on 
the flowing character of blood, and therefore they should preferably be regarded as hemodynamical 
studies, in which only moving blood is depicted. Problems with the imaging of slow or complex 
blood flow patterns, especially at pathological sites, can be expected and have frequently been 
reported. Because of slow blood flow at the vessel wall, these hemodynamical MRA techniques will 
never be able to delineate the inner surface of the wall as clearly as anatomical MRA techniques or 
conventional x-ray angiography. Nevertheless, the results of these scan methods are depicted as 
anatomical MR Angiograms and, unfortunately, they are often interpreted as purely anatomical 
information. 

In this chapter, several hemodynamical MRA techniques are discussed, with the emphasis on the 
link between anatomical and hemodynamical information. First, systole-diastole angiography, which 
is probably the earliest MRA method, will be reintroduced as a 3D Trweighted TSE pulse sequence, 
similar to the protocol used for Flow Independent Angiography in chapter 2. Next, several examples 
of Inflow angiography will be given to show the artifacts inherent to the contrast mechanism of this 
technique. Finally, Phase Contrast Angiography, which provides quantitative blood flow information, 
will be described. The remainder of this chapter and also chapter 5 will deal with the accuracy of the 
Phase Contrast technique in general and of 2D Quantitative Flow measurements in particular. 
Accurate Phase Contrast flow measurements are essential, as they form the basis of the integration of 
anatomical and hemodynamical information, which will be discussed in chapters 6 to 9. Dephase
rephase techniques and black blood angiography (based on flow instead of T1), which may also be 
regarded as hemodynamical MRA techniques [109], are not discussed in this work. 

4.2 Systole-diastole Angiography 

Historically, the first projective MRA method was introduced by Wedeen et a!. [ 143]. In their 
method, two identical 2D thick-slice images were acquired for a certain vascular region and then 
subtracted. One was gated to cardiac systole and the other to diastole. A conventional spin-echo pulse 
sequence was used with the read-out gradient waveform generating a velocity-dependent phase shift 
of approximately 2n m·'s. This choice of phase shift resulted in a relative preservation of arterial 
blood signal at diastolic flow velocities and a relative cancellation of signal at systolic velocities. 
After magnitude subtraction (diastole minus systole), the image contrast is based on the pulsatility of 
blood fl ow in the read-out direction, and the arteries are depicted isolated from their surrounding 
tissue. Notice that, due to the 2D thick-slice acquisition, large partial volume effects may be present. 
Inherent to the mechanisms of this image contrast, the MR angiogram reflected both anatomical and 
hemodynamical information. According to the classification of Dumoulin eta!. , this technique may 
be regarded as an incoherent phase-sensitive technique [I 09]. 
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Similar to the above idea of systole-diastole imaging, a 30 TSE implementation of this technique 
is employed for imaging the peripheral arteries in which the blood flow pulsatility is normally high. 
For this purpose, the same pulse sequence as introduced in chapter 2 for Flow Independent 
Angiography (FIA) is used. The imaging protocol consists of two 30 Trweighted TSE scans with 
spectral fat suppression (effective TE 200 ms, TR 2 heartbeats, 17 slices of 4 mm, turbo factor 35, 
FOV 350 mm, matrix size 256, read-out direction Feet-Head, linear ZY profile order, and scan-time 
II min at 60 beats/min). The scans are triggered on either end-systole or end-diastole by a peripheral 
pulse unit (PPU). Figure 4.1 shows the timing of these two acquisitions relative to the arterial blood 
velocity waveform of a healthy volunteer as obtained by a 20 Quantitative Flow scan (see section 
4.5). Under these scan conditions, the blood velocity during retrograde flow approximates the velocity 
which causes a phase shift of n radians for all odd echoes in the TSE echo train (24 cm/s, see section 
2.2). Notice that this implies a phase modulation in k-space which differs from the magnitude 
modulation, of which the effects were schematically drawn in figure 2.2. The end-systolic acquisition 
will show an almost complete loss of arterial signal, whereas the end-diastolic acquisition will yield 
maximum arterial signal. As a result, the subtraction images will show the arteries only while 
suppressing stationary background tissues. Venous signal will also be suppressed, since the venous 
blood velocity is fairly constant over time and both acquisitions show comparable venous signal 
intensity. 

Figure 4.2 shows an example of the 30 TSE systole-diastole imaging technique. The end-systolic 
acquisition shows the veins and synovial fluid at the knees, while the arterial signal is completely 
absent. In contrast, besides the veins and synovial fluid, the end-diastolic acquisition depicts the 
arteries as well. The arteries show a higher signal intensity than the veins because of the longer 
transverse relaxation time T2 of arterial blood compared to venous blood (see section 2.2) and a lower 
arterial blood velocity during diastole. After subtraction (diastole minus systole), an arterial-only 
volume dataset is obtained with excellent suppression of background tissue. The advantage of this 
technique is clearly its high signal to noise ratio and spatial resolution in the coronal imaging plane. 
The arteries in this healthy volunteer are well delineated and even small side branches can be seen. 

The major disadvantage of 30 TSE systole-diastole imaging, which renders this technique of little 
value in clinical practice, is that it requires a high pulsatility of the arterial blood flow in the read-out 
direction. First, the end-diastolic acquisition requires near zero blood velocity to obtain sufficient 
arterial signal. Second, the end-systolic acquisition requires the blood velocity to approximate a scan
parameter defined preset value for adequate signal loss. These two conditions are easily met in the 
healthy peripheral circulation, where the arterial blood flow is highly pulsatile. However, even in a 
pathological circulation with minor stenoses, the arterial blood flow may be significantly less 
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Figure 4.1 Plot of the average blood velocity in the femoral artery of a healthy 
volunteer versus the time after the PPU trigger. The end-systolic acquisition is 
performed during the presence of retrograde flow. The end-diastolic 
acquisition is performed in the near absence of flow. Note that the PPU trigger 
arrives about 280 ms later than the ECG R-wave, which is about halfway 
during the peak systolic blood velocities in the femoral artery. 



Magnetic Resonance Angiography: Hemodynamica!Techniques 

Figure 4.2 Maximum intensity projections of the end-systolic acquisition (left}, 
end-diastolic acquisition (middle), and magnitude subtracted volume data 
(right) of the peripheral arteries of a healthy volunteer. 

Figure 4.3 End-systolic acquisition (left), end-diastolic acquisition (middle), 
and magnitude subtracted projection (right) of a patient with a minor reduction 
in vessel lumen of the left external iliac artery (arrow). Notice the poor 
background subtraction of the bowel contents. 
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pulsatile, which will decrease image contrast [68]. Figure 4.3 shows an example of a patient with a 
minor stenosis over the whole length of the left external iliac artery. The subtraction image shows the 
aorto-iliac-femoral vessel trajectory with fair image quality, except for the diseased vessel segment. 
In the end-diastolic acquisition, it can be seen that the arterial signal is reduced due to significant 
arterial blood flow. Especially the core of the arteries, where the blood velocity is highest, shows a 
significant signal loss. Probably, by reducing the flow sensitivity of the 3D TSE scan by altering the 
scan-parameters according to equation 2.4, the end-diastolic acquisition for this particular patient will 
improve. However, this example clearly demonstrates the sensitivity of image contrast on arterial 
hemodynamics. 

In conclusion, 3D TSE systole-diastole imaging is a technique that obtains excellent high 
resolution images of the peripheral arteries under strict hemodynamical conditions of high (healthy) 
arterial blood flow pulsatility. As a consequence, it must be regarded as a hemodynamical scan 
technique. Unfortunately, the altered hemodynamical conditions under most pathological 
circumstances restrict the clinical use of the technique. 

4.3 Inflow Angiography 

Inflow techniques, historically also called Time Of Flight (TOF) techniques, consist of methods that 
use the motion of blood relative to surrounding tissue for the generation of image contrast [65, I 09]. 
The most common approach is to exploit the differences in signal saturation that exist between 
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flowing blood and stationary tissue. The difference in saturation is not based on magnetic relaxation 
properties, but purely on the difference in velocity. Inherently, this technique obtains hemodynamical 
information, i.e. the flow of blood, but presents this information in the form of a bright blood 
angiogram. 

Inflow MRA is usually implemented as a gradient-echo pulse sequence. A volume of interest can 
be acquired using a 20 multiple slice, 30 volume, or 30 multiple volume technique. For adequate 
image contrast, two important conditions must be met. First, the stationary tissue in the imaging slice 
or volume must be highly saturated by repetitive RF excitation pulses with a relatively short repetition 
time and a large flip angle. Second, fully magnetized blood that flows into the imaging volume must 
not get saturated during the time it remains in this volume. This latter condition limits the dimensions 
of the imaging volume, depending on the blood velocity. For low velocities, 20 inflow using thin 
slices perpendicular to the vessels of interest is most suited. For high velocities, 30 inflow becomes 
feasible, whereas for intermediate velocities, the 30 multiple volume technique is more appropriate 
[65]. 

The contrast mechanism of the inflow technique gives rise to several complications. Blood that 
remains in the imaging volume for too long, experiences multiple excitations and gets saturated, 
similar to stationary tissue. The resulting decrease in signal intensity can be caused by low blood 
velocities or by a long course of the vessel within the imaging volume. Figure 4.4 shows an example 
of the 20 inflow technique applied to the peripheral arteries. As peripheral blood flow is pulsatile (see 
figure 4.1 ), the acquisition was necessarily gated at cardiac systole using the ECG signal. Scan 
parameters were: TRITE/a= 17.2/7.1/40°, full echo and first order flow compensation, FOV 350 mm, 
matrix size 256x 180, 60 contiguous slices of 5 mm, scan percentage 70%. At a heart rate of 60 
beats/min, a gate delay of 200 ms, and a gate width of 250 ms, the scan-time was 9:1 7 min. Venous 
signal was suppressed using a moving saturation slab positioned distal to the imaging slice. At most 
places where the vessels perpendicularly cross the transverse slices, the image contrast is sufficient 
for image analysis. However, a part of the right common iliac artery runs in the transverse imaging 
slice and the blood becomes saturated. The resulting signal loss is artifactual as demonstrated by the 
comparison with the gadolinium enhanced MR angiogram, in which the complete anatomical arterial 
lumen is depicted. 

Figure 4.5 shows another example of the 20 inflow technique as applied to the carotid artery 
bifurcation. Cerebral blood flow is significantly less pulsatile than peripheral flow, which reduces the 
need for cardiac gating. Scan parameters were: TRITE/a= 19.9/6.8/60°, partial echo 62.5% and first 
order flow compensation, FOV 210 mm, matrix size 256xl80, scan percentage 70%, 80 slices of 3 
mm with I mm overlap, scan-time 6:45 min. A quadrature neck-coil was used for signal reception. 

Figure 4.4 Comparison between 20 inflow (left) and gadolinium enhanced 
angiography (right) of the same aorto-iliac-femoral vessel trajectory. In the 
inflow projection a signal void is visible in the right common iliac artery 
(arrow). 
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The inflow projection shows an artifactual signal loss at the origin of the internal carotid artery, 
mimicking a moderate stenosis as often caused by atherosclerotic plaques. However, this is a healthy 
carotid bifurcation, as confirmed by the gadolinium enhanced MR angiogram. It is well-known that in 
the carotid bulb, regions of slow or retrograde flow may be present, as schematically drawn in figure 
4.5 [25,43,98, 117]. Recirculating blood remains relatively long in the imaging volume and becomes 
saturated, which explains the observed reduction of signal intensity. 

A clinical example of a diseased carotid bifurcation is given in figure 4.6. The 2D inflow 
projection shows a large signal void at the position of the stenosis, overestimating its severity. This 
loss of signal is caused by intravoxel phase dispersion due to the presence of relatively high blood 
velocities and convective acceleration at the vascular constriction [109,134). Complex or turbulent 
flow patterns in or after the stenosis might further increase the intravoxel dephasing rate [97,124). 
Although the gadolinium enhanced acquisition shows significantly less signal loss, the signal also 
completely disappears at the smallest diameter of the stenosis (see also figures 2.13 and 2.14). The 

Figure 4.5 A 20 inflow (left) and a gadolinium enhanced angiogram (middle) 
of the same healthy carotid bifurcation. The inflow scan shows signal loss at 
the origin of the internal carotid artery (arrow). The cause of this artifact is the 
recirculation of blood, which is schematically shown in the right drawing. 
Notice that the vertebral artery, which is visible in the inflow image, is not fully 
contained in the gadolinium enhanced scan volume. 

Figure 4.6 20 inflow (left), gadolinium enhanced (middle), and conventional 
angiogram (right) of the same carotid bifurcation of a patient demonstrating a 
severe stenosis of the internal carotid artery (arrow). Note that the gadolinium 
enhanced image was obtained after eigenimage filtering (see figure 3.4). 
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major difference between these 20 inflow and 30 Gd-enhanced acquisitions with respect to signal 
loss, is the smaller voxel size of the latter, resulting in less intravoxel phase dispersion. Compared to 
the conventional angiogram, it is obvious that the 20 inflow technique as implemented here cannot be 
used to evaluate the exact degree of stenosis. 

Several earlier studies have concluded that inflow MRA may serve as a useful diagnostic tool for 
evaluating patients with vascular disease [5,99, 133, 152]. However, a comparable number of studies 
have concluded the opposite, stating that inflow techniques suffer too much from flow-related signal 
loss and cannot be considered as a replacement for conventional angiography [23,55,1 14, 153). The 
examples of 20 inflow MRA given above, demonstrate that flow-related artifacts may even occur in 
healthy arteries. In cases of vascular disease, these artifacts are likely to increase, as shown in figure 
4.6. These two observations and the inconsistency found in l.iterature, definitely precludes the 
standard use of inflow angiography in clinical practice. A technique to evaluate atherosclerotic 
disease and to depict the anatomical arterial lumen should be less susceptible to flow-related artifacts 
than inflow MRA. However, if only qualitative hemodynamical information or a quick localization of 
the arteries is required, the inflow technique may give acceptable results. 

4.4 Phase Contrast Angiography 

In addition to methods that concentrate on factors that affect the modulus of the MR signal, 
angiographic methods have been developed that encode blood motion directly into the phase of the 
acquired signal. These are known as Phase Contrast (PC) methods (65,109). The advantage of these 
coherent phase-sensitive methods is that they obtain quantitative hemodynamical information. A 
strongly related group of methods, although not discussed in this work, is based on Fourier velocity 
encoding [38,144]. Here, the velocity is phase encoded as if it were an extra spatial dimension. The 
modulus image after Fourier transformation shows the velocity spectrum, i.e. the velocity components 
in a voxel, versus one- or two-dimensional position. A recently published paper by Luk Pat et a/. 
demonstrates the power of such a method for real-time hemodynamical measurements, which need no 
averaging over multiple successive heart-beats [82]. 

Phase Contrast Angiography (PCA) is generally implemented as a gradient-echo technique. A 
bipolar gradient is added to the basic imaging pulse sequence to produce a controllable velocity
induced phase shift (see equation 2.1 ). Flow sensitivity can be obtained in all three orthogonal 
directions by adding the bipolar gradient to the corresponding imaging gradient waveform [I 06]. 
Unwanted phase shifts, caused by magnetic field inhomogeneities or the intrinsic flow sensitivity of 
the basic imaging pulse sequence, are avoided by subtraction of two similar acquisitions with 
different flow sensitivities. From these two acquired signals, which are illustrated in figure 4.7, three 
different images can be reconstructed. The first is called the anatomical image, which is formed by 
the average modulus of the signal vectors 8 1 and S2. The second is the so called PCA/M image, which 
is formed by the magnitude of the complex difference between 81 and S2 (length of dashed line in 

Figure 4.7 Vector diagram showing two acquired signals from the same blood 
voxel in the case of negative flow sensitivity 51 and positive flow sensitivity 52. 
The phase difference /:,.¢ is proportional to the velocity. 
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figure 4. 7). The third is the PCNP image, which is formed by the phase difference t1¢ between 8 1 and 
82• The blood velocity that produces a phase difference of 1t radians is defined as the flow-encoding 
velocity venc· MR Angiograms are reconstructed from the PCA/M data, in which flowing blood shows 
a high signal intensity and stationary background tissue is excellently suppressed. Obviously, the 
signal intensity depends on the velocity of blood relative to the flow-encoding velocity venc· The latter 
is therefore chosen according to the expected velocities to be imaged. Quantitative flow information 
is derived from the PCNP data, in which the phase is proportional to the velocity [66]. 

Usually, PCA uses the minimum achievable TR and a small flip angle a(± 20°). For this reason, 
saturation effects will be less pronounced than with inflow angiography, and projections of vascular 
anatomy by using a 2D thick-slice acquisition, or anatomical cross-sections by using a 3D acquisition 
can be obtained. A major problem with the projection technique is the relatively large size of the 
acquisition voxels in the direction perpendicular to the imaging plane, which may cause signal loss 
due to partial volume effects and intravoxel phase dispersion. These image artifacts are greatly 
reduced in 3D imaging, which adds spatial resolution in the third direction [I 09]. However, since 
PCA techniques are inherently flow sensitive, complex flow patterns in or after stenoses may still 
cause significant errors due to reduction or loss of signal [123] . 

4.5 2D Quantitative Flow 

Although the 20 Quantitative Flow (QF) technique is merely the 2D thin-slice implementation of 
PCA with the flow sensitive direction perpendicular to the imaging plane, it is often regarded as an 
additional technique adjusted for the purpose of local hemodynamical measurements [15]. With 2D 
QF a cross-sectional velocity profile at a certain location is obtained by positioning the imaging plane 
perpendicular to the vessel of interest. Figure 4.8 shows an example of an in vivo 2D QF 
measurement. The scan was retrospectively ECG triggered to resolve the complete heart cycle into 
several heart phases with a temporal resolution of 26 ms. Scan parameters were: TRITE/a = 

15/9.1120°, FOV 256xl54 mm, matrix size 256xl54, slice thickness 7 mm, NSA 2 with foldover 
suppression, Venc 125 crn/s. The scan-time depended on the cardiac frequency and was about 5 
minutes. 

The anatomical images show a Trlike contrast for stationary tissue. In addition, flowing blood 
shows inflow enhancement, although to a smaller degree than with the inflow technique because of a 
smaller flip angle a. From these anatomical images the cross-sectional vessel area, which represents 
anatomical information, can be obtained. As the signal intensity of blood appears to be almost 
constant over position and time, the use of a single threshold value to determine the vessel area for all 
heart phases is justified. Earlier studies have suggested that the threshold value should be chosen 
halfway between vessel and background signal intensity [53,107,129]. In chapter 5, it will be shown 
that this choice is indeed systematically correct. Hence, for uncomplicated vessel geometries and flow 
patterns, 2D QF obtains anatomical information in the form of the local vessel area as a function of 
time. 

Time (ms) after 
ECG trigger 

anatomical 
images 

PCNP 
images 

Figure 4.8 Results from a 20 Quantitative Flow measurement on the thoracic 
aorta of a healthy volunteer. The anatomical images (middle row) and PCA/P 
images (bottom row) are depicted versus the time after the ECG trigger (top 
row) for the first part of the heart cycle. Notice the phase wraps (white spots) 
in the PCA/P image at 156 ms, due to velocities higher than Venc = 125 cm/s. 
These wraps can easily be corrected by an automatic unwrapping algorithm. 
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The PCAJP images show the cross-sectional velocity profiles, depicted using a linear gray color 
scheme. Black corresponds to a Feet-Head velocity of -venc· White corresponds to a Feet-Head 
velocity of +venc· Intermediate gray values correspond to stationary tissue or zero flow. By integration 
of the blood velocity over the vessel area, as determined from the anatomical image, the volume flow 
rate is obtained. Hence, 2D QF obtains anatomical and hemodynamical information in the form of the 
local vessel area and volume flow rate, respectively, versus time. 

Earlier in vitro validation studies 

The accuracy of phase velocity mapping methods in general and 2D QF measurements in particular 
has been demonstrated by many in vitro validation studies [40,47,88,109]. These studies were all 
conducted under highly controlled experimental scan conditions, using rotating disk phantoms or true 
liquid flows through tubes made of glass, perspex, graft material, or Agar gel. The overall conclusion 
is that no inherent error can be identified in the linear relation between the phase and the velocity of 
spins, which is also confirmed by our own experience. Errors that were identified, could fully be 
attributed to the choice of scan parameters and aspects of image analysis [24,148]. For example, 
systematic errors due to partial volume effects and intravoxel phase dispersion can be decreased by 
increasing the spatial resolution [ 129]. However, this will simultaneously increase the random error 
contribution due to image noise. Phase offsets due to eddy currents are often clearly recognizable and 
can be corrected by relatively simple algorithms, although these are not always implemented on 
standard MR systems. Other scan parameters that may affect the accuracy of in vitro 2D QF 
measurements are the flow-encoding velocity Venc. the slice thickness, and the echo time TE. 
Theoretically, under fully controlled scan conditions, the error in a 2D QF measurement can be made 
as small as required by adjusting the scan parameters at the cost of scan-time. 

In practice, the scan-time is limited and a compromise between spatial resolution, signal to noise 
ratio, and scan-time has to be made. Most in vitro studies have therefore concentrated on the errors 
that may arise with the parameter settings as used in clinical practice. Since the origin of these 
unavoidable errors is completely known, the actual in vitro measurements can be described rather 
well by computer simulations. In chapter 5, computer simulations will be used to demonstrate how to 
deal with the subvoxel vessel position in 2D QF measurements, which becomes an issue whenever the 
spatial resolution is limited. 

In vivo validation, comparison with Doppler Ultrasound 

Unlike the in vitro situation, in vivo the scan conditions cannot be fully controlled. For instance, it 
was found very hard to simulate in vivo scan conditions like respiratory motion and complex pulsatile 
flow patterns. Therefore, the ultimate test of the accuracy of 2D QF measurements is the in vivo 
application and validation using other modalities like Doppler Ultrasound. 

Since arteries are not straight cylinders, the direction of flow could be misaligned with respect to 
the direction of flow encoding. Fortunately, a cosine relation exists between the measured and the true 
flow, which generally results in small errors; a misalignment of as much as 20° would produce an 
error of only 6%. For volume flow rate measurements, the errors are even smaller, since the reduction 
in measured velocity is compensated by the increase in measured vessel cross-sectional area. 
Misalignment may also cause misregistration effects, but for short delays between the different spatial 
encodings, these will also result in relatively small errors [109]. 

Since the arterial blood flow is pulsatile, some form of cardiac synchronization is required. With 
prospective or retrospective triggering, the data required to reconstruct a single heart phase (see figure 
4.8) is obtained during multiple successive heart beats. This implies the averaging of about 300 heart 
beats during a 5 minute exam. Hence, a single 2D QF measurement shows the average waveforms of 
vessel area and volume flow rate during normal short-term physiological variation. The short-term 
physiological variation in heart-interval is known to be of the order of 2%, whereas the variation in 
pulse-pressure is of the order of 4% [ 14]. 

Medium-term physiological variation is defined as the normal changes that occur during the 
several minutes between successive measurements. An indication of the magnitude of this medium
term variation was obtained by repeating the 2D QF measurement as shown in figure 4.8 on the same 
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Figure 4.9 Plots of the cross-sectional vessel area and the volume flow rate 
versus time obtained from 5 consecutive 20 QF measurements in the aorta of 
a healthy volunteer. The open dots and error bars depict the mean values and 
standard deviations, respectively. 
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volunteer for 5 consecutive times. Figure 4.9 shows the results of this experiment. The maximum and 
minimum vessel area both show a relative standard deviation of almost 2%. However, the difference 
between maximum and minimum vessel area, which is almost linearly related to the pulse-pressure, is 
71 ± 6 mm2, which corresponds to a relative standard deviation of 8%. The maximum and minimum 
flow rates are 246 ± 8 and 7 ± 3 ml/s, corresponding to relative standard deviations of 3% and 43%, 
respectively. Apparently, the medium-term physiological variation is comparable to or higher than the 
short-term beat-to-beat variation. If the results from different modalities are compared and successive 
measurements are made on the same volunteer, this medium-term physiological variation should be 
regarded as the intrinsic standard error in the comparison. 

As an in vivo validation, 20 QF measurements were compared with standard Doppler Ultrasound 
(DUS) measurements with respect to the shape of the observed velocity waveform. Figure 4.10 
illustrates a typical result of such a comparative measurement. The velocity spectrum of the 20 QF 
measurement was obtained by defining a circular region of interest (ROI) in the PCNP image 
roughly corresponding to the DUS sample volume. In this ROI, the maximum and minimum blood 
velocities were determined. A uniform velocity distribution was assumed between these two 
velocities as illustrated by the constant signal intensity in the right part of figure 4.1 0. Temporal 
Fourier interpolation of the 20 QF data was employed to improve image appearance. 

The most important parameters that characterize the velocity waveform are the maximum systolic 
velocity, the slope of the systolic rise in velocity, and the Pulsatility Index (PI), which is defined as 
the maximum systolic velocity minus the minimum diastolic velocity divided by the average velocity 
(see figure 4.10). The maximum velocity waveform, which is the upper envelope of the DUS 
spectrum, was obtained by automatic detection of the highest velocities that showed a signal intensity 
above 3 standard deviations of the background noise. Similarly, the minimum velocity waveform was 
derived. The short-term beat-to-beat physiological variation was determined from the DUS 
measurement by calculating the mean values and standard deviations of the waveform parameters 
from 10 consecutive spectra. 



40 Chapter4 

Time 
Figure 4.10 Velocity spectra versus time measured by Doppler Ultrasound 
(DUS) and 20 Quantitative Flow (20 QF) in the common carotid artery of a 
healthy volunteer. In a qualitative sense, the spectra show similar velocity 
waveforms. 

The conunon carotid artery (CCA) was examined in three healthy volunteers approximately 2 em 
proximal to the carotid bifurcation. The internal (ICA) and external (ECA) carotid arteries were 
examined in two volunteers approximately 3 em distal to the bifurcation. Relevant 2D QF scan 
parameters were: Voxelsize 0.6x0.7x7 mm3, Venc 110 cm/s, scan-time 9-12 min. Prospective ECG 
triggering was used to obtain the highest possible temporal resolution (20 ms). DUS settings were: 
Transducer frequency 5 MHz, Pulse Repetition Frequency (PRF) 13 kHz, sample volume 2.5 nun. 
The common femoral artery (CFA) was examined in both legs of one volunteer approximately 2 em 
proximal to the bifurcation. The superficial femoral artery (SFA) was examined in two volunteers 
approximately 13 em distal to this bifurcation. Relevant 2D QF scan parameters were: Voxelsize 
!.Ox 1.2x7 mm3, v enc 110 cm/s, scan-time 9-12 min with prospective triggering. OUS settings were: 
Transducer frequency 8 MHz, PRF 20kHz, sample volume 1.5 mm. All measurements were preceded 
by a sufficient relaxation period (I 0-20 min) for the cardiac frequency and velocity waveforms to be 
constant and comparable. The results are summarized in table 4.1. 

In comparing the waveform parameters, the medium-term physiological variation, which is likely 
to be equal to or higher than the short-term variation as given by DUS, must be taken into account for 
both measurements. Careful examination of the values in table 4.1 reveals that most of the parameters 
determined with 2D QF agree with the DUS values within the anticipated medium-term variation. 
However, the values of the maximum velocity for volunteer A in the ECA and for volunteer B in both 
the CCA and the ECA were significantly higher with DUS than with 2D QF. For volunteer B in the 
ECA, also the slope up was significantly higher with DUS. It appears that whenever a significant 
difference exists, the maximum velocity and the slope up are systematically higher when determined 
with DUS than with 2D QF. This may partly be caused by the lower temporal resolution of the MR 
data compared to the DUS data, even with the use of prospective triggering (39,40] . The pulsatility 
indices for volunteer B in the ICA and for volunteer D in the right SFA were significantly higher 
when determined with 2D QF than with DUS. 

From the observed agreement between most of the waveform parameters, it is concluded that 2D 
QF and DUS measurements yield equivalent hemodynamical information. The information acquired 
with 2D QF is in a format different from that acquired with DUS (a 2D velocity profile instead of a 
sample volume velocity spectrum), but the derived maximum velocity waveforms correspond closely. 
The differences between the 2D QF and DUS waveform parameters that were found in some cases are 
likely due to experimental errors. For example, the site of measurement should have been the same 
for both measurements, but a difference in position of a few em along the vessel could easily have 
been present. Also a DUS examination is known to be more operator dependent than an MR 
examination, especially with respect to the angle between the blood velocity and the flow-sensitive 
direction. An improper angulation of the ultrasound probe may have been responsible for the 
discrepancies in maximum systolic velocity. 
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Maximum velocity (cm/s) Slope up (m/~) Pulsatility Index 

Artery Volunteer 20 QF OUS 20 QF OUS 20QF OUS 

CCA A 117 I 10 ±II 19 I6 ± 3 2.8 2.8 ± 0.6 

B 97. I25 ± 13 15 I6 ± 3 2.8 3.3±0.7 

c 131 139 ± I4 19 I7 ± 3 3.4 3.3 ± 0.7 

ICA A 78 7I ± 7 10 9±2 2.9 3.0 ± 0.7 

B 105 130 ± 13 14 I6±3 4.0. 2.7 ± 0.5 

ECA A 53. 76 ± 8 6 5 ±I 1.6 1.9±0.4 

B 63. 100 ± 10 6* 13 ± 3 2.2 2.9 ± 0.6 

CFA 0 (right) 77 95 ± 9 6 10 ± 2 11 7±2 

0 (left) 70 86 ± 9 7 10 ± 2 9 8±2 

SFA 0 (right) 95 85 ± 8 9 9±2 13* 7±2 

0 (left) 97 90±9 10 9±2 10 6±2 

E 100 I 10± II 8 II± 2 7 7±2 

Table 4.1 Comparison between 20 QF and DUS measurements in 5 healthy 
volunteers with respect to the most important parameters that characterize the 
velocity waveform. For a DUS measurement, the mean value plus the 
standard deviation is given, quantifying the short-term beat-to-beat variation. 
Values marked by an asterisk * differ more than one standard deviation. 

Apart from the above study, earlier studies have also confirmed the accuracy of in vivo 20 QF 
measurements. These studies differ in the techniques with which the MR results were compared. The 
velocity waveforms acquired with 20 QF and color-coded ultrasound were found to correlate well in 
healthy volunteers [29]. No significant differences were found between paired measurements of blood 
flow performed with 20 QF and implanted ultrasound probes in anesthetized dogs (53, I 08]. The one
dimensional velocity profiles, extracted from the 20 QF profiles, as well as the instantaneous flow 
rates were found to be in good agreement with the corresponding results of ultrasound examinations 
[15]. Finally, the vessel-peak velocities as measured by prospectively triggered 20 QF and OUS were 
shown to agree for the relatively simple flow in the healthy carotid artery (39]. 

Error analysis 

Next to the short-term beat-to-beat and medium-term physiological variation, a random error in the 
volume flow rate is present due to image noise. In this section, a general expression for the magnitude 
of this random error component will be derived. This error component wiH be compared with the 
physiological variation for the 20 QF measurement as given in figures 4.8 and 4.9. 

The signal to noise ratio SNR in the anatomical image is defined as the signal intensity of blood 
divided by the standard deviation (a) of the image noise. The signal intensity of blood is obtained by 
averaging the signal magnitude in a region of interest that contains most of the vessel lumen. The 
image noise is usually calculated from the standard deviation in a region of interest containing only 
stationary background tissue with approximately constant signal intensity. Since the anatomical image 
is formed by averaging the magnitudes of the signal vectors S1 and S2, as illustrated in figure 4.7, it 
follows that 

lSI SNR 
afsl)= fi (4.I) 

Note that the signal to noise ratio SNR is only defined for a large number of voxels. The real and 
imaginary noise components of the signal vector are both equal to the standard deviation of its 
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magnitude o(ISI). Hence, the standard deviation of the phase of the signal vector (in radians) is given 
by 

The standard deviation of the phase difference Ll¢ then becomes 

O"(Ll¢) = -J2 . 0"(¢) = _ 2_ 
SNR 

(4.2) 

(4.3) 

As described in the previous section, the blood velocity v in Phase Contrast Angiography is related to 
the phase difference Ll¢ by 

Ll¢ 
V = - Venc 

1( 
(4.4) 

where Venc is the user-defined phase encoding velocity. The standard deviation of the velocity as 
determined for a single voxel, due to random image noise, can now be expressed as 

O"(v)=O"(Ll¢)· venc =-2- · venc 
:r SNR :r 

(4.5) 

Obviously, the random error in the velocity decreases if the SNR increases or if venc decreases. 
The volume flow rate Q is determined by integration of the velocity v over the cross-sectional 

vessel area A. The random error in Q caused by image noise will therefore depend on the number of 
voxels N which are summed together. With an isotropic in-plane spatial resolution of L1x, the standard 
deviation of the volume flow rate o(Q) will be given by 

O"(Q)= O"(v )· (L1x f . .{j:j = _ 2_ . venc . L1x . .JA 
SNR :r 

(4.6) 

One might, of course, substitute a relation for the signal to noise ratio SNR and the spatial resolution 
L1x, which are certainly not independent. However, equation 4.6 is written in a very practical form, 
since all the parameters in the expression are readily available or measurable. 

The SNR of blood in the anatomical images as shown in figure 4.8 is about 12. With a venc 
of 125 crnls, a L1x of l mrn, and a mean vessel area of243 mm2, the standard errors in the velocity and 
the volume flow rate according to equations 4.5 and 4.6 are 7 cm/s and 1.0 mUs, respectively. This 1.0 
mUs should be compared with the medium-term physiological variation of 8 and 3 mUs in the 
maximum and minimum volume flow rates, respectively, which were shown in figure 4.9. It is clear 
that the random error component of the flow due to image noise is smaller than the standard deviation 
due to physiological variation, even for the lowest flow value. Thus, the above in vivo example 
supports the earlier conclusion, drawn from in vitro experiments, that the inaccuracy of a 2D QF 
measurement can be made as small as required. In vivo, it is sufficient for the random error 
component to be smaller than the normal physiological variation, since this latter variation will 
eventually determine the clinical accuracy of a 2D QF measurement. 
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Dealing with the Subvoxel Vessel Position 
relative to the Reconstruction Voxel Grid in 
2D MR Quantitative Flow Measurements 
This chapter, in a slightly different form, has been submitted for publication as a full article in 
'Magnetic Resonance Imaging ' 

5.1 Introduction 

Of all available hemodynamical MRA techniques, 2D Phase Contrast Quantitative Flow (QF) with 
flow encoding perpendicular to the slice is most frequently used to measure volumetric blood flow in 
clinical practice [I 09]. With this technique, usually two types of images are reconstructed: A 
magnitude image, in which the vessel area shows up bright compared to surrounding background 
tissues (due to inflow enhancement), and a phase difference image, in which the pixel value is 
proportional to the blood velocity. The cross-sectional vessel area is usually determined in the 
magnitude image and used as a summation mask in the phase image to obtain the volume flow rate. 

Several papers have addressed the accuracy and precision of 2D Quantitative Flow measurements 
by means of numerical simulation, in vitro, or in vivo studies. Tang et a!. showed that limited MR 
imaging resolution is the major obstacle to accurate flow measurements [ J 29]. The influence of 
partial volume effects, which occur at partially occupied voxels at the vessel boundary, was shown to 
depend strongly on the saturation ratio (SR), defined as the ratio betw(1en background and vessel 
signal magnitude. When all the edge voxels are included into the vessel area, not only the area itself 
but also the volume flow rate will be overestimated, since in general the SR is less than one and the 
phases of the edge voxels will overestimate their average velocities. The error in the volume flow rate 
is greatly reduced when the SR approaches one [129,148]. In vivo, however, this condition is 
generally not met because of inflow enhancement. Inflow enhancement could be reduced by 
presaturation slabs, or by using very small flip angles, but this would reduce the SNR inside the 
vessel. In later work of Tang eta/., it was shown that the signal magnitude of an edge voxel compared 
to the average vessel and background signal magnitudes could effectively be used for a first order 
correction of partial volume effects [ 130]. A different approach to correct for these effects is to define 
the vessel area in the magnitude image more accurately. Buonocore and Bogren already emphasized 
the importance of manually defining the correct vessel area [24] . When a threshold algorithm in the 
magnitude image is used to define the vessel area, the errors are minimal if the threshold value is 
chosen halfway between vessel and background signal magnitudes [53,107,129]. 

Another source of error is known as intravoxel phase dispersion, occurring at vessel voxels 
containing a range of different velocities. However, several studies indicated that its effect on the 
volume flow rate is negligible compared to that from partial volume effects occurring at the vessel 
boundary [ 40,129, 148]. 

According to Wolf eta!., the error contains a systematic and a random contribution, quantifying 
the accuracy and the precision of a QF measurement, respectively [ 148]. Systematic error is assumed 
to be caused by partial volume effects, intravoxel phase dispersion, and improper vessel area 
definition. Random error is assumed to be caused by image noise, only. They observed that spatial 
resolution, saturation ratio, velocity sensitivity, and the amount of image noise are the most important 
parameters in controlling these errors, but that their effects are not independent. 

Another parameter that was recognized to affect the error in Quantitative Flow measurements is 
the position of the vessel relative to the reconstruction voxel grid, in this chapter called the subvoxel 
vessel position. Parker et a/. noted, as many others, that the subvoxel vessel position is completely 
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arbitrary, but showed that the visibility of small blood vessels in MRI depends strongly on it [I 02). 
Simulation studies of Tang et al. further showed, using only three different subvoxel vessel positions, 
that the estimated volume flow rate is also influenced by this position [129]. 

This chapter presents a postprocessing method that can quantify the error induced by the arbitrary 
subvoxel vessel position in 2D MR Quantitative Flow measurements of vessel area and volume flow 
rate. Several simulation studies were performed to quantify the systematic and random errors in the 
presence of partial volume effects, intravoxel phase dispersion, and image noise for circular vessels 
under both laminar and plug flow conditions. To our knowledge, the determination of systematic and 
random error in the simultaneous presence of all the above mentioned error sources has not been 
emphasized in the literature so far, although this is required since the effects of the error sources are 
not mutually independent. Further simulations were performed to study the effect of Fourier 
interpolation to a higher reconstruction matrix, as this is a common procedure on current clinical 
scanners. Finally the use of our method is demonstrated on in vivo 2D MR QF data, showing the 
effect of a change in spatial resolution. 

5.2 Theory 

An inherent property of clinical MRI is its limited spatial resolution. Partial volume effects are 
present at voxels that partly contain stationary background tissue and flowing blood. These effects 
can be considered using a uniformly sensitive cubical voxel [129,148], but basic mathematics of 
discrete Fourier transform MRI indicates the use of a specific MR Voxel Sensitivity Function (VSF) 
[I 02]. For 2D MRI with full k-space coverage, this function is plotted in figure 5.1 and given by 

q(x, y) = _ I_ . sin(;zx) . sin(JZ)') 
Nx-Ny stn(,Z') sin( ;J') 

.~ ,, 
(5.1) 

where Nx and NY are the number of pixels in the x andy spatial directions, respectively. This VSF 
quantifies the relative contribution from the transverse magnetization at different locations (x,y) 
within the real object to a single image pixel centered at the origin. The x andy coordinates are given 
in units of voxel dimensions, showing that the discrete coordinates of all other image pixel centers 
correspond to the zero crossings of the function. The function has a narrow central lobe and is not 
constant over the area of its corresponding voxel, ranging from -0.5 to 0.5 on both axes. In order to 
quantify the error in Quantitative Flow measurements introduced by partial volume effects by means 
of computer simulation, this VSF must be taken into account. 

Another consequence of a limited imaging resolution is the intravoxel phase dispersion 
phenomenon, which occurs at voxels containing a range of different velocities. When the range of 
velocities is wide, this effect can cause a significant reduction of the signal magnitude, called phase 
cancellation. It can also cause a mismatch between the average phase and the average velocity of the 
voxel especially when the range of velocities is also anti-symmetric. Most authors discriminate 
between intravoxel phase dispersion and partial volume effects by defining intravoxel phase 
dispersion at all vessel voxels and partial volume effects at edge voxels only, although the edge 
voxels can suffer significantly from phase cancellation. 

The position of the vessel relative to the reconstruction voxel grid determines the final image 
representation [102,129). This is illustrated by figure 5.2, which schematically shows a circular vessel 
with a radius of 1.5 pixels. The so called subvoxel vessel position determines the relative contribution 
of partial volume effects and intravoxel phase dispersion to the total error in QF measurements. To 
quantify this error, we deterrnine the vessel area and the volume flow rate for every possible subvoxel 
vessel position and calculate their mean values with standard deviations. The difference between the 
mean value and the actual true value then quantifies the systematic error caused by partial volume 
effects and intravoxel phase dispersion, whereas the standard deviation quantifies the uncertainty in 
this error caused by the arbitrary subvoxel vessel position. Image noise will generally affect only the 
random and not the systematic error component, although this may depend on the postprocessing 
procedure used, as will be illustrated by our results. 
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Figure 5.1 The 2D MR Voxel Sensitivity Function q(x,y) plotted for a 6x6 
pixels central subregion according to equation 5.1 (Nx = Ny = 32). The mesh 
was drawn with eight lines per pixel dimension with the gray area 
corresponding to a single image pixel centered at the origin. 

Figure 5.2 Schematic drawing of a relatively small circular vessel shown in a 
square voxel grid centered at the open dot position. However, in standard 2D 
MR image reconstruction this center position is completely arbitrary and could 
be located at any other black dot position thereby producing different images. 
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To define the vessel area in the magnitude image, a segmentation procedure like region growing 
can be used [31]. In a standard region growing procedure, also called the connectivity method, a 
voxel in the vessel of interest is marked as a seed and each adjacent voxel having a signal magnitude 
above a certain threshold value is recursively marked until the entire vessel area is marked. The 
uncertainty in the level of the threshold value and the Contrast to Noise Ratio (CNR), which is defined 
as the difference between vessel and background signal intensity divided by the standard deviation of 
the image noise, are the most important causes of error using region growing. In 2D MR QF 
measurements the background of surrounding stationary tissue has nonzero signal magnitude so that 
in general, unless the image noise is extremely high, a Gaussian noise distribution may be assumed. 
To simplify the following expressions, the threshold value Tis defined as zero at the signal level of 
the background and expressed in units of the standard deviation of the noise N. The fraction P of the 
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voxels in a uniform but noisy background having a signal magnitude above Tis given by 

P(T) = J J(x)dx = 1 ~ - erf(;J (5.2) 

T 

wheref(x) denotes the Gaussian distribution. A threshold value chosen halfway between vessel signal 
magnitudeS and background signal magnitude B, as suggested by Pelc eta!. [I 07], implies that 

B+T·N= S+B 
2 

which is identical to 

T = ]_ . S - B = CNR 
2 N 2 

(5 .3) 

(5.4) 

Thus, it is the CNR that mainly determines how far a region growing procedure would grow into the 
background if noisy images were acquired. 

5.3 Methods 

In this study, 20 MR Quantitative Flow measurements were simulated on a computer. In order to 
approximate a real vessel with its surrounding background tissue, a 256x256 matrix was filled with 
complex numbers (modulus and phase) representing its transverse magnetization vector field. After 
inverse Fourier transformation of this magnetization matrix, which yields its ' raw' k-space data, a 
lower resolution 32x32 image was reconstructed by forward Fourier transformation of only the low 
spatial frequency content given by the central 32x32 part of k-space. This procedure automatically 
takes the 20 MR Voxel Sensitivity Function (see equation 5.1) into account. The 32x32 image is 
affected by partial volume effects and intravoxel phase dispersion and therefore represents a real MR 
image of a real vessel. The ratio between the resolution of the magnetization matrix and that of the 
image determines how accurate a real vessel can be approximated by this simulation. We used a ratio 
of 8, which may be considered highly accurate, since a ratio of 4 yielded no significant differences 
compared to this ratio of 8. A subvoxel vessel position shift of 1/8 image pixel in the 32x32 image 
could easily be obtained by an integer vessel shift of I position in the 256x256 magnetization matrix. 
In one of our experiments, the central 32x32 part of k-space was zero padded to 64x64 in order to 
reconstruct to a 64x64 Fourier interpolated image. 

To demonstrate the use of our method on clinical data, three in vivo 20 MR Quantitative Flow 
measurements were made on a healthy male volunteer mainly differing in spatial resolution. 
Acquisition was done on a Gyroscan NTIO scanner (1.0 T, Philips Medical Systems, Best) using the 
Quadrature Body-coil, a flow compensated 20 RF spoiled FFE sequence and full echo acquisition. A 
standard Quantitative Flow sequence was used with two interleaved acquisitions using symmetric 
velocity-encoding gradients and retrospective ECG triggering. The first scan (FOV 256x 154 mrn, 
matrix size 256x 154, slice thickness 7 mm, TRITE/a = 14.2/8.8/20°, Venc 125 cm/s, and scan-time 
about 5 min) had an in-plane resolution of I mm. The second scan (FOV 384x228 mm, matrix size 
128x76, slice thickness 7 mm, TRITE/a= 14.0/5.2/20°, venc 125 cm/s, and scan-time 2:30 min) had 
an in-plane resolution of 3 mm. Finally, the third scan (FOV 320xl90 mm, matrix size 64x38, slice 
thickness 7 mm, TRITE/a = 14.0/5.2/20°, v,,c 125 cm/s, and scan-time 1:15 min) had an in-plane 
resolution of 5 mm. The subvoxel vessel position for these in vivo measurements was varied by 
applying a linear phase shift to the k-space data, as a positional shift in the image mathematically 
corresponds to a phase shift in its Fourier transform. This k-space data was obtained by inverse 
Fourier transformation of the standard reconstructed magnitude and phase difference images. 

Although in vivo measurements often show a non-uniform inflow enhancement of flowing blood, 
the magnitude of the vessel magnetization in our simulations was defined as being constant over the 
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whole vessel area. To justify this assumption, an in vitro phantom experiment was performed with 
agar gel tubing and a blood mimicking fluid at a constant flow rate. Figure 5.3 shows the 
experimentally measured signal magnitude and phase. In this experiment, full refreshment of blood in 
the imaging slice or maximum inflow enhancement occurred at velocities higher than 23 cm/s (slice 
thickness/TR). However, due to the relatively low flip-angle of 20°, the vessel signal magnitude is 
constant over the entire vessel area, justifying our assumption. 

In all our computer simulations a saturation ratio of 0.25 was used, as this value most closely 
corresponds to the in vivo situation (53 ,148]. Both parabolic and rectangular velocity profiles were 
used with a maximum velocity of 0.75 times Venc to ensure a high signal to noise ratio in the phase 
image without phase wraps. Different values for the CNR in the magnitude image and the noise level 
in the phase image were obtained by adding Gaussian noise separately to the real and imaginary 
signal components [83]. 

After image reconstruction and noise addition, the vessel area was determined in the magnitude 
image and used as a mask in the phase image to calculate the volume flow rate. We found that a 
standard region growing procedure in 2D with a connectivity of 8 used on in vivo measurements in 
healthy volunteers often produced segmented vessel areas with irregular boundaries looking starlike 
with tiny one pixel rays growing into the background, especially when the CNR was low. As healthy 
arteries are almost circular having a smooth inner surface, these starlike areas could not be correct, 
and we therefore adapted this standard region growing procedure by adding an extra condition. 
Requiring each voxel above threshold level to have at least 2 neighbors which are also above 
threshold level, instead of I in a standard region growing procedure, proved to be an efficient way of 
preventing the procedure from growing into the background. A flowchart of our region growing 
procedure is given in figure 5.4. First, a binary output image, in which the vessel area pixels are to be 
stored, is cleared. Next, a region of 3x3 pixels at the vessel center is selected, which become seed 
pixels if their corresponding signal magnitudes are above threshold level. The algorithm uses a 
threshold value halfway between vessel and background signal magnitude and has a connectivity of 8 
defining the maximum number of neighbors. Holes in a noisy vessel are filled by also including the 
pixels which have 6 or more neighbors connected to the desired region, regardless of their signal 
magnitude. 

....,. 
::l 

~ 
Q) , 
~ 
c 
Cl 

"' E 
n; 
c 
.2' 
(/) 

800 

A B 

-25 

11 

Figure 5.3 Surface plots of part of the magnitude image (A) and phase image 
(B) from an in vitro flow experiment. Transverse coordinates are in mm. Agar 
gel tubing was used with an inner diameter of 6 mm, long enough to provide a 
near perfect parabolic velocity profile. A Philips Gyroscan ACS-NT system 
(1 .5 T) with conventional gradients {PT1000) was used, with the following 
scan parameters: 20 flow compensated FFE, FOV 154x154 mm, acquisition 
matrix 256x256, slice thickness 7 mm, TRITE/a= 30/15/20° (full echo), and a 
Venc of 100 cm/s. The quadrature knee-coil was used for signal reception. 
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Figure 5.4 Flowchart of our 20 region growing algorithm used to define the 
vessel area in the magnitude image. 

To illustrate the difference between a standard region growing procedure and our adapted form, 
figure 5.5 shows the relation between the number of pixels incorrectly connected in the background 
vs. the CNR for a minimum number of neighbors (nnmin) of I and 2, respectively. These data were 
obtained by repeatedly adding different Gaussian noise to a uniform nonzero background image and 
applying our region growing procedure on it (without the filling of holes). We used 64 repetitions to 
obtain mean values showing a smooth relation when plotted vs. the CNR. The drawn line in figure 5.5 
shows the number of pixels which are statistical.ly above threshold level in a 3x3 pixels seed region 
according to equation 5.2. For CNR values increasing from 2.5, the number of pixels decreases from 
I to practically zero. As expected for a total number of pixels less than I, the extra condition on the 
minimum number of neighbors has no effect and the results for both values of nnmin correspond to 
the statistically calculated results. When the CNR decreases from 2.5, the number of connected pixels 
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rapidly increases for nnmin is l, whereas for nnmin is 2 the number of connected pixels keeps in line 
with the statistical calculation and only starts increasing slightly for CNR values lower than l. In 
practice, a single value of the CNR is calculated using the signal intensities in the center of the vessel 
and in a representative region of the background, and is often much higher than 6. However, at the 
vessel wall the signal intensity decreases from vessel to background signal level resulting in a low 
CNR. Due to partial volume effects there can be several pixels balancing around threshold level, with 
effective CNR values close to 0. For those pixels the extra condition (nnmin 2) has the effect of 
smoothing the vessel area boundary, without single pixel rays growing into the background. 

5.4 Results 

Our first computer simulations were performed without image noise in order to demonstrate the 
existence of a random error only caused by the arbitrary subvoxel vessel position. Figure 5.6 shows 
the results for laminar and plug flow with a parabolic and a rectangular velocity profile, respectively. 
As expected, both systematic and random errors decrease at higher vessel radii. 

Under laminar flow conditions (6A and 6B) the vessel area is significantly underestimated at a 
vessel radius smaller than 1.5 pixels. Since the volume flow rate is obtained by integration of the 
same area in the phase image, this flow rate is also underestimated. The errors in the volume flow rate 
are smaller than the errors in the vessel area, as for laminar flow the velocity gradually approaches 
zero at the vessel wall, and hence partially occupied edge voxels contribute relatively little to the total 
volume flow rate. At vessel radii higher than 1.5 pixels, the systematic errors in both vessel area and 
volume fl ow rate become smaller than the random errors. These random errors in vessel area and 
volume flow rate become less than 5% for radii higher than 3 and 1.8 pixels, respectively. 

Under plug flow conditions (6C and 60) the results are clearly different. The systematic 
underestimation of the vessel area at small radii is not as significant as with laminar flow, but it 
persists at higher radii. For laminar flow, the edge voxels can contain a wide range of velocities only 
at small radii, whereas for plug flow the edge voxels contain strongly different velocities at every 
radius, causing their signal magnitude to decrease by phase cancellation. The volume flow rate shows 
similar behavior as the vessel area, since the velocity is constant over the whole vessel area and edge 
voxels equally contribute to the total volume flow rate. At a radius of 5 pixels the systematic error in 
both vessel area and volume flow rate is still of the order of 5%. 



50 

1.2 

"' 0.8 
Q) 

n; 
0.6 Q) 

·" rn 0.4 
Q; 
0:: 0.2 

0 

1.2 

"' Q) 0.8 n; 
Q) 0.6 
·" :!i 0.4 & 

0.2 

0 

Chapter 5 

A B 
1.2 

~· -
i#Y[_y_!"'"~ ·~ 

T~'-'-

__1l w 
I 

-'-~~ 

b 

0 0.8 
Q) 

0.6 ·" rn 
& 0.4 

0.2 

<> <> 0 

~ 
~rr 
111-

0 

0 2 3 4 5 6 0 2 3 4 5 

Radius (pixels) Radius (pixels) 

c D 
1.2 

II ~TT] ' Q: 0: 0: 0: 

I?WfA~~ 

~1-llb 

0 0.8 
Q) 

0.6 > ., 
"' Q; 0.4 

0:: 

liFt,_ ~ Q: lf !1: 0: 

',~~"-~ 

Jllj_ 

l 
0.2 

0 

0 2 3 4 5 6 0 2 3 4 5 

Radius (pixels) Radius (pixels) 

Figure 5.6 Graphs of the relative vessel area and volume flow rate Q vs. 
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Since at most commercial MR scanners, the image reconstruction matrix can be selected higher 
than the acquisition matrix, we also simulated the effect of this Fourier interpolation, also known as 
zero filled, sine, or trigonometric interpolation on the error in QF measurements. We expect from 
figure 5.6 that Fourier interpolation has a similar, but larger effect on the determination of the vessel 
area than on the volume flow rate, and chose to simulate this effect without flow and image noise. 
The results given here will therefore also apply to other applications, like MR Angiography, where 
anatomical definition of small vessels is required. Figure 5.7 shows the vessel area vs. radius 
determined in the original image (A) and in the image after 2x Fourier interpolation, corresponding to 
a double reconstruction matrix (B). It is clearly shown that the random error induced by the arbitrary 
subvoxel vessel position is strongly reduced by Fourier interpolation. The systematic error, however, 
is hardly affected. 

Because in vivo measurements always contain image noise, additional simulations were 
performed with different noise levels. Figure 5.8 shows the results under laminar flow conditions for 
a CNR of 6, which is comparable to a typical in vivo measurement, and for a CNR of 3, which is 
empirically a minimum value for a proper definition of the vessel area. Comparison with figures 
5.6(A) and (B) shows that image noise increases the standard deviations as expected, but also has an 
effect on the mean values. For small radii and low CNR, the underestimation of the vessel area is 
changed into an overestimation, which can be explained by the number of pixels which are 
statistically above threshold level in the 3x3 pixels seed region as shown in figure 5.5. This is 
therefore an effect caused by our particular choice of vessel area definition. The volume flow rate 
does not show this systematic overestimation, but only the highly increased standard deviation. 
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Finally, our method was applied on in vivo data. Figure 5.9 shows the results of three 2D MR QF 
measurements at different spatial resolutions. Since each scan was acquired only once, the image 
noise was constant while the subvoxel vessel position was varied. Therefore, the random error 
generated by image noise is not contained in the error bars, but contributes to a random spread in 
mean values. If the vessel area and the volume flow rate were obtained from a single image 
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Figure 5.9 Waveforms of vessel area (A) and volume flow rate (B) measured 
in the thoracic aorta of a healthy male volunteer acquired at spatial resolutions 
of 1, 3, and 5 mm corresponding to approximately 10, 3.5, and 2 pixels per 
vessel radius, respectively. The error bars depict the standard deviation 
caused by varying the subvoxel vessel position. For clarity, the error bars in 
(A) at a resolution of 5 mm are drawn one-sided. 

reconstruction, the spread in both values would be according to the error bars which is larger than the 
spread in the mean values, especially at the lowest resolution. Corresponding with the results of our 
simulation study, the vessel area shows a much higher dependence on spatial resolution than the 
volume flow rate. It is worth mentioning that even at the lowest resolution of about 2 pixels per vessel 
radius, a waveform can still be distinguished in the mean values of the vessel area, and that the flow 
waveform hardly deviates from the one acquired at the highest resolution of about l 0 pixels per vessel 
radius. At the highest resolution of l mrn, the effect of varying the subvoxel vessel position is almost 
negligible, showing that vessel area and volume flow rate are measured with high precision. When 
spatial resolution decreases, the vessel area and the volume flow rate both show an increase in 
standard deviation, which implies a decrease of precision. The vessel area at the lowest resolution of 5 
mm shows a significant systematic underestimation during systole of about 9% compared to the 
results acquired at the highest resolution of I mm. A similar underestimation during the first half of 
systole is seen at the intermediate resolution of 3 mm, although to a lesser degree. The volume flow 
rate also shows this underestimation during systole which increases at decreasing resolution. In 
diastole, no systematic relation between vessel area or volume flow rate and spatial resolution can be 
detected. 
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5.5 Discussion 

Our simulation studies under laminar flow conditions show that the systematic errors in both vessel 
area and volume flow rate become smaller than the random errors for radii higher than 1.5 pixels. 
This implies that the mean values of vessel area and volume flow rate, obtained with our method, are 
more precise than those determined at only a single subvoxel vessel position. In other words, these 
mean values lack the random error component and represent the minimum inaccuracy obtainable [58] . 
Therefore, by using our method, the precision of a QF measurement can be improved. 

Further simulation studies without flow and image noise show that Fourier interpolation, which 
can easily be accomplished on most commercial scanners by selecting a reconstruction matrix higher 
than the acquisition matrix, reduces the random error in the vessel area caused by the arbitrary 
subvoxel vessel position. With the systematic error hardly affected, this result proves quantitatively 
that Fourier interpolation can also improve the precision of a QF measurement. This is not surprising 
as we recall that changing the subvoxel vessel position is mathematically similar to Fourier 
interpolation at constant resolution. Hofman et a!. used Fourier interpolation on quantitative flow 
measurements in small vessels in vivo, but did not obtain data significantly different from those 
without interpolation [53]. This apparent contradiction with our findings can be explained by the fact 
that he averaged the flow values of several measurements both for measurements with interpolation 
and for measurements without interpolation. By averaging, he reduced the random error and thus 
compared mainly the systematic error which indeed is not reduced by Fourier interpolation, as also 
shown by our results. The advantage of our method compared to Fourier interpolation is that it not 
only eliminates but also quantifies the random error, which gives a measure of the precision of using a 
certain imaging resolution. 

The results of our in vivo measurements confirm again that the error induced by the arbitrary 
subvoxel vessel position diminishes at high resolution. The systematic underestimation of the vessel 
area at low resolution during systole can be explained considering the velocity profile in the thoracic 
aorta. It is known and measurable that the velocity profile in the thoracic aorta at peak systole is 
nearly flat, resembling plug flow rather than fully developed laminar flow. In our simulation study, 
the vessel area determined at a radius of2 pixels for laminar and plug flow was underestimated by 4% 
and 13%, respectively. The underestimation of the vessel area in vivo of 9% at the lowest resolution 
of 5 mm is in between these values, corresponding to a velocity profile somewhere between parabolic 
and rectangular. As the volume flow rate is determined by using the vessel area as a summation mask 
in the phase image, it could be expected that the volume flow rate would also show an 
underestimation during systole, confirmed by both our simulation studies and in vivo measurements. 
The similarity of the area and flow waveforms between different spatial resolutions during diastole is 
probably caused by the relatively low flow during this period which implies that phase cancellation at 
the edge voxels, responsible for the underestimation at systole, is almost absent. 

5.6 Conclusions 

In 20 MR Quantitative Flow measurements, the cross-sectional vessel area and the volume flow rate 
depend on the position of the vessel relative to the reconstruction voxel grid. This so called subvoxel 
vessel position determines the relative contribution of sources of systematic error like partial volume 
effects and intravoxel phase dispersion. By varying the subvoxel vessel position, as presented by the 
method in this chapter, the random uncertainty in the systematic error caused by this arbitrary position 
can be quantified. For a standard measurement with a single image reconstruction the unknown 
subvoxel vessel position may therefore be considered as another source of random error, besides 
image noise. 

When small vessels or low resolution images are acquired, our method of varying the subvoxel 
vessel position can be used to eliminate and quantify the random error component caused by this 
arbitrary position, thereby improving the precision of a QF measurement. 

Fourier interpolation to a higher reconstruction matrix improves the precision of a QF 
measurement. In practice it is therefore recommended, if the CNR is sufficiently high, to use a 
reconstruction matrix which is larger than the acquisition matrix (e.g. twice as large), as available on 
most commercial MR scanners. 
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Chapter 6 

Linear One-dimensional Wave Theory 

6.1 Introduction 

Since William Harvey established the concept of circulation of blood in 1628, numerous investigators 
have attempted to explain the observed hemodynamic phenomena. The first model in hemodynamics 
was not introduced until 1899, when Frank described the arterial system as a single elastic chamber, 
which later became known as the Windkessel model. This is probably the most elementary 
hemodynamical model, but it fails to describe the observed phenomenon of pulse wave propagation in 
the arterial tree, as it assumes an infinite wave velocity. In contrast, recent studies have introduced 
advanced numerical wave propagation models that cover the whole human vascular tree [42,63] and 
incorporate true in vivo observations like the nonlinear relation between pressure and vessel diameter, 
the viscoelastic vessel wall, the diameter dependent blood viscosity, and regulatory mechanisms 
(57,113,117]. 

Although current MRA techniques are promising, they have shown difficulties in the visualization 
and quantification of complex or turbulent blood flow patterns, as discussed in the previous chapters. 
A further complication of time resolved quantitative flow measurements is the relatively long scan
time, of the order of minutes, which implies the averaging of many individual heart-beats. Due to the 
normal physiological variation in the flow waveform, see section 4.5, in vivo quantitative flow studies 
cannot provide evidence for phenomena presenting with the same order of magnitude. These are the 
main reasons that, as yet, 3D numerical simulation studies of complex flow patterns at bifurcations or 
vascular pathologies [ 43,117, 119] have not been validated by means of 3D MR velocity 
measurements. For example, nonlinear hemodynamical phenomena were shown to produce very 
small effects on the pressure and flow pulse [57,113], which can likely not be confirmed by MR 
measurements in vivo. 

In this work, linear one-dimensional wave theory is used as the hemodynamical framework for 
the integration of anatomical and hemodynamical MR data. This theory was chosen for its clarity and 
computational simplicity. Moreover, it allows a frequency domain analysis. Several studies have 
supported the applicability of linear wave theory and have suggested that the arterial bed can well be 
represented by a 'lossless' branched transmission line, with impedances matched at each branch and 
terminated with resistances that give rise to reflections [77,89]. However, linear analysis may lead to 
incorrect frequency behavior, mostly due to the nonlinear pressure-diameter relation [56]. Although 
several hemodynamic quantities computed by linear propagation models significantly differed from 
the corresponding observed values [9], it should be noted that, if linear model parameters were 
suitably chosen, it was always possible to find satisfactory agreement with the experimental results 
[ 1 15, 116]. Pythoud et a/. compared two pressure wave separation methods [ 112]. The first was the 
classical linear method [ 145]. The second was a first order correction method which took 
nonlinearities and fluid friction into account. They concluded that, for in vivo applications, the 
classical linear method is the method of choice because it is simpler to use and the error involved (4-
8%) is comparable to the measurement error. 

This chapter describes linear wave theory. Starting from the basic laws of mass and momentum 
conservation in 3D, which give a complete description of any fluid mechanical problem, the one
dimensional equations of pressure and flow wave propagation along an artery will be derived 
[91,104]. Subsequently, all the assumptions used in this derivation will be discussed and illustrated by 
several examples of in vivo velocity measurements in the human aorta. In the next chapters, the wave 
propagation equations will be used for the integration of anatomical and hemodynamical information 
obtained on the descending thoracic aorta. 
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6.2 Theory 

Basically there are two formalisms to describe the flow of a fluid. In the Lagrange formalism, the 
track of a single fluid element is given by its position vector r as a function of time 1. Phase Contrast 
velocity measurements are naturally described within this Lagrange formalism, as this MR technique 
quantifies the accumulated phase shift of excited blood spins during their motion in a magnetic field 
gradient. In the Euler formalism, fluid motion is described by a velocity vector field v which is a 
function of both position rand time t . The Euler formalism is used throughout this chapter to derive 
the one-dimensional equations of wave propagation, as the vessel area A and the volume flow rate Q 
measured by MR, are properly described within this formalism. The acceleration of a particular piece 
of fluid is written as 

dv ov ov ov ov ov 
- = - +v - +V - +V - = - + (v·\l)v 
dt a x a.: y iY z & a (6.1) 

The first term on the right hand side of this equation expresses the instationarity of the whole velocity 
vector field. The second term quantifies the convective acceleration, which is generated by the 
narrowing, dilating, or bending of the blood vessels. Note that convective acceleration can be present 
in a completely stationary velocity field. 

The laws of mass and momentum conservation, which fully describe the mechanical behavior of 
a fluid with density p and velocity vector field v, are given in differential form by 

l \l·(pv)=-~ at 
Ov +(v·V)v=- \lp - \7¢+ f visc 

ot P P 

(6.2) 

where p represents the pressure, ¢is an external potential energy field like the gravitational field, and 
fvisc are the viscous forces acting on the fluid. The upper part of equation 6.2, which is also called the 
hydrodynamic equation of continuity, implies that the net mass flow out of an infinitesimally small 
volume equals the decrease in density of the fluid contained in that same volume. Here, the fluid is 
assumed to be incompressible with a constant density p. The continuity equation then simplifies to 

(6.3) 

The lower part of equation 6.2, which is the equation of motion, relates the acceleration of a fluid 
particle to the forces acting on it. Forces that act on the fluid are caused by pressure gradients, 
gravitation, or viscous fluid properties. The viscous forces f visc are given by 

(6.4) 

where TJ is the first or ordinary coefficient of viscosity, describing the fluid friction caused by shear, 
and TJ' is the second coefficient of viscosity, describing the fluid friction caused by compression. 
Equation 6.3 shows that the second term on the right hand side of equation 6.4 is zero. The ordinary 
viscosity of a fluid is defined as the proportionality constant between the force acting on a layer of 
fluid per unit surface area and the velocity gradient or shear rate in a direction perpendicular to this 
force. Here, blood is considered to behave like a Newtonian viscous fluid for which the coefficient of 
viscosity may depend on temperature but not on the shear rate. For such a Newtonian, incompressible 
fluid the equation of motion is known as the Navier-Stokes equation of fluid motion . 

In the present derivation, the effects of gravitation are neglected under the assumption that the 
blood vessels are in a horizontal position, corresponding to a lying posture of the patient, which is 
common in most clinical examinations. Vessels are further assumed to have a circular cross-section 
containing a uniaxial rotationally symmetric flow. This means that the velocity in the circumferential 
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direction v0 as well as all derivatives with respect to ()can be neglected. Under these assumptions, 
equation 6.2 can be written in cylindrical coordinates (see appendix) as 

(6.5) 

In order to simplify this equation, it is helpful to convert it to a dimensionless form. It is well known 
that the contraction of the heart combined with the elasticity of the vessel walls gives rise to arterial 
pressure and flow waves with a certain velocity c and wavelength A. The variables in equation 6.5 can 
now be scaled using additional characteristic values for the blood velocity V and mean vessel radius 
a0. Dimensionless variables are denoted by a prime and given by 

' r r= -
ao 

z'= !.. v'=~ t'= ~t= !'}__ t 
A' ' V ' A 2tr 

(6.6) 

As a result, the radial coordinate r' is measured in units of the mean vessel radius a0, the axial 
coordinate z' in units of the characteristic wavelength A, the axial velocity Vz' in units of the 
characteristic velocity V, and the time t' in units of the characteristic waveperiod Ale or reciprocal 
frequency 2 1!/{J). When the two remaining variables are further defined as 

p'=_p__ 
pVc 

the dimensionless form of equation 6.5 is expressed as 

_!_~ (r'v ')+ av,' = 0 
r' 8r' r ()z' 

(6.7) 

(6.8) 

In this equation, a dimensionless parameter a was introduced, known as the Womersley parameter. 
This parameter defines the ratio of the instationary inertia forces and the viscous forces and is given 
by 

(6.9) 

Recall that {J) is the angular frequency of a pressure or flow wave with wavelength A and velocity c. 
From experimental data, the velocity c appears to be much higher than the characteristic blood 
velocity V. Also the wavelength A is much larger than the mean vessel radius a0. At the cardiac 
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frequency, the Womersley parameter a ranges from I to about 20 for human arteries with a radius 
from I to about 15 mm. Under these assumptions, several terms in equation 6.8 can be neglected and 
this equation, converted back to standard dimensions, reduces to 

_!_~ (rv )+ Ovz = 0 r ar r az 
ap_ =0 
ar (6.10) 

Ov1 I ap 77 I a ( Ov1 ) - ----+--- r -at p az p r ar ar 

The middle part of this equation implies that the intravascular pressure p is constant over the cross
sectional vessel area and becomes a one-dimensional function of the axial or longitudinal position z. 
The remaining parts of equation 6.10 can be rewritten by integration over the vessel area A and 
subsequent application of the Leibnitz formula (see appendix). Integration yields 

l aa aOv 
2n-J - (rvJ1r +2n-J- z rdr = 0 

0 ar 0 az 
a Ovz 2;r a ap 2;rry a a Ovz 

2;ri - rdr=- - I - rdr+ - J - (r- }r 
0 at p 0 az p 0 ar ar 

(6.11) 

where a is the vessel radius. Leibnitz formula (equation 6.34) states that the time derivative of the 
integrated velocity v, may be written as 

aa 0 0v aa l - J v_2nrdr = 2;rf - ' rdr + 2;ra - v1 at 0 - 0 at at r=a 

After replacing the time 1 in equation 6.12 by the axial position z it also states that 

aa aOv & 
- J v, 2nrdr = 2;rJ - z rdr + 2na - v1 1 az 0 - 0 az az r=a 

(6.1 2) 

(6.13) 

With the further approximation of the vessel being tethered by its surrounding tissues, thereby 
showing no longitudinal wall motion [105], the no-slip condition implies that the blood velocity 
tangential to the vessel wall is zero. Hence, the second terms at the right hand side of equations 6.12 
and 6.13 vanish. Recall that the vessel area A and the volume flow rate Q are given by 

and 

a 

A= J 2nrdr = na2 

0 

a 

Q =I V1 2Jrrdr 
0 

Under the no-slip condition, the radial wall motion equals the fluid motion, expressed as 

(6.14) 

(6.15) 

(6.16) 
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Substitution of equations 6.12 to 6.16 in equation 6.11 yields 

(6.17) 

where r is the wall shear stress defined by 

r = -T}Ovz I 
ar r=a 

(6.18) 

The wall shear stress is the shearing force exerted on the fluid by the vessel wall and is given by the 
product of viscosity and wall shear rate. The latter is the radial derivative of the velocity profile near 
the vessel wall. 

To obtain an analytical expression for the velocity profile, consider harmonic wave solutions of 
the form 

(6.19) 

where m is the angular frequency and k is the complex propagation constant, which depends on the 
properties of the vessel wall and those of blood. As usual, the real parts of the complex quantities p, 
v, and Q are the observable parts. Any flow or pressure wave may be regarded as a linear 
superposition of these harmonic frequency components. Equation 6.19 can be substituted in the lower 
part of equation 6.1 0, since the equation to solve is linear in Vz. The vessel radius a is linearized 
around its mean value a0 and the vessel area A around A0. With the earlier mentioned boundary 
conditions of zero velocity at the vessel wall and 

Ovz I = 0 
8r r=O 

(6.20) 

which is a logical consequence of axial symmetry and continuity of shear, the following solution can 
be obtained (see also the appendix on Bessel functions) : 

(6.21) 

Combining equations 6.18, 6.21, and 6.17, the expression for the wall shear stress becomes 

(6.22) 

where the function F10 is defined as 

(6.23) 
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Finally, after linearizing the compliance Cat the mean pressure p0 by 

C _ aAI o-
ap p=p, 

Chapter 6 

(6.24) 

the linear one-dimensional equations describing the pressure and flow wave propagation are given by 

(6.25) 

By substituting the harmonic solutions of pressure and flow waves into equation 6.25, the frequency. 
dependent complex propagation constant k is derived as 

(6.26) 

Obviously, the solution for the propagation constant k consists of two values that only differ in sign 
and correspond to two waves propagating in opposite direction. This is in agreement with the idea of 
the observed pressure and flow pulses being composed of forward and backward (or reflected) 
travelling waves [ 138, 145]. 

6.3 Discussion 

Several assumptions and approximations were made in the derivation of equation 6.25, which 
describes the linear one-dimensional propagation of pressure and flow waves. In the same order as 
they appeared in the derivation, these were: 

• Blood is incompressible. 

In reality, like any other fluid, blood has a small compressibility. This is the reason that the speed of 
sound in blood, which is a longitudinal pressure wave, is approximately 1500 m/s, which is about 5 
times higher than in air. However, the propagation (velocity and attenuation) of a pressure pulse 
generated by the heart through the arterial system is mainly determined by the viscoelastic properties 
of the vessel wall and not by the compressibility of blood. It can be shown that the ratio of the 
velocity of a pressure or flow wave and the speed of sound in blood is comparable to the ratio of the 
compressibility of blood and the distensibility of the vessel wall [104]. Typically observed pressure 
wave velocities are of the order of 5 m/s, which is negligible compared to the speed of sound. In the 
description of wave phenomena, blood may therefore be considered as incompressible. 

• Blood shows Newtonian viscous behavior. 

Blood is not a perfectly Newtonian fluid. Red blood cells can stick together at low shear rates 
(Rouleau formation) and deform strongly at high shear rates or by passing capillaries with diameters 
smaller than erythrocyte dimensions. When the shear rate increases, the viscosity of blood decreases. 
Also when hematocrit is decreased, the viscosity decreases. However, the viscosity of blood is 
relatively constant at high shear rates in vessels larger than I mm in diameter. Therefore, blood 
behaves like a Newtonian fluid under most experimental conditions [91]. 
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• Vessels are in a horizontal position; gravitational forces are absent. 

The mean pressure in the arteries of the systemic circulation is about 100 mm Hg or 136 em water. As 
the diameter of the aorta is usually smaller than 3 em, the effect of gravity in the form of hydrostatic 
pressure in arteries positioned horizontally can safely be neglected. The influence of gravitation will 
be more pronounced on the veins in which the blood pressure is much lower, which can result in a 
more oval than circular shape. 

• Vessels have a circular cross-section. 

Most arteries of the systemic circulation have a circular cross-section, but the pulmonary arteries and 
many veins tend to be elliptical rather than circular. In healthy arteries, the combination of a relatively 
high intravascular pressure and a compliant vessel wall causes the circular shape. Diseased arteries 
often show a much stiffer vessel wall, or excentric atheromatous plaques, which can be the cause of a 
more irregular shape of the cross-section. 

• Flow is uniaxial; circumferential velocities are zero. 

The circumferential velocity component of blood flow in arteries is not exactly zero. However, it is 
generally much smaller than the axial velocity component. Particularly at bending sites or at 
bifurcations, secondary flow patterns have clearly shown to be present and may continue into distal 
straight vessels [ 17,91]. 

An example of the secondary flow pattern in the aorta is given in figure 6.1. This plot was 
reconstructed from a transverse 2D Phase Contrast scan with velocity sensitivity selected in both the 
Left-Right (LR) and the Anterior-Posterior (AP) direction. The phase encoding velocity (v.nc) was 20 
cm/s in both directions. Other scan parameters were: Slice thickness 7 mm, FOV 200 mrn, RFOV 
70%, matrix size 256x256, TRITE/a. = 19111/20°, and NSA 2. The scan was retrospectively ECG 
triggered, resulting in a temporal resolution of 50.9 ms. The total scan-time was 6:35 min . In the 
separate heart phases, even in systole, secondary flow patterns were hardly distinguishable. Therefore 
the time averaged in-plane velocities were calculated, which give the stationary flow. These averaged 
velocities clearly demonstrate an anti-clockwise rotational in-plane flow. The center of rotation is not 
exactly located in the middle of the aorta. 

To determine the ratio of axial to circumferential velocity, a similar 20 QF scan was made with a 
phase encoding velocity of 100 cm/s in the Feet-Head (FH) direction. Other scan parameters were 
equal to the previous scan. The temporal resolution was 49.3 ms and the scan-time was 6:42 min. 
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Figure 6.1 Two-dimensional directional plot of the circumferential blood 
velocity in a slice perpendicular to the descending thoracic aorta of a healthy 
volunteer averaged over the complete heart cycle. The length of the largest 
arrow corresponds to a velocity of 4.8 cm/s. 
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Figure 6.2 Surface plots of the average velocity in the axial FH direction (top) 
and the amplitude of the average in-plane or circumferential velocity {bottom). 
The same slice as the one in figure 6.1 is shown. Vertical scales are identical 
for ease of comparison. Notice the noiseless background resulting from the 
application of a minimum signal magnitude filter. 

Figure 6.2 shows a comparison of the average axial and circumferential or in-plane velocities. The 
maximum average axial velocity in the descending thoracic aorta is about 40 cm/s, whereas the 
maximum average circumferential velocity is about 5 cm/s. If we assume that this difference by a 
factor of 8 represents the ratio of axial to circumferential velocities at all instants of time, the 
assumption of uniaxial flow with a negligible circumferential component is justified. 

• Flow is rotationally symmetric; all derivatives with respect to the angle Bare zero. 

Earlier in-vivo 20 Quantitative Flow studies demonstrated that the axial velocity profiles in straight 
arteries at peak systole show a cylindrical symmetry with a flat maximum, as is expected for pulsatile 
laminar profiles [ 15]. The average velocity profile in the thoracic aorta as depicted in figure 6.2 also 
shows this rotational symmetry. In diastole the rotational symmetry might become less pronounced, 
even in straight arteries, because of peripheral reflections. Again, at bending sites and bifurcations, 
the axial velocity profiles generally lack rotational symmetry. 

• The wave velocity c is much higher than the blood velocity V. 

The velocity at which pressure and flow waves propagate through the arterial system is determined by 
blood properties and the elastic properties of the vascular wall. However, the wave velocity that will 
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be observed is presumably that value plus the velocity with which the blood is moving [91). As blood 
flow is pulsatile, this implies that the wave velocity will not be constant during one heart cycle. This 
effect must not be confused with the increase in wave velocity during systole caused by a decrease in 
vessel wall compliance due to the higher systolic pressure and corresponding larger distention. Hence, 
equation 6.25 should be solved in the time domain. However, if the wave velocity c is much higher 
than the blood velocity V, the latter velocity can be neglected compared to the first and the flow wave 
may be represented by its harmonic frequency components, each having a constant phase velocity. 

Literature values of the pressure and flow wave velocity in the human descending aorta range 
from 4 to 7 m/s [71 ,93). These values usually give the velocity of the foot of the waveform (just 
before the rising edge) determined by time of flight methods in the time domain, but are considered to 
agree with the phase velocity at higher frequencies in the frequency domain. Simulation studies have 
demonstrated that, in vivo, the blood velocity may not always be fully neglected with respect to the 
wave velocity [ 115). In order to decide on the validity of the above assumption in the frequency 
domain, the phase velocity at each frequency should be compared to the amplitude of the 
corresponding blood velocity averaged over the vessel area. This procedure differs from comparing a 
single wave velocity to the maximum velocity in time domain methods [73,75] or in the so called 
method of characteristics [57, I 0 I). Figure 6.3 shows a flow waveform measured in the human 
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Figure 6.3 (A) Plot of a volume flow waveform measured in the thoracic aorta 
of a healthy volunteer and its decomposition into harmonic wave components. 
For clarity, only the first 8 harmonics are depicted. (B) Bar graph showing the 
amplitude of the blood velocity components versus harmonic frequency. 
These velocity components were calculated by dividing the volume flow rate 
components by the average vessel area of 243 mm2 
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thoracic aorta and the amplitudes of its harmonic velocity components. The data comes from the same 
volunteer as those described in figures 4.8 and 4.9. It is obvious that the peak systolic flow, which is 
the sum of all harmonic flow components, is much higher than the average flow, which is the Oth 
harmonic, and also much higher than the other harmonics. Notice that the 4th to the 8th harmonic 
flow waves are almost in phase at the rising slope of the measured waveform (indicated by the 
dashed vertical line in figure 6.3(A)). This is the reason that the velocity of the rising slope will 
generally agree with the phase velocity at higher frequencies. Figure 6.3(B) illustrates that the 
amplitudes of the I st and 2nd harmonic velocity components are comparable to the average velocity, 
but that higher harmonics rapidly decrease in amplitude. The amplitudes of the higher harmonic blood 
velocity components may therefore be neglected compared to a phase velocity of about 5 m!s. 
However, the lowest harmonic blood velocity components might have a substantial effect on the 
corresponding phase velocity, especially since phase velocity was shown to decrease at lower 
frequencies . 

All useful hemodynamical information is considered to be contained within the first 10 harmonic 
frequencies. It must be emphasized that at both sides of the spectrum, i.e. at very low frequencies and 
at frequencies above 10-12Hz, it is technically difficult to obtain data with a small experimental error 
[I 00]. For low frequencies, and long wavelengths, the phase is hard to be determined [77]. For high 
frequencies, and short wavelengths, the low amplitude makes a measurement difficult. Theoretically, 
since 33 heart phases were acquired and shown in figure 6.3(A), the number of harmonic frequencies 
that could be obtained according to the Nyquist criterion is 16. However, due to the interpolation 
procedure used in retrospective triggering, the data was effectively low-pass filtered [39,41]. In this 
particular case, the 3-dB attenuation frequency occurs at about the 7th harmonic. 

The random error in the volume flow rate due to image noise, according to equation 4.6, was 
calculated to be 1.0 mils. The random error in the average blood velocity is then 0.4 cm/s. 
Mathematically, the Fourier transform of Gaussian noise with a standard deviation of I will also be 
Gaussian noise with a standard deviation of N° 5, where N is the highest harmonic frequency number. 
As a result, the random error in the frequency components shown in figure 6.3(B) due to image noise 
is only about 0.10 cm/s, which is completely negligible for the first I 0 harmonics. Physiological 
variation produces a larger error than image noise, as discussed in section 4.5. However, this error has 
no Gaussian distribution in the time domain, and can therefore not easily be obtained in the frequency 
domain. In the worst case scenario, the standard deviation of the flow in the time domain would be 8 
mils for all heart phases. This would give an error of 0.8 cm/s for all harmonic frequency components 
of the average velocity. Still, this error is relatively small for the first 6 harmonic frequencies. For 
higher frequencies, however, this error due to physiological variation may become significant. 

• The wavelength A is much larger than the mean vessel radius a0 . 

The wavelength of a pressure or flow wave is determined by its frequency and phase velocity. 
Harmonic wave components have frequencies 'Which are integer multiples of the cardiac frequency 
which is about I s· . If the phase velocity is assumed to have a value of about 5 m!s for all 
frequencies, the wavelengths for the first ten harmonics range from 500 to 50 em. Compared to an 
aortic diameter of 3 em, the wavelength A is indeed much larger than the mean vessel radius a0. 

The wavelengths of the first few harmonics are also large compared to the length of the aorta and 
other major arteries. As a consequence, the spatial variation in pressure, flow, and diameter at a fixed 
point in time is relatively small. Another important implication of the fact that the wavelength is large 
and the phase velocity is high, is that reflected waves from the periphery will arrive at the origin of 
the aorta long before the initially produced flow wave has dropped to zero. Repeated reflection at the 
heart can form another forward propagating flow wave that substantially contributes to a positive 
flow, even after the ejection period [10]. !tis generally accepted that the measured flow wave is the 
sum of forward and backward propagating flow waves, which in their tum consist of multiple 
contributions from repeated reflections of the initially ejected flow wave from the periphery and the 
heart. 
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• The vessel wall shows no longitudinal motion. 

Normally, the perivascular tethering has a strong damping effect on the longitudinal motion of the 
arterial wall [80]. Small side branches and bifurcations can be considered as fixation sites. Since the 
thoracic aorta has many little side branches to the intercostal arteries, its longitudinal motion can be 
safely neglected [6]. An important difference between in vivo and in vitro measurement conditions is 
therefore the tissue surrounding the vessel of interest [56]. Although longitudinal waves in the vessel 
wall have been observed, contradicting the longitudinal immobility, they can be neglected, since their 
amplitude is small [105]. 

• Linearization of the vessel area A and the compliance C0 around the mean vessel area A0. 

The linearized Navier-Stokes equations have been shown to describe certain aspects of the flow 
satisfactorily in the case of small elastic deformations [91]. However, large arteries also have a large 
dynamic storage capacity and the nonlinear convective acceleration terms may no longer be neglected 
[80]. Moreover, under normal physiological conditions, the systemic pressure pulsates approximately 
within the range of 0.75-1.25 of its mean value. This corresponds to about a 50% change in the cross
sectional vessel area in the descending aorta of the dog [80]. As a result, both geometric and elastic 
nonlinear effects can come into play. Still, most authors agree that the linearization of the vessel area 
and the compliance is valid under most experimental conditions. 

6.4 Appendix 

Cylindrical coordinates 

In dealing with flow phenomena that exhibit cylindrical symmetry, it is customary to use cylindrical 
coordinates (r, 8,z) instead of Cartesian coordinates (x,y,z). These coordinates are related by 

!x = rcos(B) 

y = rsin(B) 

z=z 

(6.27) 

When a scalar field p and a vector field v=(v,, v61 vJ are defined in a cylindrical coordinate system, 
several important operators acting on them, are given by 

a 
ar 

V'= 
I a 
rae (6.28) 

a 
az 

(6.29) 

(6.30) 

In Cartesian coordinates it is obvious that 

(6.31) 
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where i = x, y, or z. However, in cylindrical coordinates, this expression changes into 

(6.32) 

Leibnitz formula 

Let .Qbe a moving region (volume or surface) with boundary T(closed surface or closed contour) and 
let v r be the velocity of the moving boundary. The general form of the Leibnitz formula is then given 
by 

_d_ Jsd.Q = J f!s_d.Q + Js(v r · n)dr 
dt at 

n(t) n(t) r(t) 

(6.33) 

where s is the variable to be integrated and n is a unit vector perpendicular to the boundary in the 
direction in which the expansion of the region would be maximal. For a basic function ./(z,l) and 
boundaries z1(t) and zJ(I), the Leibnitz formula simplifies to 

d z,(t) z,(t) of d d - J f(z' , t)d.z'= J -dz'+f(z2 ,t)~- f(z 1,t) 2 1 

dt z,(t) z, (t) ot dt dt 

Bessel functions [ 67] 

Bessel's differential equation has the form 

(6.34) 

(6.35) 

If n is an integer value (n ;::: 0), the solution of this equation is known as the Bessel function ln(x) of 
the first kind of order n 
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It can easily be verified that this Bessel function has the following properties: 

(6.39) 

and 

xaJn(x)=-nJ (x)+xJ (x) ax n n-1 
(6.40) 
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Chapter 7 

Separation of Hemodynamical Flow 
Waves measured by MR into Forward and 
Backward Propagating Components 
This chapter, in a slightly different form, has been accepted for publication as an article in 
'Physiological Measurement' 

7.1 Introduction 

According to the prevailing view today, pulse wave reflection, resulting in forward and backward 
propagating wave components, plays an important role in the explanation of pressure and flow 
waveforms observed in the human cardiovascular system [91,100] . The principal phenomenon 
attributed to reflections is that at the input of the system (aortic root), the flow and pressure 
waveforms have different shapes. However, this topic remains a rather controversial subject [100]. 
For instance, it is not clear whether reflections are diffuse, arising along a continuous length of the 
system, or localized with discrete sites of reflection. Moreover, if they are localized, there is no 
general agreement as to the exact location of the reflecting site or sites. The degree of reflection to 
which an antegrade wave is subject is small until it reaches the peripheral vascular beds where local 
reflection may be strong or weak depending on the state of vasoconstriction [28]. The heart occupies 
an eccentric position in the mammalian body and so is closer to arterial terminations in the upper part 
of the body than to arterial terminations in the lower body. This arrangement has been shown to result 
in two functionally discrete reflecting sites being presented to the heart [26,96]. The flow in the 
ascending aorta has shown evidence of two effective reflecting sites, while most systemic arteries, 
including the descending thoracic aorta, present with a single functionally discrete reflecting site. 

The propagation of pressure and flow waves through the arterial system is governed by the 
physical properties of both the blood and the vessel wall [91]. For example, the thoracic aorta shows a 
progressive increase of pulse wave velocity with age, which is in agreement with the decrease of its 
aortic compliance [74,93]. A large vascular compliance is often associated with healthy arteries, 
whereas a small compliance is associated with pathology. Vascular diseases like atherosclerosis 
adversely affect the mechanical properties of the vessel wall. Therefore, the propagation coefficient of 
pressure or flow waves might be an indirect measure of the severity of this disease. However, the 
observed pressure and flow waves are a superposition of forward and backward propagating wave 
components [71,145). The forward components travel from the heart towards the periphery, mainly 
containing information about the action of the heart itself. The backward components travel in the 
opposite direction, carrying information on the reflection sites and the periphery of the arterial 
system. For this reason, a direct comparison of the pressure or flow waves measured at two different 
sites along an artery yields the so called 'apparent' propagation coefficient. This apparent propagation 
coefficient depends on the relative amplitudes and phase differences of both forward and backward 
wave components, and hence will not give reliable information about the mechanical properties of the 
vessel wall. To determine the 'true' propagation coefficient, which gives the phase velocity and 
attenuation of the forward and backward wave components individually, several methods have been 
introduced [12,27,32,90]. A comprehensive review of all possible methods using four transducers is 
given by Sheet a! [122], with an extensive error analysis given by Bertram and She [13]. The true 
propagation coefficient is related directly to the mechanical properties of the vessel wall. 

It is generally believed that valuable information regarding the elastic properties of the arterial 
system and cardiac function is also encoded in the relationship between pressure and flow waveforms 
(35,100]. Arterial wave reflection may adversely affect both left ventricular afterload and ejection 
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performance of the heart [70]. Since a reflected pressure wave adds to the forward wave, a wave 
returning during systole would increase the load to the heart. Reflected flow waves, however, subtract 
from the forward flow wave which would be disadvantageous to ventricular ejection. Therefore, it is 
clinically relevant to obtain not only the true propagation coefficient but also the amplitude and phase 
(timing) of the backward propagating wave component. We further believe that the amplitude ratio of 
backward to forward components could be used to characterize wave reflecting structures of clinical 
significance such as bifurcations, peripheral impedances, stenoses, and aneurysms. The first and most 
widely used method to separate the pressure and flow waves into their forward and backward 
propagating components was introduced by Westerhof eta/. [145]. Thereafter, others have developed 
more complex methods of separation also treating nonlinearities like the pressure-dependent vessel 
compliance, convective acceleration caused be vessel tapering, wall friction, etc. 
[9,78,101 ,113,118,126]. 

The majority of previous work on the separation of pressure and flow waves was based on 
invasive measurements of pressure, flow, or vessel diameter [45], and results were primarily obtained 
from in vitro experiments or in vivo animal studies. For example, it was found that the descending 
aorta itself is not an effective reflection site. In the cat, the hydraulic properties of the descending 
aorta make large reflections unlikely, and attention must be directed to arteriolar beds near the heart 
as a possible source for late systolic reflections. Arteriolar reflections from the pelvic region seem to 
account for about 50% of the pulse pressure in the lower abdominal aorta [6]. The geometric and 
elastic nonuniformity of the aorta results in two major sites of arterial wave reflection that influence 
the aortic pressure waveforms in man. The first is located at the aortic level of the renal arterial 
branches and the second is located distal to the terminal aortic bifurcation [71 ]. Another study 
calculated the distance from the aortic root to a single peripheral reflecting site as 40 em [7], which 
roughly corresponds to the origin of the renal branches. A recent study confirmed that the reflections 
from the trunk have a spatial origin around the abdominal aorta [63]. 

Nowadays, Doppler UltraSound (DUS) and Magnetic Resonance (MR) can be used to measure 
vessel diameters and/or blood velocities non-invasively in man (see chapters 2 and 4) [II, 109,131]. 
Ultrasound, however, is relatively operator dependent and can only assess the more superficial 
arteries. Magnetic resonance has no restrictions on the site of measurement and is highly operator 
independent. Several investigators have therefore started to use MR to measure human flow wave 
velocity [ 18,36,93], vascular compliance [ 136], and distensibility [ 17 ,48,49]. 

In this study, MR was used to measure blood flow simultaneously at multiple positions along a 
vessel segment as a function of time (3D PCA technique). Linear one-dimensional wave theory, 
described in chapter 6, and a model of a single vessel segment with constant diameter and wall 
properties were used to separate the observed flow wave into its forward and backward propagating 
components. During this separation procedure, the true instead of the apparent propagation coefficient 
was quantified. First results were obtained from the thoracic aorta of five healthy male volunteers. 
This vessel is large compared to the MR spatial imaging resolution. Other favorable experimental 
conditions were that the wave velocity in the aorta is relatively low and that the phase difference 
between forward and backward propagating wave components is relatively large, compared to the 
situation in other arteries. Furthermore, nonlinear effects have shown to be minimal in the thoracic 
aorta [91]. Our flow measurements and model assumptions were validated to first order by a 
comparison between the vessel area as calculated from the flow data and as directly measured with 
another independent MR technique (2D QF). 

7.2 Theory 

Hemodynamic pressure and flow wave propagation phenomena in the human aorta were shown to be 
properly described by linear one-dimensional wave theory [112,116]. Therefore, this theory is used 
for the description of our MR flow measurements in the thoracic aorta. This section gives the 
theoretical background required to separate the measured flow wave into its forward and backward 
propagating components, followed by some additional considerations. 
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As the blood flow Q at a certain position is a periodic signal in time 1, it may be written as a sum 
over its harmonic frequency components obtainable by standard discrete Fourier transformation 

Q(t)= :LQ((t))1')/ (7.1) 

where (t) is the angular frequency and i 2 = -I. The first harmonic frequency is equal to the cardiac 
frequency. In this complex notation, the real part of Q(t) is the measurable flow. It has also been 
shown that the observed flow wave Q consists of a forward propagating component Q1 and a reflected 
backward propagating component Qb [145]. We used a model of a single vessel segment with 
constant diameter and wall properties to represent a selected part of the thoracic aorta without any 
major side branches. Thus, the effects of tapering, side branches, seepage, or nonlinearities are 
neglected. In this model, the propagation coefficients of forward and backward wave components are 
equal, and the flow versus position z along the vessel segment for each frequency component is given 
by 

where k = k, + ik; is the true propagation coefficient. The true phase velocity v, and the true 
attenuation coefficient a, are related to k by 

(t) 
v =- - (7.3) 

I k, 

a,= -k; (7.4) 

When v, is a function of frequency, as is the case in the human circulation, the system is said to be 
dispersive. 

The difference between the true and the apparent propagation coefficient lies in regarding the 

observed flow wave as a summation of two individual flow waves (equation 7.2) or as a single 

forward propagating flow wave, respectively. Although this latter assumption is basically incorrect, 

the apparent propagation coefficient k0 can be defined by 

(7.5) 

in which the observed flow Q(z) is described by a single flow wave Q with forward propagation 

coefficient k0 • The apparent phase velocity and apparent attenuation coefficient are defined by similar 

expressions as equations 7.3 and 7.4, in which k should be replaced by k0 . Since the observed flow 

wave is actually the sum of forward and backward propagating waves, the apparent phase velocity 
can differ significantly from the true phase velocity [32,90]. 

From the hemodynamical MR measurement used in this study, the flow Q(z,t) can be 

determined as a function of the position z along the vessel and the time t. Fourier transformation 

yields Q(z) for every harmonic frequency component. The forward flow wave component Q1, the 

backward flow wave component Qb, and the propagation coefficient k can then be found by fitting 

equation 7.2 to this measured Q(z). For instructive reasons, we did not use a direct numerical method, 

but started with a fit to a second order polynomial of the form 

Q(z) = a+bz+cz2 (7.6) 

Parameters a, b, and c can be obtained using standard least squares fitting algorithms. Subsequently, 
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with the origin of the z-axis defined in the middle of the vessel segment, the first and second order 

derivatives of equation 7.2 and 7.6 with respect to z yield 

(7.7) 

which is a system of three independent equations relating (11, (lb. and k for each frequency to a, b, and 

c. To increase the accuracy of the fit to equation 7.2, these values could be used as start values for 

further iterative variation, but this was found not to be necessary in the present study. In chapter 9, 
this improved fitting procedure will be used. 

The hemodynamical flow Q through a vessel is related to its anatomical cross-sectional area A by 
the law of mass conservation which is given by (see equation 6.17) 

a A 
at 

For each frequency component in the middle of the vessel segment, it follows that 

d(}l .. 
dz z=O = -uoA = b 

(7.8) 

(7.9) 

showing that a first order polynomial fit of the flow versus position (parameter b in equation 7 .6) can 
be used to calculate the area wave in the frequency domain. If this area agrees to the area as directly 
measured with an independent anatomical MR technique, this will validate our hemodynamical MR 
measurement and model assumptions to first order. A second order validation (parameter c in 
equation 7.6) would require a comparison with other previously described invasive separation 
methods. In this study only a first order validation was performed. 

From the law of mass conservation (equation 7.8) it can further be deduced that the forward and 
the backward propagating area wave components in the frequency domain are given by 

and 

• k 1\ 
Af= - 'LJ 

(1) 
(7.10) 

(7 .II) 

The sum of these components is equal to the vessel area calculated using equation 7.9. Theoretically, 
the phase of the area or diameter wave never precedes that of the pressure wave in viscoelastic 
materials. It could be instructive to calculate and show these forward and backward propagating area 
wave components, as the vessel area is almost linearly related to the intravascular pressure [ 125]. 
However, to determine the constant of linearity between vessel area and intravascular pressure, which 
is called the compliance, normally at least one pressure measurement is required [122]. Recent studies 
have shown that relative pressures can also be computed from spatially and temporally resolved MR 
measurements of blood velocity or acceleration using the Navier-Stokes equations given by equation 
6.10 [135,137,151]. In this study, it was not tried to quantify the pulse-pressure, so that the results 
will merely give a qualitative impression of the pressure waveform. 



Separation of Flow Waves into Forward and Backward Propagating Components 73 

7.3 Methods 

The human descending thoracic aorta was examined because this vessel is almost straight, has 
relatively few side branches, and is large compared to the MR imaging resolution. Each of five 
healthy young male volunteers was placed in the supine position. To assess the location and 
orientation of the aorta, first a standard MRA inflow scan (see section 4.3) was performed covering 
the thoracic aorta from the arch down to the level of the renal arteries. The hemodynamic flow was 
then measured using a 3D Phase Contrast Angiography (PCA) technique (see intermezzo for scan 
details). The 3D volume, consisting of a stack of 15 coronal slices, was positioned parallel to the 
thoracic aorta as illustrated in figure 7.1. About 20 minutes passed before the actual hemodynamic 
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scan was started, time in which the volunteer could relax and obtain a steady cardiac frequency. Total 
scan-time was 15-20 minutes, depending on the heart-rate, which implies the averaging of many 
individual heart-beats [72]. In order to extract the one-dimensional flow from this three-dimensional 
dataset, transverse slices were reconstructed. In each transverse slice, a rectangular region of interest 
was manually defined over which the blood velocities were integrated. This resulted in the flow as a 
function of position along the aorta and time, with a spatial resolution in the axial direction of 6 mm 
and a temporal resolution of24 ms. 

The cross-sectional vessel area in the middle of the aortic segment under consideration was 
directly measured using the 2D Quantitative Flow (QF) technique (see intermezzo for scan details). 
With this technique, two types of images are reconstructed: The anatomical image, in which the 
vessel shows up bright compared to surrounding background tissues, and the phase image. The 
anatomical images were taken to determine the vessel area using a region growing algorithm with a 
threshold value chosen halfway between vessel and background signal intensity (see also section 4.5). 
This procedure resulted in the vessel area as a function of time with a temporal resolution of26 ms. 

Intermezzo: MR scan details 

The 3D Phase Contrast Angiography (PCA) technique, as used in this study, utilizes the fact that the 
signal obtained from a sample moving in the direction of a field gradient exhibits a motion-related 
phase shift (see section 4.4). Acquisition was done on a Philips Gyroscan TIO NT scanner, using the 
quadrature body-coil for signal reception. A coronal stack of 15 slices (FOV 256x205 mm, matrix 
size 128x I 02, slice thickness 2 mm) was planned such as to contain a straight part of the thoracic 
aorta. To minimize scan-time, which was still 15-20 minutes depending on cardiac frequency, we 
only selected flow sensitivity in the Feet-Head direction (venc 125 cm/s) [106]. Since the measured 
vessel segment was almost straight, the imaging voxels were allowed to be relatively long in the axial 
direction. This was accomplished by selecting a Feet-Head phase encoding direction and a scan
percentage of 25%, which reduced the scan-time by another factor of four. Due to the so-called k
space shutter, the true scan-percentage was 32% and voxel dimensions became 2x2x6 mm3. The scan 
was retrospectively ECG triggered, resulting in 34 heart phases at a cardiac frequency of 75 
beats/min. Other less relevant pulse sequence parameters were: Spoiled Trenhanced Gradient 
Recalled Echo (GRE), TRITE/a= 14/5.9/20°, flow compensation on, foldover suppression on, NSA 2 
with smart averaging. 

In the 2D Quantitative Flow (QF) scan, used to measure the vessel area directly, a single 
transverse slice (FOV 256xl54 mm, matrix size 256xl54, slice thickness 7 mm) was positioned 
perpendicular to the thoracic aorta. Flow sensitivity was selected in the through plane Feet-Head 
direction (venc 125 cm/s). Voxel dimensions were lxlx7 mm3. The scan was retrospectively ECG 
triggered resulting in 31 heart phases at a cardiac frequency of 75 beats/min. Scan-time depended on 
cardiac frequency and was about 5 minutes. Other less relevant pulse sequence parameters were: 
Spoiled Trenhanced Gradient Recalled Echo (GRE), TRITE/a= 15/9.1 /20°, flow compensation on, 
foldover suppression on, NSA 2 with smart averaging. The Local Phase Correction (LPC) filter, 
which reduces the unwanted phase offset caused by eddy currents but at the same time decreases the 
observed volume flow rate, was not used in the above scans, since the flow sensitivity was high ( 125 
crnls) corresponding to small velocity encoding gradients and resulting in a negligible phase offset. 

7.4 Results 

From the hemodynamic 3D MR PCA measurement used in this study, the flow as a function of both 
position along the aorta and time was obtained. A straight part of the thoracic aorta without major side 
branches was selected on a standard MRA inflow scan and considered as a single vessel segment in 
our model. Figure 7.2 shows the data from volunteer A. Although no major side branches occurred at 
this 16 em long vessel segment, it can be calculated that heading from proximal to distal, the average 
flow decreases steadily to about 65% of its proximal value, which demonstrates the existence of small 
side branches and seepage. The illustrations in this section arbitrarily show the results from volunteer 
A, except when explicitly mentioned otherwise, since we found no striking differences between our 
five volunteers. 
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Figure 7.2 Surface plot of the one-dimensional blood flow Q versus the 
position along the thoracic aorta and the time after the ECG-trigger. Position is 
measured from proximal Uust below the aortic arch) to distal Uust above the 
celiac artery). The mesh distance depicts both the spatial and the temporal 
resolution of the acquisition. 
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To determine the forward and backward propagating flow wave components, the data was Fourier 
transformed and the harmonic frequency components of the flow as a function of position were fitted 
to equation 7.6 as described in section 7.2. Figure 7.3 illustrates this fitting procedure for the second 
harmonic frequency components. It is obvious that a first order polynomial fit is not sufficient to 
describe the data over the whole vessel segment, showing that it must contain higher order terms. A 
second order polynomial seems to fit the data properly and therefore contains all relevant information. 
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The difference between the second order polynomial fit and the relation according to equation 7.2 can 
safely be neglected compared to the spread in the measured values. 

The third parameter that was determined from this fitting procedure is the complex propagation 
coefficient k, which gives the true phase velocity and attenuation coefficient according to equations 
7.3 and 7.4. Figure 7.4 shows these parameters versus the harmonic frequency number. The 
maximum harmonic frequency to which these parameters were plotted was determined by the 
condition that the standard deviation was small enough for the parameter to be physically meaningful. 
In this particular case the true attenuation coefficient could be determined up to the 8th harmonic 
frequency component, whereas the true phase velocity could be determined up to the 12th harmonic. 
Both values increase with frequency. 

Figures 7.5(A-E) show the results of the separation of the measured flow wave into its forward 
and backward propagating components for all five volunteers. The separation procedure was 
performed in the frequency domain using the first 8 harmonic frequency components. Each graph 
shows exactly one heart-beat, but, as the heart is continuously beating at the first harmonic frequency, 
these heart-beats may be repeated infinitely. The forward and the backward flow waves cannot be 
drawn on the same quantitative scale as the measured flow wave, because their stationary components 
(Oth harmonic) are indeterminate. The sum of forward and backward flow waves is equal to the 
instationary part (1st-8th harmonics) of the measured flow wave. 

As explained in section 7.2, the cross-sectional vessel area can be calculated from the first order 
spatial derivative of the flow by using the law of mass conservation given by equation 7.8. To 
validate the hemodynamical 30 PCA measurement and our model assumptions to first order, a 
comparison was made with the vessel area as acquired directly using an independent anatomical 20 
QF technique. The site of comparison was chosen in the middle of the vessel segment. Figure 7.6 
shows this comparison for volunteer B, because the direct area measurement was not available from 
volunteer A. An excellent agreement is found between both area waves with respect to their rising 
and falling slope, timing, and amplitude. 

After the separation of the flow waves, the forward and backward propagating area wave 
components could easily be obtained by application of equations 7.10 and 7.11. The separated area 
waveforms are illustrated in figure 7.7. These area waveforms can be considered to have the same 
shape as their corresponding pressure waveforms, as the vessel area is almost linearly related to the 
intravascular pressure. 
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Figure 7.4 Combined graph of the true attenuation and true phase velocity 
plotted versus the harmonic frequency number. The error bars depict the 
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7.5 Discussion 
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The main result of this study is that by using a hemodynamical MR measurement and a simple single 
segment model, the aortic flow wave could be separated non-invasively into its forward and backward 
propagating components in all five volunteers. Notice that this result was obtained solely by flow 
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measurements with no pressure measurement involved. The forward and backward propagating flow 
waves consistently showed a different sign, which means that the backward flow wave was negatively 
reflected and should be subtracted from the forward flow wave. This is in agreement with earlier 
studies, which have demonstrated that the pressure pulse shows a positive reflection and the flow 
pulse a negative reflection from the periphery [ 145]. Also a consistent delay was observed of about 
100 ms between the foot of the forward and the foot of the backward propagating flow waveforms, 
demonstrating the presence of a distal reflection site. If a wave velocity of 5 rn/s was assumed, the 
effective reflection site would be located at about 25 em distal from the middle of the thoracic aortic 
segment. This location roughly coincides with the aortic bifurcation into the common iliac arteries 
and is not in contradiction with earlier studies [6,7,63,71]. 

The shapes of the forward and the backward flow waveforms are different because the 
propagation coefficient as well as the reflection coefficients of multiple distal reflection sites are 
frequency dependent [71 ,91]. A remarkable observation is that the measured flow wave sometimes 
shows retrograde flow, whereas the forward propagating flow wave does not when we consider its 
end diastolic value as the zero flow baseline. This implies that retrograde flow is caused by the 
negative reflection of flow [ 145]. Therefore, the retrograde flow as observed in the proximal aorta, 
should not solely be related to coronary artery flow as suggested by Bogren eta/. [ 16]. 

The reflected backward propagating area wave has the same sign but not the same shape as the 
initial forward propagating area wave. It is only after summation, that the measured area waveform 
obtains its slowly falling diastolic area, depicting the well-known shape of a pressure waveform. It is 
therefore the reflection that produces the characteristic shape of the pressure wave, and not the elastic 
recoil which is often incorrectly thought to convert the potential energy in the distended arteries into 
forward flow in the Windkessel model (16,29,68,93]. 

The true phase velocities in the human thoracic aorta were all found to increase with frequency, in 
agreement with earlier studies [32,77]. Quantitatively, the phase velocities at higher frequencies agree 
well with the foot-to-foot velocities of 4-5 rn/s found in literature [91 ,93]. However, the true phase 
velocity of about 2 rn/s at the lowest frequency is unexpectedly low. Since all volunteers 
demonstrated comparably low values, this is not an accidental finding. Since the MR acquisition is 
totally non-invasive, it is likely that the vessel wall is in a fully relaxed state. In contrast, with more 
invasive instruments like intra-arterial pressure transducers, the vessel wall could be in a more 
stressed state due to muscular activity, resulting in a lower distensibility and a higher true phase 
velocity. Other studies confirmed that the distensibility of the arterial wall in vivo is higher than in 
vitro [ 48,56]. 

The accurate measurement of the attenuation coefficient has remained problematic in the past, 
with strongly varying results depending on the method used [13]. In this study, although a single 
method was used, the attenuation coefficients determined for all volunteers were also found to vary 
significantly. For some volunteers the true attenuation at a specific frequency was seen to be highly 
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Figure 7.7 Plot of the forward and the backward propagating area waveforms 
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negative, which would mean strong amplification (gain). In our model, wave amplification is 
physically impossible, and must be attributed to nonlinearities causing frequency interaction (mixing) 
or to tapering effects. As shown in figure 7.4, the true attenuation for volunteer A was calculated to 
increase with frequency, in agreement with earlier studies [77 ,91]. 

In every volunteer we found a steady decrease of the average flow along the thoracic aortic vessel 
segment, as illustrated in figure 7.2. This confirms the leakage of blood into small side branches and 
seepage, which are known to be present but were not accounted for in our single segment modeL 
However, the average flow equals the Oth harmonic component in the frequency domain, which was 
omitted from our calculations. The first and higher harmonic flow components were used to calculate 
the area wave that was compared with the directly measured area wave. Due to respiratory influences, 
the short term beat-to-beat physiological variation in the heart-interval is of the order of 2%, while the 
variation in pulse-pressure is of the order of 4% [14] . Anticipating on the physiological variation 
between successive measurements, which is of medium-term and can even be larger than the 4% 
short-term variation (see also figure 4.9), the calculated area wave and the directly measured area 
wave can be considered to agree. This result implies that leakage hardly affects the higher harmonic 
frequency components, i.e. the flow into the intercostal arteries is approximately constant. Although 
this only provides a first order validation of our model assumptions, we expect that the second order 
separation procedure of forward and backward propagating flow waves will also be hardly affected by 
leakage terms. Chapter 8 will further explore the relation between the vessel area and the volume flow 
rate, which in fact are integrated by the one-dimensional law of mass conservation in equation 7.8. 

The separation procedure presented in this chapter highly relies on the accuracy of the flow 
acquired versus position and time. As flow sensitivity was selected in the axial direction only, 
systematic errors could result from a curved aorta or transverse flow components. As the thoracic 
aorta is relatively large and straight this appears to be the easiest vessel to assess with MR. The phase 
velocity in the aorta is lower than in more peripheral vessels, and hence the spatial variation of the 
flow at a certain time is larger and the delay between forward and backward propagating flow waves 
is longer and therefore more easy to determine. Unfortunately, first results of MR measurements in 
straight parts of the common carotid and femoral artery have demonstrated insufficient accuracy and 
especially temporal resolution of the MR technique to obtain a reliable separation. 

Clinically, the non-invasive separation of forward and backward propagating flow waves in the 
thoracic aorta, as described in this chapter, could be used for future planning of physiological or 
therapeutic interventions designed to decrease the amplitude of the reflected wave or to alter its 
timing, which may be beneficial in patients with heart failure [70]. Reflection may also be of 
importance for the design of artificial grafts involving extensive segments of the human aorta. Finally, 
pharmacological therapies which may have a protective effect on the cardiovascular system by acting 
more or less selectively on arterial compliance could be followed by measuring the true propagation 
coefficient, which reflects this vascular wall property. 
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Chapter 8 

Integration of Anatomy and Hemodynamics 1 
The Law of Mass Conservation 

8.1 Introduction 

In the vascular laboratory, the law of mass conservation in the form of a constant blood flow along a 
short vessel segment is used every day when the increase in maximum blood velocity measured with 
Doppler UltraSound (DUS) at the site of a stenosis is converted into a percentage of vessel area 
reduction [46]. This procedure of converting hemodynamical into anatomical information relies on a 
linear relation between the maximum and the spatially averaged blood velocity. Since a linear relation 
not always holds, especially not in the case of multiple stenoses, the grading of, for example, carotid 
artery stenosis by DUS examination has shown significant discrepancies with standard x-ray 
angiography [5,55]. The major cause of these discrepancies is the presence of complex or non-laminar 
flow patterns, especially under pathological conditions, which can disturb the linear relation between 
maximum and average velocity. Therefore, in current clinical practice, most surgeons still require pre
operative angiographic evaluation of the external cerebral arteries [8]. 

In animal studies on pressure and flow wave propagation phenomena, usually the artery under 
examination is prepared by artificially occluding all side branches [90, 122]. By this highly invasive 
procedure, leakage of blood out of the vessel segment under consideration is prevented and the flow 
is forced to be constant. In vivo, the descending thoracic aorta has numerous small side branches, 
resulting in a certain volume of blood leaking out of the aortic segment into the intercostal arteries. 
Earlier MR studies on pulse-wave velocity have neglected this fonn of leakage, as its effect on the 
measurement was assumed to be insignificant [18,77]. Since MRA has shown its potential of 
measuring both the anatomical vessel area and the hemodynamical volume flow rate (see chapters 2 
and 4) and is also completely non-invasive, it is probably the ideal technique to investigate whether 
the law of mass conservation may directly be applied to the human descending thoracic aorta. 

In chapter 6, the one-dimensional form of the law of mass conservation (equation 6.17) was 
formally derived by integration of the 3D continuity equation over the cross-sectional vessel area. In 
chapter 7, this relation was already applied in the frequency domain (equation 7.7) to validate the 
hemodynamical MR measurements and model assumptions. No specific studies on the direct 
applicability of equation 7.7 to the flow in the aorta were found in literature. Because this relation is 
very important in this work, as it integrates the information on the anatomical vessel area and the 
hemodynamical volume flow rate, this chapter will thoroughly reconsider the law of mass 
conservation with respect to its applicability and consequences. Results are given and discussed for 
MR flow data measured in the healthy human descending thoracic aorta. 

8.2 Materials and methods 

The same MR data that was used in chapter 7, acquired from 5 healthy young male volunteers, is used 
in this chapter and will also be used in chapter 9. The volume flow rate as a function of time and 
position along a segment of the descending thoracic aorta without major side branches was measured 
with a 3D PCA scan (see figure 7.2). Three 2D QF measurements, which give both the flow and the 
transverse vessel area as a function of time, were performed at the proximal end, at the distal end, and 
in the middle of this vessel segment. 
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The aortic vessel segment under consideration is modeled as a single thin-walled cylinder with 
constant diameter and wall properties and no side branches, as illustrated in figure 8.1. In chapters 6 
and 7, the one-dimensional form of the taw of mass conservation in the time domain was given by 

(8 .1) 

The validity of this equation for a single vessel segment without any side branches is immediately 
clear from figure 8.1, since, for an incompressible fluid, any spatial difference in volume flow Q 
along the segment should be accompanied by a temporal change in the transverse segment area A. In 
the time domain, the area at the middle of the vessel segment is calculated from the flow data by 
integrating the spatial derivative of the flow. Note that all spatial derivatives of the flow are 
determined over the full length of the vessel segment. 

The waveforms of the vessel area A and the volume flow rate Q can be regarded as the sum of 
harmonic waves. Discrete Fourier transformation decomposes these temporally sampled waveforms 
into their complex harmonic frequency components. In the frequency domain, the law of mass 
conservation for a single vessel segment without any side branches is written as 

. • did 
uuA+ - - =0 

dz 
(8.2) 

where m is the angular frequency. This equation relates the harmonic wave component of the 
anatomical vessel area to the spatial derivative of the hemodynamical flow component. By summation 
or backward Fourier transformation of all harmonic frequency components, the vessel area as a 
function of time is reconstructed. 

In vivo, a certain amount of blood always leaves the vessel segment into small side branches and 
it has been suggested to add a term W to equation 8.2 to account for these leakage terms [57]. The law 
of mass conservation in the frequency domain in the presence of leakage is then written as 

. did tmA+ - +W=O 
dz 

(8.3) 

which may be used for all frequency components. The Oth harmonic frequency components equal the 
mean values of the vessel area and the volume flow rate over time and need special attention. The 
mean leakage term can be calculated directly from the mean flow. A negative value of the spatial 

thoracic aorta 
just below aortic arch 

0 

thoracic aorta 
just above mesenteric artery 

z-----. 
Figure 8.1 Drawing of the single segment model that represents the 
descending thoracic aorta. The origin of the z-axis is chosen at the middle of 
the vessel segment. Positive z coordinates and flow Q are defined in the 
direction from proximal to distal. 
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derivative of the mean flow over the full length of the vessel segment is regarded as a homogeneously 
distributed constant leakage of blood out of the vessel segment. As the angular frequency OJ is zero, 
the mean vessel area, which physically has a nonzero value, cannot be calculated. 

For the first and higher harmonic frequency components, leakage and attenuation produce a 
similar decrease of the flow wave amplitude and can therefore not be distinguished. Several options to 
approximate the higher order leakage terms exist. First, leakage can be assumed to be absent, so that 
equation 8.2 can be applied directly. Second, as a first order approximation, the relative amount of 
leakage for the first and higher harmonic flow components can be assumed to equal the relative 
amount of mean leakage (strongly suggested by figure 8.4). Finally, a situation may exist which is in 
between the above two options. In order to determine the most applicable option, the vessel area as 
directly measured with a 2D QF scan was compared to the area as calculated from the flow data after 
this data was corrected for variable amounts of leakage. This correction procedure for the first and 
higher harmonic components is mathematically expressed as 

1\ ( ) Qmeasured ( Z) 
'>!corrected Z = 1 8Q 

i+CF· .~.z 

Q meanlz=O 8z 

(8.4) 

where CF is the Correction Factor, which is chosen to have a value of 0 (no correction), 0.25, 0.5, 
0.75, and I (full correction). 

8.3 Results 

Comparison of the flow measured with 2D QF and 3D PCA 

As an internal validation of the MR flow measurements, the results of the 2D QF and the 3D PCA 
scans are compared at three different positions along the aorta and shown in figure 8.2. Tn general, the 
flow waveforms are very similar with respect to both shape and amplitude. During the first half of 
systole, including the rising slopes, the 2D QF and 3D PCA waveforms agree very well with respect 
to timing and amplitude-. At position 2 the measurements show no systematic differences during the 
complete heart interval. However, during the second half of systole at the falling slopes of the flow 
waveforms, the flow at position I and especially at position 3 appears to be significantly lower 
measured by 3D PCA than measured by 2D QF. 

Conservation of mass in the time domain 

Direct integration of equation 8.1 with respect to t in the time domain using the flow data obtained 
from a 3D PCA scan on the thoracic aorta, gives the vessel area in the middle of the vessel segment as 
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Figure 8.2 Comparison of the volume flow rates measured with 20 
Quantitative Flow (QF) and 30 Phase Contrast Angiography (PCA) in the 
descending thoracic aorta of one of the volunteers. Position 1 is just below the 
aortic arch and position 3 is just above the mesenteric artery. Position 2 is 
located at :Y. of the distance between positions 1 and 3. For clarity, only the 
first half of the heart interval (500 ms) is depicted. 
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a function of time. Figure 8.3 compares this vessel area to the area as directly measured by a 2D 
Quantitative Flow scan. Obviously, the area waveforms do not agree. The directly measured area 
waveform is periodic in time, which means that the areas at the start and at the end of the heart
interval are equal, whereas the vessel area calculated from the flow data shows a continuous increase 
and is much higher at the end of the heart-interval than at the start. 

Conservation of mass in the frequency domain 

In the frequency domain, the flow waveform is represented by its harmonic wave components, the 
frequencies of which are integer multiples of the cardiac frequency. Figure 8.4 shows the amplitude 
and the phase of the individual wave components for the first 8 flow harmonics as a function of 
position along the thoracic aorta. The Oth harmonic flow component equals the mean or stationary 
flow and is found to decrease gradually from about 90 ml/s at the proximal end to about 70 mils at the 
distal end of the vessel segment. This means that for this volunteer about 22% of the mean flow leaks 
into the intercostal arteries branching from the 12 em long aortic vessel segment or into other small 
arteries feeding the aortic wall. The first few flow harmonics (1st to 3rd) seem to show a similar 
decrease in amplitude with distance from the heart. This observation suggests that the amount of 
leakage for the first few flow harmonics is equal to that for the Oth flow harmonic. Hence, the 
correction for leakage using the spatial derivative of the mean flow as expressed by equation 8.4 is 
expected to be a valid procedure. For higher harmonics, e.g. for the 8th harmonic, the amplitude can 
be seen to increase distally. 

The phase of all harmonic frequency components is seen to decrease almost linearly with distance 
from the heart. As the slope of these plots is related to the apparent wave velocity, which will be 
calculated and given in chapter 9, this velocity is approximately constant over the distance of 12 em 
that has been measured. These phase plots illustrate clearly that with increasing frequency, the 
statistical standard deviation of the phase also increases. 

Using all except the Oth harmonic flow components, the vessel area in the middle of the vessel 
segment was calculated in the frequency domain according to equation 8.2. Figure 8.5(A) compares 
this vessel area to the area directly measured with the 2D QF scan. Figure 8.5(8) shows the area 
waveforms calculated after correcting the measured flow data for a variable amount of leakage 
according to equation 8.4. Considering the range of calculated area waveforms from uncorrected to 
fully corrected, the measured vessel area more closely corresponds to the uncorrected waveform than 
to the fully corrected waveform. The latter has a clearly different shape. With respect to timing and 
amplitude, the uncorrected and the 25% corrected waveform agree equally well with the direct 2D QF 
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Figure 8.3 Plot of the vessel area in the middle of the thoracic aorta of a 
healthy volunteer as directly determined from the anatomical images of a 2D 
Quantitative Flow scan, compared to the area calculated in the time domain 
from the 3D PCA flow data. Since the offset of the calculated area waveform 
is unknown, the first point at time zero is made equal to the direct 
measurement. 



Integration of Anatomy and Hemodynamics 1: The Law of Mass Conservation 

120 

"' "" .5. 100 
.\1 
c 
0 

~ 80 

"' .c 

~ 60 
g 
0 40 
Q) 

"' ~ 20 c. 
E 
..: 

0 

3 

0 -1 
Q) 

"' ~ -2 
ll. 

-3 

-60 -40 

~-

~ 

~ 

-60 -40 

A 

-20 0 20 40 60 

Position along aorta (m m) 

B 

~ 

~ 

~ -..- "'---...... 
~ 

- ~ -- ~ '-...,.. -"--..,/ 

-20 0 20 40 60 

Position along aorta (mm) 
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measurement. In 3 out of 5 volunteers we obtained similar results. The fourth volunteer showed no 
significant differences between the uncorrected and fully corrected waveforms, probably because his 
mean flow decreased by only 14% along the vessel segment. From the fifth volunteer the 2D QF 
scans were not available. 

8.4 Discussion 

Comparison of the flow measured with 2D QF and 3D PCA 

Although earlier studies have reported excellent reproducibility of the MRI flow curves [15], we 
found that this qualification strongly depends on its definition. Figure 8.2 showed that in the first half 
of systole the 2D QF and 3D PCA flow measurements perfectly agreed. However, in the second half 
of systole, the measurements showed systematic differences at two out of three positions, most likely 
due to normal physiological variation (see also chapter 4). Recall that the scan-time of the 3D PCA 
scan is about 15-20 minutes and that the flow is averaged over this same time intervaL Any 
physiological variation in heart rate or flow amplitude during the acquisition will therefore 
simultaneously affect the measured flow at all positions [72]. The 2D QF scans, however, each with a 
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Figure 8.5 (A) Comparison of the vessel area as calculated from the flow data 
in the frequency domain and as directly measured with a 20 QF scan. In (B) 
the same area waveforms are shown, supplemented by the calculated 
waveforms after 25%, 50%, 75%, and 100% correction for leakage. The data 
comes from the same volunteer as in figure 8.3. Because the Oth harmonic 
component is omitted in the calculation, the waveforms are depicted with an 
average of zero. 
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scan-time of about 6 minutes, are performed sequentially, and give the average flow over different 
time intervals. These scans can therefore show medium-term (several minutes) physiological 
variation. Since physiological variation usually affects the duration of diastole and the amplitude of 
the pressure or flow waves [ 14], the first half of systole will be less affected than the second half, as 
confirmed by our results. In chapter 4, the medium-term physiological variation was determined to be 
about 8 mils. At position 3, the difference between 2D QF and 3D PCA is seen to be even higher and 
approximates almost 50 mils during the falling slope of the waveform. This relatively large 
discrepancy may still be attributed to physiological variation, as no sources of systematic error can be 
identified, which is supported by the perfect agreement at position 2. 

The spatial differences between the flow waveforms obtained by 3D PCA show to be relatively 
small and are comparable to or even smaller than the medium-term physiological variation obtained 
from the 2D QF measurements. Since the first and second order spatial derivatives of the flow are 
respectively used for vessel area calculation and waveform separation, which was performed in 
chapter 7, physiological variation is a major source of error in these procedures. To avoid this error, 
Urchuk et al. averaged 2 or 3 scans at multiple positions in an interleaved manner, which, 
unfortunately, is a very time consuming solution [137]. Dumoulin eta!. used a comb excitation and 
Fourier velocity encoding to acquire the data simultaneously [36]. A different solution would be to 
acquire the 2D scans at all positions in an interleaved manner. This option, however, has not been 
implemented on our scanner yet (Philips Gyroscan NT 1.0 T, Release 6). 

Given the above discussion, it is likely that the physiological state of the volunteer during the 2D 
QF scan at position 2 was identical to that during the 3D PCA scan. The waveforms of these scans 
perfectly agree with respect to both their timing and amplitude. As the 2D QF technique has been 
extensively validated both in vitro and in vivo (see chapter 4), this agreement may be regarded as an 
in vivo validation of the 3D PCA technique under these experimental conditions. 

Conservation of mass in the time damain 

From analysis of figure 8.4(A), it is obvious that direct application of the law of mass conservation in 
the time domain will result in a nonperiodic area waveform, as shown in figure 8.3. This is because 
the mean flow is shown to decrease from proximal to distal, thereby producing a constant negative 
spatial derivative of the flow, resulting in a constant increase of the vessel area as a function of time. 
In all five volunteers we found a significant leakage of the stationary flow into the intercostal or small 
wall feeding arteries. Therefore, direct application of the law of mass conservation in the time domain 
is not allowed. · 
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Urchuk and Plewes introduced a time domain method to determine the blood pressure variation 
from three flow measurements based on the one-dimensional equations of mass and momentum 
conservation given in chapter 6 [135]. The validity of their method in distensible vessel phantoms 
without side branches is obvious. They also demonstrated the in vivo feasibility of the method applied 
to the descending thoracic aorta, but only after an offset correction, which forced the pressure cir area 
waveform to be periodic [137]. Physically, this correction was equivalent to requiring the mean flow 
component to be constant. Inaccuracies in the phase-difference calculation were thought to prescribe 
this correction. However, the present study demonstrates that a nonperiodic vessel area waveform in 
the time domain simply results from leakage and that measurement errors play an insignificant role. 
In the case of multiple 2D QF measurements, physiological variation may be an additional cause of a 
nonperiodic area waveform. 

Conservation of mass in the f requency domain 

In the frequency domain, it is easy to avoid the constant increase in vessel area by neglecting the 
stationary Oth harmonic frequency components. The periodicity of an area waveform is guaranteed as 
it is the sum of several periodic harmonic waves. Figure 8.5(A) shows that direct application of the 
law of mass conservation in the frequency domain gives an area waveform that agrees well with the 
direct measurement. The procedure of correcting all flow harmonics for leakage terms is based on the 
assumption that they all show the same relative decrease in amplitude along the vessel segment as the 
Oth harmonic component. The data presented in figure 8.4 suggests that this assumption is valid. 
However, if leakage had decreased the amplitude of the 1st and higher harmonic components by the 
same 22% as it did the Oth harmonic component, the amplitude of the calculated vessel area 
waveform would have been significantly lower than directly measured, as shown in figure 8.5(B). 
This amount of correction is obviously not required. The directly measured vessel area agrees equally 
well with the uncorrected and the 25% corrected waveforms, but deviates strongly from the I 00% 
corrected waveform. This means that the first and higher harmonic flow components are hardly 
affected by leakage terms, and that leakage consists of a constant flow out of the thoracic aorta into 
the intercostal arteries. 

The above result has major implications. First, the direct applicability of the law of mass 
conservation using the first order spatial derivatives of the flow in the frequency domain implies that 
our model of a single vessel segment without any side branches describes the flow phenomena in the 
thoracic aorta correctly to first order. Second, the agreement between the calculated and the directly 
measured area waveforms is an internal validation of both the anatomical information (vessel area 
versus time) and the hemodynamical information (flow versus time and position). Third, leakage 
terms were shown to affect only the Oth harmonic flow component. The first and higher harmonic 
components were shown not to be significantly affected. It is unlikely that leakage terms that hardly 
affect the first order spatial derivative of the flow will show up in the second order spatial derivative 
of the flow. Therefore, the separation of the flow wave into forward and backward propagating 
components, as described in chapter 7, which is based on the second order spatial derivative of the 
flow, can be considered as a valid procedure, at least in the descending thoracic aorta. 

8.5 Conclusions 

The spatial derivative of the flow waveform along the aorta has a relatively small value, due to its 
long wavelength compared to the length of the vessel segment. As a consequence, mediwn-term 
physiological variation in heart-interval or flow amplitude would cause large errors if the results of 
multiple sequentially performed 2D QF scans were used. These errors are avoided by using a 3D PCA 
scan that simultaneously measures the flow along the whole vessel segment. 

Direct application of the one-dimensional form of the law of mass conservation in the time 
domain is not allowed due to significant leakage of blood out of the descending thoracic aorta. In the 
frequency domain, however, the calculated vessel area is periodic by definition, and shows a good 
agreement with the directly measured vessel area. This implies that in the descending thoracic aorta, 
leakage terms are almost absent in the first and higher harmonic frequency components, and that the 
law of mass conservation may directly be applied. 
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Chapter 9 

Integration of Anatomy and Hemodynamics 2 
Vessel Tapering 

9.1 Introduction 

Individual arteries tend to become narrower as they progress towards the periphery. Relatively few 
measurements of this vessel tapering are available, but observations on the canine aorta and coronary 
arteries indicate an angle of taper of 1°-2°. Tapering is the most obvious source of convective 
acceleration and , combined with the distention of the travelling pressure wave, can produce 
significant nonlinear effects [80,91]. Although all human arteries are more or less tapered, the 
descending thoracic aorta appears to be a special case. The cross-sectional vessel area of this aortic 
segment decreases with distance from the heart, but the summed area of the aorta and the more 
numerous intercostal branchings is almost constant [37]. Tapering effects in the descending thoracic 
aorta may therefore expected to be less prominent, because of blood leaving the main vessel by way 
of side branches in exactly the right proportions [91]. 

From numerical simulation studies, several differences were found between linear and nonlinear 
theory in the description of tapering [9,13]. For instance, in the untapered vessel, the pressure returns 
to the preload value when the pulse has completely crossed a section; in the tapered case, on the 
contrary, the pressure remains considerably higher than the preload value for a long time. This feature 
was explained as an energy transfer from high to low frequencies and is a remarkable effect of the 
system's nonlinearity. These studies concluded that most of the features that are caused by tapering 
cannot be deduced from linear theory. However, this conclusion applies to vessel tapering in general 
and it may not apply to the special case of the human descending thoracic aorta. 

Since the general goal of this work is to obtain a theoretical framework and a physical model to 
describe the major features of the flow measured by MR in the descending thoracic aorta, a linear 
model is preferred because of its numerical ease of implementation and the possibility of analysis in 
the frequency domain. In this chapter, the effects of tapering on the attenuation coefficients and phase 
velocities of the separated flow wave components as a function of frequency are of prime interest (see 
also chapter 7). Therefore, it is assumed and subsequently demonstrated that tapering effects in the 
thoracic aorta can satisfactorily be described by the linear one-dimensional wave equations derived in 
chapter 6. A multiple segment model will be introduced, in which the segments have cross-sectional 
areas given by the anatomical information embedded in the 30 PCA data. Results obtained with the 
untapered single segment model, given in chapter 7, are compared to the results obtained with this 
tapered multiple segment model, using the data from the human descending thoracic aorta described 
in the previous chapters. In the multiple segment model, information on both the vessel area and the 
blood flow is used, which implies an integration of anatomy and hemodynamics. This latter point has 
not been emphasized by any experimental study in literature so far. 

9.2 Theory 

The spatial distribution of pressure and flow waveforms throughout the whole human arterial system 
have earlier been described adequately by a multi-branched model, in which the basic computational 
unit was an arterial segment, that was considered as a thin-walled uniform cylindrical tube [7]. 
Similarly, vessel tapering can be modeled by dividing a vessel segment up into several contiguous 
smaller segments with gradually decreasing vessel area. This tapered multiple segment model is 
illustrated in figure 9.1. Each individual segment is considered to be a thin-walled cylinder with 
constant diameter and wall properties like the single vessel segment drawn in figure 8.1. In such a 
single vessel segment, the propagation coefficient k completely describes the velocity and attenuation 
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z___. 

Figure 9.1 Schematic drawing of the multiple segment model representing a 
tapered vessel. Each segment has length L and vessel area An and contains a 
volume flow rate On, where n ranges from 1 to the number of segments N. 
The z-coordinate is defined in each segment separately and equals 0 at the 
proximal end and L at the distal end. 

of the forward and backward propagating flow waves. Additionally, in a tapered vessel, forward 
running waves experience a narrowing of the vessel while backward running waves experience a 
widening. Transmission and reflection phenomena occur at the transitions between the segments, 
which will affect the propagation of pressure and flow waves in the tapered vessel as a whole [I 00]. 

At the transition from the first to the second segment, which is defined at position L in the first 
segment and at position 0 in the second segment, the flow Q and the pressure p are continuous, which 
is expressed as 

{
Q1(L)=Q2(0) 

p1 (L) = p 2 (0) 
(9.1) 

If the pressures p 1(L) and pJ{O) are identical at every moment in time, their time derivatives will also 
be identical. This latter identity can be written in terms of flow by using the relation 

(9.2) 

which is the one-dimensional law of mass conservation given by equation 6.25 derived in chapter 6. 
After rearrangement it follows that 

(9.3) 

where C, and C2 are the linearized compliances of the first and the second segment, respectively. 
Thus, continuity of flow and pressure at a transition yields two independent equations for the flow 

in the segments at either side of this transition. To solve these equations for N segments, Qn(O) and 

Qn(L) will first be expressed in their forward and backward propagating wave components in the 

frequency domain. At each harmonic frequency, the flow On in segment n is the sum of a forward 

propagating wave component On! and a backward propagating wave component Onb with the same 

propagation coefficient k"' since each segment has constant diameter and wall properties (see also 
chapter 7). In terms ofthese components, equations 9.1 and 9.3 can be rewritten as 
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(9.4) 

where Cln/and Clnb are short notations for Cln_t<O) and Qnb(O), respectively. With N segments, there are 

N-1 transitions and 2·(N-l) independent equations. Note that for each segment, 4 unknown variables 
have to be determined. These are the forward and backward propagating flow components, the 

propagation coefficient, and the compliance. Hence, to solve equation 9.4 for these 4·N unknown 

variables, several additional assumptions are required. 
The propagation coefficient k depends on properties of the blood and the vessel wall and can be 

expressed in terms of characteristic material properties [91]. If the dimensionless Womersley 
parameter a, which defines the ratio of the instationary inertia forces to the viscous forces (see 
equation 6.9), is much larger than I then the fluid viscosity may be neglected and the wave velocity 
approximates the Moens-Korteweg equation for the wave speed [91] 

(9.5) 

where E is the elasticity modulus and h is the thickness of the vessel wall. As earlier defined in 
chapter 6, p is the density of blood, and a0 is the mean vessel radius. Under the assumptions that the 
elasticity modulus and the ratio of wall thickness to vessel radius are constant along the tapered vessel 
segment, equation 9.5 implies that the wave velocity is also constant. Note that the elasticity modulus 
E is complex valued in the case of a viscoelastic vessel wall and may be frequency dependent. This 
provides a strong argument to generalize the above conclusion for the wave velocity by defining a 
constant value of k along the vessel, thereby implicitly defining a constant wave attenuation as well 
(see equation 7.4). By this definition, only one value of the propagation coefficient k for all segments 
has to be determined. For a large value of a, equation 6.26, which was derived from the laws of mass 
and momentum conservation and not from the material properties of blood and the vessel wall, 
reduces to 

k =±m /pCo 
v Ao 

(9.6) 

For a constant value of k along the vessel, the compliance C0 is proportional to the mean vessel area 
A 0. As a result, the compliances C1 and C2 in equation 9.4 may be replaced by the vessel areas A 1 and 
A2, respectively. If the vessel area as a function of axial position is measured directly using an 
anatomical MRA technique, this will reduce the number of unknown variables even more. A matrix 
equation for the flow wave components in all segments can now be formulated. For N = 3, this matrix 
equation is given by 

(>If 

[ '" 
eikL -I -I 0 

;.] 
C>tb 

=[~] 
- le -ikL 
- ·e _! . e ikL _l .=.!. 0 (12/ A, A, A, A, (9.7) 

0 0 e-ikL e ikL -1 (12b 
0 0 .=.!. · e-ikL 1 ikL _l 

Q3f - · e 
A, A, A, A, 

(13b 

In general, for N segments, the matrix equation contains 2·(N-l) independent equations for 2N+i 
unknown variables, which are the 2·N flow wave components and the propagation coefficient k. 
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Regardless of N, this mathematical problem has 3 degrees of freedom. To solve the matrix equation, a 
specific value of k must be known a priori and two extra equations for the flow components must be 
provided. Several options exist to satisfy these requirements. The specific option that was chosen here 
will be described in the next section. 

Next, consider two vessel segments 1 and 2. If the backward propagating flow wave component 

(22b in segment 2 is set to zero, the transmission coefficient T of the transition between segment I and 

2 for a single forward propagating flow wave is given by 

T= (22f 
1\ -ikL 
~Jf ·e 

(9.8) 

The condition of a zero backward flow component in the second segment is required, since the 

forward flow component (221 is defined as the sum of all forward propagating components that are 

present due to multiple reflections, which includes the reflection of (22b at the transition. From 

equation 9.4, after replacing the compliances C1 and C2 by the mean vessel areas A1 and A2> which is 

allowed when a>> I, it can be calculated that 

(9.9) 

This expression shows that the transmission coefficient is real valued and always positive, which 
implies that a transition adds no phase shift to the transmitted flow wave. The reflection coefficient R 
at the same transition is given by 

(9.10) 

In the case of a tapered vessel, A 1 > A2, T < I, and R < 0, which implies that the transition causes an 
extra attenuation of the transmitted forward propagating wave, but also generates a reflected flow 
wave which is 180° out of phase. In contrast, backward propagating flow waves experience a 
widening of the vessel area and for these waves at the same transition T > 1 and R > 0. Obviously, if 
A 1 = A2 then T = I, R = 0, and no transition can be observed. 

9.3 Materials and Methods 

The same MR data that was used in chapters 7 and 8, obtained from the descending thoracic aorta of 
young healthy male volunteers, was used in this chapter. The Womersley parameter a in the human 
aorta at the first harmonic frequency is about 20, which may be regarded as much larger than 1. 
Furthermore, since tbe elasticity modulus of the vessel wall and the ratio of wall thickness to vessel 
radius are approximately constant along the descending thoracic aorta [91], the equations derived in 
the previous section are assumed to be valid. 

A 3D PCA scan was used to measure the hemodynamical flow as a function of time and position 
along the descending thoracic aorta without major side branches (see the intermezzo in chapter 7 for 
scan details). New in this chapter is that anatomical information on the tapering of this aortic vessel 
segment was obtained from the PCA/M data, which gives the magnitude of the complex difference 
between two flow sensitive acquisitions (see figure 4.7). Figure 9.2 shows an example of the PCA/M 
images obtained from one of the volunteers. The vessel area was determined in the reconstructed 
transverse images using a region growing algorithm with a threshold value halfway between the 
vessel and the background signal intensities (see also chapter 5). The 3D PCA scan was 
retrospectively triggered, resulting in multiple heart phases covering the full cardiac cycle. Notice that 
only systolic phases can be used to determine the vessel area as only flowing blood shows up bright. 
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Figure 9_2 PCA/M image corresponding to the middle coronal slice of the 
scan volume acquired at peak systole. The aorta and a little part of the vena 
cava show up bright. The vessel area along this segment of the descending 
thoracic aorta was determined in the transverse reconstructions and ranges 
from 380 mm2 at the proximal end to 250 mm2 at the distal end. 
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However, a single systolic phase can show the extra vessel tapering due to the travelling pressure 
wavefront in addition to the natural tapering. In order to determine this natural tapering only, all 
systolic phases from about 125 ms to 300 ms were summed together. This procedure averages the 
vessel area over the duration of systole but not over the complete cardiac cycle including diastole. 
The real mean vessel area is therefore somewhat smaller. Although the diameter of the aortic root in 
cats was shown to vary by about 20% over a physiological pulse pressure (40 mm Hg) and in the 
lower thoracic aorta the variation was shown to exceed 15% [ 6], to first order, the mean tapering 
angle will hardly be affected by taking the systolic vessel area. Hence, the above procedure 
introduces only a minor error. 

In chapter 7, the propagation coefficient k, the forward propagating flow component fd1, and the 

backward propagating flow component fdb were calculated with the single segment model from a 

quadratic fit of the observed flow Q versus the axial position z. In this chapter, as an improvement of 

the quadratic fit method, an iterative method to fit equation 7.2 is employed. The results from the 

quadratic fit method are taken as initial values for further iterative variation to minimize the sum of 

square differences between the observed flow and the calculated flow. The expression that is 

minimized for each harmonic frequency is given by 

L lfd(z)-Qf · e -ikz -Qb · ei*z l2 (9.11) 
z 

In the tapered multiple segment model, matrix equation 9.7 for N segments was solved by defining 

the propagation coefficient k and the forward and backward propagating flow components at the 
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middle segment (Qnf and Onb with n equal to the rounded value of N/2) as the variables to vary. As 

initial values for these three variables, the values calculated with the single segment model were 

taken. By solving the matrix equation, the values of the forward and backward propagating flow 

components in all other segments were obtained. The expression that was minimized by iterative 

variation is given by 

(9.12) 

where the axial positiOn z equals (n-N/2)-L. The segment length L is given by the axial spatial 
resolution of the scan and was 6 mm. The number of segments N depends on the position of major 
side branches and the length of the descending aorta and was about 26. Note that in each iteration the 
matrix equation has to be solved, which makes this procedure relatively time consuming. In the above 
fitting procedures, each complex variable was individually varied with an accuracy conesponding to 
I% of its real or imaginary part. 

To illustrate the procedure outlined above, the effects of tapering in the hypothetical cases of a 
single forward and a single backward propagating flow wave were also calculated. In both cases, the 
vessel area determined for one of the volunteers was taken to define the anatomical dimensions of the 
multiple segment model. Also the propagation coefficient k calculated with the tapered multiple 
segment model for the same volunteer was used and considered as the conect value. In the case of a 
single forward propagating wave, the forward flow component in the most proximal vessel segment 
was arbitrarily set to I. The backward flow component in the most distal vessel segment was set to 0. 
These two definitions provided the extra two equations for the flow components, required to solve 
matrix equation 9.7 directly. In the case of a single backward propagating wave, these boundary 
conditions were reversed. The backward flow component in the most distal vessel segment was now 
set to I, whereas the forward flow component in the most proximal segment was set to 0. Thus, in the 
first case, the proximal input to the vessel segment was given and no reflections occurred distal to the 
vessel segment, whereas in the second case, the distal input to the vessel segment was known a priori 
and no reflections occuned proximal to it. 

9.4 Results 

An example of how accurate the observed flow can be fitted using the three different methods 
described in the previous section is shown in figure 9.3. The curve derived with the single segment 
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Figure 9.3 Plot of the amplitude of the 7th harmonic frequency component of 
the flow versus the axial position along the human descending aorta. Three 
curves are drawn fitting the observed flow components. The two curves 
derived with the single segment model are mathematically given by equation 
7.2. 
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model from a quadratic fit (see equation 7.5) shows a systematic deviation from the observed flow at 
the proximal part of this aortic vessel segment. After iterative variation of the propagation coefficient 
and the forward and backward propagating flow components in this single segment model 
(minimizing expression 9.11 ), the observed flow is seen to be better approximated. The curve 
calculated with the tapered multiple segment model (minimizing expression 9.12) equals the curve 
calculated with the single segment model. This example, given for the 7th harmonic frequency 
component, illustrates the overall finding that the curve derived from a quadratic fit describes the 
observed flow less accurate than after iterative variation. The deviation is negligible at low harmonic 
frequencies but becomes significant at higher frequencies. The curves derived in the single and the 
multiple segment model after iterative variation were found to describe the observed flow at all 
frequencies equally well. Therefore, in the following, the single and the multiple segment models are 
compared with respect to these results after iterative variation, and the quadratic fit method is left out. 

Complete datasets of the hemodynamical flow and the anatomical vessel area were available from 
4 healthy young male volunteers. For two of these volunteers, the observed flow could be fitted 
satisfactorily, comparable to figure 9.3. However, for the other two volunteers, the observed flow 
could not be fitted satisfactorily, primarily because of a large scatter of the data in the frequency 
domain. Scatter is defined as a significant variation in the observed value for adjacent harmonic 
frequencies or nearly the same position. Although most authors have attributed this scatter to 
measurement errors, nonlinear or inhomogeneous elastic properties of the arterial wall could be 
responsible for this effect [ 127]. As a result, the subsequently calculated hemodynamical quantities 
showed inconsistencies with linear wave theory, which were unlikely and often physiologically 
impossible. In the remainder of this chapter, the results from one volunteer are presented, with the 
remark that this is a best-case scenario. 

Attenuation 

Figure 9.4 shows the results of the separation of the observed 1st harmonic flow waves into forward 
and backward propagating components using the single segment model and the tapered multiple 
segment model. As expected in the descending aorta, the forward flow wave components are larger 
than the backward wave components. Attenuation causes the amplitude of both the forward and the 
backward waves to decrease in their direction of propagation. However, with the tapered multiple 
segment model, the calculated attenuation in the forward direction is clearly higher than with the 
single segment model (the slope is larger). To determine whether this finding is the result of a 
difference in the propagation coefficient k or the result of the extra attenuation caused by vessel 
tapering (see equation 9.9), a comparison of the true attenuation coefficients, defined by the 
imaginary part of k, is given in figure 9.5. Surprisingly, except for the first harmonic frequency, the 
true attenuation calculated with the multiple segment model is systematically lower than that 
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Figure 9.4 Plot of the amplitudes of the 1st harmonic frequency components 
of the forward and the backward propagating flow waves, separated with the 
single and the multiple segment model, versus the axial position. 



96 

7 

6 -

5 - -
E 
<.> 4 -,., 

0 3 

c 2 
0 1 ~ 
::> 0 c 
Q) 
:t:: -1 <( 

-2 

-3 

0 

.......__true. single segment 
--o-true, mu~lple segment 

···.i.··· apparent forward, rnJt segm. 

··D.·· appareru backward. rrult. segm. 

:«: ·· apparent observed 

2 3 4 5 6 

Harmonic frequency number 

Chapter 9 

... :t 

· ·~ 

7 8 9 

Figure 9.5 Plot of five different attenuation coefficients versus frequency. The 
true attenuation coefficient is defined by the imaginary part of the propagation 
constant k, determined in the single and the multiple segment model. The 
apparent attenuation coefficients are plotted for the forward and the backward 
propagating flow components, calculated in the multiple segment model, and 
for the observed flow. The statistical errors in these calculated values are 
comparable to the errorbars drawn in figure 7.4. 

calculated with the single segment model. 
Figure 9.5 also shows the apparent attenuation coefficients of the separated wave components 

calculated with the tapered multiple segment model. The apparent attenuation coefficient is 
determined by the spatial derivative of the amplitude of the wave component shown in figure 9.4 
(similar to equation 7.5). In the single segment model, by definition, the true and the apparent 
attenuation coefficients are equal, but in the multiple segment model, the apparent attenuation may 
significantly differ from the true attenuation, as shown in the figure. At all frequencies, the apparent 
attenuation of the forward propagating flow waves is systematically higher than the true attenuation. 
The apparent attenuation coefficient of the backward propagating waves shows a less systematic 
behavior. 

It is interesting, to compare the true and the apparent attenuation of the separated flow waves in 
figure 9.5 with the apparent attenuation of the observed flow, which is defined in the forward 
direction (see equation 7.5). Although the observed flow components at low frequencies are strongly 
damped, see also figure 8.4, the separated flow components show significantly less attenuation. With 
increasing frequency, the observed flow components become Jess attenuated and are even seen to be 
amplified (negative attenuation), whereas the separated flow components show an increase in 
attenuation. This will further be discussed in section 9.5. 

Phase velocity 

Figure 9.6 shows the true and the apparent phase velocities of the flow waves separated with the 
single and the multiple segment models and also the apparent phase velocity of the observed flow. 
The true phase velocities determined with the single and the multiple segment model show a striking 
resemblance. In addition, the apparent phase velocity of the forward propagating flow waves is 
approximately equal to the true phase velocity. However, similar to the apparent attenuation, the 
apparent phase velocity of the backward propagating flow waves shows a Jess systematic behavior, 
and appears to be higher than the true phase velocity at low frequencies and lower at high frequencies. 

The apparent phase velocity of the observed flow components shows some irregularities with 
frequency but has an average value of about 5 rn/s. At low frequencies, this velocity is significantly 
higher than the true phase velocity, which is 2 rn/s at the first harmonic frequency. The true phase 
velocity increases with frequency and approximates the apparent phase velocity at higher frequencies. 
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Figure 9.6 Plot of five different phase velocities versus frequency. The true 
phase velocity, which is defined by the real part of the propagation constant k, 
is calculated in the single and the tapered multiple segment modeL Apparent 
phase velocities are plotted for the forward, backward, and observed flow 
components. As a measure of the statistical error, the errorbars in figure 7.4 
may be taken. 

Single forward and backward propagating flow wave 
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The results calculated for the hypothetical case of a single forward propagating I st harmonic flow 
wave are shown in figure 9.7. According to the boundary conditions, the forward propagating flow 
component at the most proximal segment equals I and the backward propagating flow component at 
the most distal segment equals 0. Tapering of the vessel causes an additional attenuation, but also a 
reflection of the forward waves at the transitions between the segments according to equations 9 .9 and 
9. 10. Gradually, a backward propagating wave builds up, with an amplitude of 0 at the distal end but 
almost 0.2 at the proximal end. The amplitude of the observed flow component is lower than the 
amplitude of the forward wave component, as the reflection coefficient is negative and the backward 
flow subtracts from the forward flow. 

Figure 9 .8 shows the results in the case of a single backward propagating 1st harmonic flow 
wave. In this case, the boundary conditions are such that the backward propagating flow component 
at the most distal segment equals I, while the forward propagating flow component at the most 
proximal segment equals 0. The amplitude of the backward propagating flow wave appears to be 
amplified. This means that the amplification at each transition resulting from a transmission 
coefficient higher than I (see equation 9.9) overcompensates the true attenuation along each segment. 
The forward propagating wave builds up with an amplitude of 0 at the proximal end to almost 0.2 at 
the distal end. Because of a positive reflection coefficient, the amplitude of the observed flow wave is 
higher than the amplitude of the backward propagating wave. 

9.5 Discussion 

The observed flow components in the thoracic aorta of two out of four volunteers were found to be 
described satisfactorily with the tapered multiple segment model (as an illustration, see figure 9.3). 
For these two volunteers no large systematic discrepancies were present between the measured flow 
and that described by this linear hemodynamical modeL The subsequently calculated wave 
propagation parameters were physiologically consistent. The inconsistencies that were found for the 
other two volunteers could be attributed to systematic measurement errors, but also to frequency 
interaction (mixing) due to convective acceleration terms or nonlinearities in the pressure-diameter 
relation [125]. Secondary flow patterns in the transverse plane, a slightly curved aorta, pulsatility 
ghosting, or physiological variation can locally produce extra phase shifts, which can be 
misinterpreted as axial flow (see also chapter 4). In chapter 7, the flow wave separation with the 
linear single segment model gave physiologically acceptable results for all 5 volunteers (see figure 
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Figure 9.7 Plot of the amplitude of the 1st harmonic frequency component of 
the forward and backward propagating flow waves, calculated for an incoming 
forward wave without distal reflection. In this case, the observed flow is the 
sum of the forward and the backward propagating components. 
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Figure 9.8 Plot of the amplitude of the 1st harmonic frequency component of 
the forward and backward propagating flow waves, calculated for an incoming 
backward wave without proximal reflection. 

7.5). In chapter 8, the one-dimensional law of mass conservation was found to be applicable for the 
same 5 volunteers. In contrast, in this chapter, physiologically consistent results were found for only 2 
out of 4 volunteers. This demonstrates that our linear multiple segment model is on the edge of what 
can be used to describe the MR flow data. More sophisticated nonlinear models should therefore not 
be considered, at least not before the MR acquisition strategy has been significantly improved. 

For the one volunteer of whom the results are given in this chapter, the single segment model and 
the multiple segment model were found to describe the observed flow in his thoracic aorta equally 
well . The accuracy of the fit is therefore not a good criterion to decide on the applicability of one of 
the two models. However, both descriptions still showed some small systematic errors. In figure 9.3, 
the observed flow at z = -36 mm is lower, while at z = 0 it is higher than the best description. It 
appears that in this case the spatial derivative of the observed flow at z = -24 mm is higher than given 
by the models. This feature of the observed flow could neither be explained with the single segment 
model nor with the multiple segment model. Therefore, it must find its origin in system properties that 
were not accounted for in these two models. These can, for instance, be nonlinearities or leakage 
terms. 

The shape of the vessel area as a function of position along the aorta given in figure 9.2 shows up 
in the amplitude of the flow waves separated with the multiple segment model as illustrated in figure 
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9.4. This observation underlines the fact that in the multiple segment model, local anatomical 
information on the vessel area _is integrated to calculate local values of the hemodynamical flow. 

Allenuation 

The results shown in figure 9.4 conform to the idea of a forward flow wave travelling from the heart 
towards the periphery that reflects at a distal site and returns as a backward wave travelling in the 
opposite direction [91, 145]. The amplitude of the backward wave is smaller because of attenuation 
and a distal reflection coefficient smaller than I . However, recall that the forward and the backward 
waves consist of several components from multiple reflections, and that the idea of a single initial 
flow wave with a single reflected wave is too simplistic [I 0]. As a result of internal reflection, vessel 
tapering itself generates a backward propagating wave, as clearly shown in figure 9.7 for the 
hypothetical case of a single forward wave without any distal reflection. Arndt showed that the aortic 
diameter and the distensibility both decreased when plotted as a function of distance from the root, 
but found that the calculated reflection coefficients were quite small [6]. This is in good agreement 
with our reflection coefficient of 0.2. Nevertheless, the backward wave component produced by 
tapering can be a substantial part of the total backward wave. Notice that the above phenomena are all 
incorporated in the multiple segment model in which matrix equation 9.7 is solved. This matrix 
equation simultaneously accounts for the transmission and reflection at all transitions in the tapered 
vessel, and calculates the equilibrium flow components, which should therefore be interpreted as 
such. 

In the multiple segment model, due to reflection and transmission at the transitions between 
segments with different areas, the apparent or global attenuation of the separated flow waves on the 
whole vessel segment was shown to differ from the true or local attenuation (see figure 9.5). The true 
attenuation calculated with the multiple segment model was lower than with the single segment 
model. Yet, the apparent attenuation of the forward propagating waves was higher in the multiple 
segment model. This implies that tapering accounts for a substantial part of the total attenuation of the 
forward propagating waves. Since the effects of tapering are not incorporated in the single segment 
model, the true attenuation calculated with this model should indeed be higher to describe the same 
amount of attenuation. In other words, there are two independent causes for the attenuation of forward 
propagating waves. The first is the true attenuation, given by the imaginary part of the propagation 
coefficient k. The second is the gradual decrease in vessel area in a tapered vessel. In the single 
segment model these two causes are joined into a single propagation coefficient, whereas in the 
multiple segment model they can be treated and quantified separately, using the anatomical 
information on the vessel area as a function of axial position. Earlier studies found that pressure 
waves travelling from the ascending aorta towards the periphery are amplified [62,91]. Milnor noted 
that in a region where the pressure wave is amplified, like in the thoracic aorta, the flow wave should 
decrease in amplitude to a larger extent than can be accounted for by viscous attenuation, i.e. the true 
attenuation. In this chapter, the above point has now been demonstrated experimentally and can fully 
be explained by linear wave theory. The results of the multiple segment model also demonstrate the 
improvement in hemodynamical modeling that can be obtained by integrating anatomical information 
on the vascular system, which is simultaneously acquired by an MR Angiographic technique. 

In the hypothetical case of a single backward wave without any proximal reflection, it was shown 
that natural tapering causes the backward flow wave to be amplified, resulting in a negative apparent 
attenuation coefficient. Note that a pressure wave would show the opposite behavior, as its reflection 
coefficient is the inverse value of that of the flow wave [9). However, the apparent attenuation of the 
backward waves, calculated from the volunteer data and shown in figure 9.5, was always positive. 
This contradiction can be explained by the fact that backward propagating waves consist of several 
components from repeated reflections and internal reflection with a different phase evolution. As a 
result, the amplitude of the sum of these components can be smaller than the sum of their amplitudes. 
Another argument in favor of this explanation can be derived from the phase velocities shown in 
figure 9.6. At low frequencies, the apparent phase velocity of the backward propagating flow waves 
was calculated to be significantly higher than the true phase velocity. As a transition between two 
segments gives no additional phase shift (see equation 9.9), the only reason for this discrepancy can 
be the interaction of multiple forward and backward propagating flow components with different 
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phases. This effect was not seen for the forward propagating flow waves, since the amplitude of the 
original forward wave component is usually much larger than the amplitude of the reflected forward 
wave component after repeated reflection. With our experimental data, it is impossible to separate the 
backward flow wave into the individual components from repeated and internal reflections, as these 
components are strongly interrelated. The hypothetical cases of single forward and backward flow 
waves should therefore be regarded as pure illustrations. 

Phase velocity 

The increase of the true phase velocity with frequency, approximating the apparent phase velocity of 
the observed flow at higher frequencies, is in agreement with earlier experimental studies [77,91 ,100]. 
The apparent wave velocity of the observed flow of about 5 mls agrees well with literature values of 
the wave speed in the human thoracic aorta [7,91]. Our results also agree with earlier simulation 
studies in that tapering considerably affects the wave attenuation but not the wave velocity [9]. Since 
the transmission coefficient at all transitions is real valued, the agreement between the true phase 
velocity in the single and the multiple segment models and the apparent phase velocity of the forward 
propagating flow waves might have been expected. Due to internal reflections, the apparent wave 
velocity of the backward propagating flow waves should be higher than the true wave velocity at low 
frequencies [ 1 00], which is indeed confirmed by our results. 

9.6 Conclusions 

Accurate data acquisition is a critical factor in the experimental modeling of hemodynamics. With our 
implementation of a 3D PCA scan, even in the large and almost straight healthy human descending 
thoracic aorta, only half the data (from two out of four volunteers) could be modeled satisfactorily. 
For these volunteers, the effects of tapering on flow wave propagation phenomena could consistently 
be explained with the multiple segment model based on linear wave theory, and were in close 
agreement with literature findings. This study demonstrates the feasibility of MRA to study 
hemodynamical flow wave propagation non-invasively in human subjects. More importantly, this is 
the first study that reports the integration of anatomical and hemodynamical information on the 
arterial system obtained by MR in order to improve the modeling of wave propagation phenomena. 
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Final Discussion & Conclusions 

10.1 Introduction 

This work can roughly be divided into three parts. The first part deals with purely anatomical MRA 
techniques which are based on the intrinsic MR properties (T1 and T2) of arterial blood (chapters 2 
and 3). The second part deals with purely hemodynamical MRA techniques which are based on the 
flowing character of blood (chapters 4 and 5). The third part is about the integration of vascular 
anatomy and hemodynamics (chapters 6 to 9). In this final chapter, the major results and conclusions 
presented in this work will be discussed and put in a more general perspective. 

The above subdivision ofMRA techniques into anatomical and hemodynamical techniques differs 
from the existing literature on the subject. Frequently, MRA techniques are described in a 
chronological order, according to their clinical introduction. Techniques like Inflow and Phase 
Contrast Angiography, although based on the flowing character of blood, are often discussed in a 
similar context as, for instance, Contrast Enhanced Angiography since they all produce MR 
angiograms. Also, a subdivision between techniques that use either the magnitude or the phase of the 
MR signal has been proposed. 

Our subdivision was deliberately chosen to emphasize the difference in information contents 
between anatomical and hemodynamical techniques and thereby the need for a difference in 
interpretation. The subdivision is intuitive, easy to apply, and simplifies the description of a possible 
integration of both forms of information. 

10.2 Anatomical MRA techniques 

In clinical practice, anatomical information about the vascular system includes the location, the shape, 
and the dimensions of pathologies. From a physiological point of view, anatomical information also 
includes the cross-sectional area of healthy arteries as a function of time or position along the arterial 
system. Many decisions for therapy are based on an anatomical measure for the degree of disease. For 
example, carotid endarterectomy has proven to be highly beneficial for symptomatic patients 
presenting with a stenosis of more than 70% diameter reduction [94]. In medical history, many 
studies have been conducted to obtain threshold values that indicate certain surgical procedures. 
Whenever a new imaging technique is introduced, the information content should preferably be 
similar to previous techniques, so that the same threshold values could be applied. If not, large time 
consuming trials are generally required to validate the new technique and establish new threshold 
values. 

With the advent of Contrast Enhanced (CE) MRA techniques, which are able to generate high 
quality angiograms using relatively simple T1-weighted scan protocols and short acquisition times as 
discussed in chapters 2 and 3, the use of MR for angiography in all parts of the body has increased 
enormously. The main reason for this progress is that CE-MRA techniques acquire purely anatomical 
information, which can be interpreted similar to the results from conventional x-ray angiography, 
which is still regarded to be the golden standard. For the same reason, expectations are also high for 
Flow Independent Angiography (FIA). This technique, as yet, can only be used for a few clinical 
purposes such as to assess aortic aneurysms as shown in section 2.2, although it has the advantage of 
obtaining a high image quality without any contrast agent. 

A fundamental difference between MRA and conventional angiography is that MRA requires a 
scan-time which is long compared to the duration of a single heart interval, whereas an x-ray 
projection in conventional angiography takes only a fraction of the heart-interval. With respect to the 
image appearance, this implies that the spatial resolution of an untriggered MRA exam is limited by 
the motion of the vessel wall during the normal beating of the heart. Diseased arteries are usually less 



102 Chapter 10 

compliant so that vessel wall motion becomes less of an issue for anatomical scan techniques under 
these pathological conditions. 

In purely anatomical scan techniques, the motion of blood is regarded to be a disturbillg factor, as 
it can produce substantial image artifacts. For example, in Flow Independent Angiography, which was 
implemented as a standard TSE pulse sequence, ghosting due to even echo rephasing had to be 
suppressed. As explained in section 2.2, this was accomplished by using a new imaging strategy 
instead of the more commonly employed flow-compensation schemes and gating the acquisition to 
diastole. It was illustrated in section 2.3 that CE-MRA obtains accurate anatomical information about 
the diseased carotid artery bifurcation, but still suffers from signal loss due to intravoxel phase 
dispersion and partial volume effects at very tight stenoses. Also regions with complex or turbulent 
flow patterns have shown imaging problems. Unfortunately, this latter observation implies that those 
sites which are hemodynamically important are hard to assess with respect to both vascular anatomy 
and hemodynamics. The most effective way to reduce flow related artifacts is to decrease the echo 
time TE with more powerful field gradient hardware, which certainly becomes available in the near 
future. 

When the MRA acquisition has been fully optimized with respect to pulse sequence parameters 
and, for instance, contrast bolus timing, further improvements in image quality and appearance may 
be obtained by post-processing. Chapter 3 showed that by using dynamic scan information, the 
arterial signal can be enhanced while the venous signal is suppressed, which significantly facilitates 
the diagnostic interpretation. This example illustrates that the acquisition strategy may be adapted to 
the kind of post-processing which is subsequently applied. Note that post-processing cannot reveal 
any information that is not contained in the acquired data, but can enhance the desired information 
and thereby improve diagnostic efficiency and decrease the risk of misinterpretation. Similarly, 
complex vessel structures, like the aorto-iliac vessel trajectory with the thighs of the patient being 
flexed on the trunk, are often better visualized by surface rendering techniques than by the usual 
maximum intensity projection. This visualization technique requires image segmentation, and 
therefore highly depends on the contrast-to-noise ratio of the MR acquisition, as discussed in chapter 
5 for the two-dimensional case. 

10.3 Hemodynamical MRA techniques 

The early MRA techniques, like Inflow and Phase Contrast Angiography (PCA), have initially been 
received with great enthusiasm. However, these techniques fundamentally obtain hemodynamical 
information and can merely give an impression of true vascular anatomy. It was demonstrated in 
section 4.3 that Inflow angiograms show regions of signal loss even in the case of normal flow 
through healthy arteries. Pathological arteries, where flow might be disturbed, are even harder to 
depict. Obviously, hemodynamical MRA techniques may not be compared directly with purely 
anatomical techniques like conventional x-ray angiography. The same consideration applies to 
Doppler Ultrasound, which is also regarded to be inadequate for the accurate assessment of the degree 
of stenosis [5,55]. More important is that threshold values which have been established for 
conventional angiography cannot be carried over to hemodynamical MRA techniques. This is 
probably the main reason that these techniques have not found widespread clinical applications so far. 
The same is true for systole-diastole angiography, described in section 4.2, which was shown to 
depict the pulsatile flow in healthy peripheral arteries with excellent image quality, but fails to depict 
less pulsatile flow in the diseased peripheral circulation. This greatly reduces the clinical value of the 
technique. 

Still, hemodynamical MRA techniques have a large potential if their results are interpreted as 
such. Note that for some pathologies, the anatomical information is more important than the 
hemodynamical information, and for other pathologies it is the other way around. This means that 
hemodynamical scan techniques, which most closely resemble the functional examination, are 
certainly useful in specific areas. Efforts in MRA research should therefore not be restricted to purely 
anatomical scan techniques. Although these anatomical techniques have shown to be superior in 
depicting the diseased vascular anatomy, hemodynamical techniques may provide supplementary 
information about the functional significance of a disease. 

The advantage of hemodynamical scan techniques, in particular of the PCA technique, is that 
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blood velocity can be measured quantitatively. The scan-time of this technique, however, is relatively 
long, which implies the averaging of many individual heart-beats. In chapters 4 and 5 it was 
concluded that, by proper selection of the scan parameters, the systematic and random errors due to 
partial volume effects and intravoxel phase dispersion can always be made smaller than the normal 
physiological variation in heart-interval and flow amplitude. This means that the physiological 
variation eventually determines the in vivo accuracy of PCA measurements. When multiple two
dimensional Quantitative Flow measurements are compared, obtained successively at different 
positions along a vessel, the error due to physiological variation may become substantial because the 
spatial variation of the flow waveform along the vessel is small. The effect of physiological variation 
on such a difference measurement can be diminished by using an interleaved acquisition, such that the 
data from multiple positions are acquired during the same time interval. As a result, the physiological 
variation that occurs during this scan-time will have similar effects at each position. For example, 
comb excitation simultaneously acquires velocity information from multiple positions, rather than in 
subsequent scans, thereby making calculations of wave speed more robust and straightforward [36). 
In this work, a three-dimensional PCA acquisition strategy was used, which guarantees that the flow 
as a function of position along the vessel segment was acquired during the same scan-time interval. 

A further advantage of PCA techniques is that in addition to hemodynamical information they can 
simultaneously provide anatomical information. The local cross-sectional vessel area as a function of 
time can be determined from the anatomical images of a 2D Quantitative Flow scan. The cross
sectional area as a function of position during the systolic heart phase can be determined from the 
PCNM data of a 3D PCA acquisition. Note that to obtain this information, some form of image 
segmentation is required, which is not a trivial post-processing procedure, as it may alter the 
information content if implemented incorrectly. Basically, the above information is not purely 
anatomical but, in cases of healthy straight arteries and normal laminar flow, the difference between 
the PCNM data and the true vascular anatomy can safely be neglected. 

10.4 Integration of anatomy and hemodynamics 

The accurate and non-invasive acquisition of vascular anatomy and hemodynamics, as discussed in 
chapters 2 to 5, makes MRA uniquely suited for the integration of these two forms of supplementary 
information in man. However, in current clinical practice, the two forms of information are still 
interpreted by the referring physician as if they were obtained by two independent examinations. This 
work has made a start with the integration of anatomical and hemodynamical data obtained by MRA, 
based on a hemodynamical model, which is described in chapter 6. Preliminary results were obtained 
for the descending thoracic aorta of young healthy male volunteers and given in chapters 7 to 9. 
Physiological flow wave propagation phenomena in the aorta could be described satisfactorily and in 
agreement with earlier studies. However, as yet, the flow in other healthy arteries like the common 
carotid or the femoral artery could not be assessed by the same MRA technique with sufficient 
accuracy for the hemodynamical model to be applied consistently. This demonstrates that the 
combination of the in vivo MRA acquisition and the hemodynamical model as presented in this work 
is on the edge of what is now feasible. With advancing scanner hardware and acquisition methods, 
spatial and temporal resolution are expected to improve, which will enable the same integration 
procedure to be used for other healthy or diseased arteries throughout the human body. We expect 
that in the near future, a suitable integration or combination of vascular anatomy and hemodynamics 
will provide a large improvement in the assessment of functional information about vascular disease. 

In this work, a linear one-dimensional model of flow wave propagation was used. Although 
several improved numerical methods have been reported to solve the basically nonlinear one
dimensional wave equations [9,13,42,57,63,112,117], it is unlikely that these would better describe 
our experimental 3D PCA measurements in the aorta. The accuracy of these measurements is 
generally insufftcient to identify the relatively small differences between linear and nonlinear models. 
Linear wave theory has shown to provide an acceptable theoretical framework to describe and explain 
the observed flow wave propagation phenomena in the descending thoracic aorta with respect to 
forward and backward propagating components, true wave attenuation and phase velocity, and vessel 
tapering. Note that by determining the one-dimensional flow, spatial information on the velocity 
distribution perpendicular to the vessel is discarded. Recent studies have shown that the three-
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dimensional velocity data as obtained by a 3D PCA measurement can also be used to calculate the 
relative pressure distribution [135,137, 151], but this has not been further explored in our work. 

It should be emphasized that the descending thoracic aorta without major side branches is 
probably the most suited vessel segment in the human body for the initial application of our model. 
This vessel segment is almost straight, large compared to the MR imaging resolution, and has small 
side branches in exactly the right proportions that compensate for the nonlinear convective 
acceleration caused by vessel tapering [105]. The phase velocity in the aorta is relatively low and the 
phase difference between forward and backward propagating components is relatively large. In 
addition to these advantageous experimental conditions, other nonlinear effects have shown to be 
minimal in the thoracic aorta [91], which improves the applicability of our linear one-dimensional 
wave propagation model. 

In chapter 8, as a first step towards integration, the independently measured anatomical vessel 
area and the hemodynamical volume flow rate were shown to be interconnected in the frequency 
domain by the well-known one-dimensional law of mass conservation. This could be regarded as a 
first order validation of the hemodynamical 3D PCA measurement, but also provided evidence for the 
absence of leakage terms in the first and higher harmonic flow components. This latter observation is 
highly important, since it enables the use of the single and the multiple segment model without taking 
any leakage of blood into the intercostal arteries into account. 

In chapter 9, as a second step towards integration, it was shown that the extra anatomical 
information obtained about the tapering of the vessel segment further refines the hemodynamical 
model by including the effect of internal reflection. For instance, using the multiple segment model 
the two causes of flow wave attenuation, which are known to be the viscoelastic wall and the 
nan·owing of the vessel lumen, could be quantified individually. As the vascular compliance is related 
to the true attenuation according to equation 9.6, the use of the multiple segment model is preferred 
whenever this wall property is to be assessed. 

An important question that remains to be answered is whether the above forms of integration 
would also improve the assessment of the functional significance of vascular disease. The answer is 
yes, if one is interested in vessel wall properties like the compliance, in the hemodynamical load on 
the heart, or in reflection phenomena. The answer remains unsure, if one is interested in the perfusion 
of the distal tissues or organs. The answer is no, if one is merely interested in the anatomical 
dimensions of a certain pathology. For example, ulcerating plaques, which can produce life 
threatening emboli, are likely to be detected by anatomical techniques only, which makes the 
hemodynamical assessment less appropriate. It can be concluded that each kind of disease requires a 
specific amount of anatomical and/or hemodynamical information and thereby also a specific type or 
degree of integration. 

The majority of earlier more physiological studies on wave propagation phenomena has been 
performed in vitro or on animals. However, the unexposed aorta in cats was found to be more than 
twice as distensible than the exposed aorta, which implies that their transmission properties must be 
quite different (6]. Surgical exposure and manipulation of vessels appear to cause significant 
reductions in vascular distensibility, due to inadvertent drying of the vessel, cold or mechanical 
stimulation of the smooth muscle in its wall, or excessive stiffness of the gauge employed to measure 
its motion. This might explain our experimentally observed wave velocities in the aorta to be so much 
lower than those which would correspond to the relatively low aortic distensibility reported by others 
[63]. In previous studies, errors introduced by electromagnetic flowmeters and the difficulty of 
matching these meters hampered the measurement of flow. As pressure methods generally incur less 
error than flow or diameter measurements [77], most earlier studies used pressure measurements. 

This work is probably the first that reports in detail about accurate non-invasive in vivo MRA 
flow measurements in the human aorta and the application of a hemodynamical wave propagation 
model in order to determine true wave propagation parameters like the phase velocity and the 
attenuation of the separated wave components. Previous studies have provided the essential 
theoretical framework of linear wave theory. The processing of the flow data, however, depends on 
the method of acquisition. As a result, the processing procedures presented in this work for the 
separation of the observed flow wave and for the analysis of vessel tapering add new tools to the MR 
instrumentarium that can be used to gain insight in the physiological relation between vascular 
anatomy and hemodynamics. 
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Summary 

Magnetic Resonance Angiography (MRA) is unique in the way that it can provide two forms of 
accurate three-dimensional information about the human arterial system in a non-invasive manner. 
The first form is anatomical information, which includes the location, shape, and dimensions of 
vascular pathologies like stenoses and aneurysms, but also just the cross-sectional area of healthy 
arteries. The second form is hemodynamical information about the velocity or flow of blood as a 
function of time and position along the arterial vessel tree. Since earlier studies have shown that 
anatomical and hemodynamical examinations provide different and thereby supplementary 
information about the same possible functional problem (e.g. ischemic disease), it is expected that an 
integration of both forms of information will improve the assessment of the functional significance of 
the disease. In this work, a start is made with the integration of anatomical and hemodynamical 
information obtained by MRA. This integration is not based on a mere clinical correlation between 
both forms of information, but on a physical model description. 

Current MRA techniques are divided into two groups, depending on the form of information they 
obtain. Purely anatomical MRA techniques base their image contrast on the differences in intrinsic 
MR properties between arterial blood and surrounding tissues. Flow Independent Angiography (FIA) 
is based on the relatively long transverse relaxation time (T2) of arterial blood. In this work, the FIA 
technique is implemented as a Turbo Spin Echo (TSE) sequence where the data is acquired during the 
quiescent diastolic heart phase. Flow-related image artifacts, which are commonly seen in TSE 
imaging, are avoided using a new acquisition strategy in three-dimensional imaging. Excellent 
clinical results are obtained for imaging aneurysms of the abdominal and thoracic aorta. Contrast
Enhanced Angiography (CE-MRA) is based on the relatively short longitudinal relaxation time (T1) 

of arterial blood after intravenous administration of a paramagnetic contrast agent (gadolinium). By 
accurate synchronization of the acquisition with the arterial passage of the contrast bolus, good results 
are obtained for the aorta-iliac vessel trajectory and the carotid bifurcation, which are in agreement 
with many literature findings. With respect to bolus timing, a large difference is found between the 
extracranial cerebral and the peripheral circulation. Due to the blood brain barrier, the circulation time 
of gadolinium in the brain is very short and venous return is usually about 10 seconds after arterial 
contrast arrival. In the case of disturbing venous signal when the carotid bifurcation is being imaged, 
it is demonstrated that the difference between the temporal enhancement patterns of the carotid artery 
and the jugular vein in a temporally resolved dynamic scan can effectively be used to suppress the 
venous signal and to show the arteries only. This post-processing procedure is based on the so called 
eigenimage filter, and is shown to be a valuable diagnostic tool. 

Many early MRA techniques, like Inflow and Phase Contrast Angiography (PCA) use the flowing 
character of blood to give an impression of the vascular anatomy. Therefore, although these 
techniques may provide good quality angiograms, they should be regarded as hemodynamical 
techniques. Systole-diastole angiography, which is one of the earliest techniques that selectively 
visualized the arteries, is based on a difference in arterial blood velocity between the systolic and the 
diastolic heart phase, and must also be considered as a hemodynamical scan technique. In this work, 
the above technique is implemented as a three-dimensional TSE pulse sequence (similar to Flow 
Independent Angiography), and is found capable of imaging healthy peripheral arteries with a high 
spatial resolution and contrast to noise ratio. However, it is generally observed that all 
hemodynamical MRA techniques which are based on the flowing character of blood inherently fail at 
pathological sites where the normal blood flow may be disturbed such that it becomes slow, complex, 
or less pulsatile. As a consequence, these techniques can only be used to image the healthy or minorly 
diseased arterial system. Unfortunately, they cannot be used to assess the more severe vascular 
pathologies. 

Blood velocities can be determined quantitatively using the PCA technique. The two-dimensional 
implementation of this technique with the flow sensitive direction perpendicular to the imaging plane 
(2D Quantitative Flow) is often used for local hemodynamical measurements. In this work, an in vivo 
validation study is performed comparing the results of 2D Quantitative Flow with Ultrasound Doppler 
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examinations. With respect to the maximum velocity waveforms obtained in the carotid and femoral 
arteries in healthy volunteers, the two techniques are found to agree within the normal physiological 
variation that occurs betweel) two successive measurements. It is concluded from in vitro studies and 
additional computer simulations that under proper scan conditions, the systematic and random errors 
in the quantitative flow measurement can always be made smaller than the physiological variation. As 
a result, this latter variation eventually determines the clinical accuracy of an in vivo flow 
measurement. 

For the integration of anatomical and hemodynamical information, linear one-dimensional wave 
theory is chosen as the theoretical framework. This theory is derived from the basic laws of mass and 
momentum conservation, which give a complete description of any fluid mechanical problem. All 
assumptions made in the derivation are extensively discussed. Three-dimensional PCA measurements 
in the descending thoracic aorta of five healthy volunteers provide the anatomical vessel cross
sectional area as a function of axial position and the hemodynamical volume flow rate as a function of 
both axial position and time. These measurements satisfy the essential condition of a simultaneous 
data acquisition in order to reduce the effects of physiological variation. Using a single segment 
model that represents the descending thoracic aorta without major side branches, the observed flow 
waves are consistently separated into their forward and backward propagating components. The 
calculated phase velocities and attenuation coefficients agree with literature values. As a first step 
towards integration, the one-dimensional form of the law of mass conservation, which equates the 
temporal derivative of the vessel area to the spatial derivative of the volume flow rate, is shown to 
interconnect this anatomical area and hemodynamical flow. As a second step towards integration, a 
tapered multiple segment model is introduced with dimensions given by the anatomical measurement. 
It is shown that the evaluation of hemodynamical wave propagation phenomena is significantly 
improved by including this anatomical information into the physical model employed. 

To our knowledge, this is the first study that reports about the integration of vascular anatomy and 
hemodynamics as measured non-invasively by MRA in man. Preliminary results are given and 
discussed for the descending thoracic aorta of healthy volunteers, as this vessel is almost straight, has 
relatively few side branches, and is large compared to the imaging resolution. With advancing MR 
technology, the spatial and temporal resolutions are both expected to improve, and the accurate 
hemodynamical assessment of other arteries throughout the body as well as diseased arteries may 
become feasible. The value of this work is that it presents a methodology for integration, which was 
verified under the most favorable in vivo conditions and is now readily available. 



Samenvatting 

Magnetische Resonantie Angiografie (MRA) is uniek vanwege de mogelijkheid om twee vormen van 
informatie over het menselijke arteriele systeem nauwkeurig en niet invasief te verschaffen. De eerste 
vorm is anatomische informatie, waaronder de locatie, de vorm en de dimensies van vaatpathologieen 
zoals stenoses en aneurysmata, maar waaronder ook louter de dwarsdoorsnede van gezonde arterien. 
De tweede vorm is hemodynamische informatie over de snelheid of het volume debiet van bloed als 
een functie van tijd en/of positie tangs de arteriele vaatboom. Doordat eerdere studies hebben Iaten 
zien dat anatomische en hemodynamische onderzoeken verschillende en daardoor supplementaire 
informatie over hetzelfde mogelijke functionele probleem opleveren (bv. ischemie), wordt verwacht 
dat een integratie van beide vormen van informatie de beoordeling van de functionele significantie 
van een vaatprobleem zal verbeteren. In dit werk wordt een start gemaakt met de integratie van 
anatomische en hemodynamische informatie zoals verkregen wordt m.b.v. MRA. Deze integratie is 
niet slechts gebaseerd op een klinische correlatie tussen beide vormen van informatie, maar op een 
beschrijving aan de hand van een fysisch model. 

De huidige MRA technieken worden onderverdeeld in twee groepen afhankelijk van de vorm van 
informatie die zij verschaffen. Zuiver anatomische MRA technieken baseren hun beeldcontrast op de 
verschillen in intrinsieke MR eigenschappen tussen die van arterieel bloed en de omliggende 
weefsels. Flow Independent Angiografie (FIA) is gebaseerd op de relatief lange transversale 
relaxatietijd (T2) van arterieel bloed. In dit werk wordt de FIA techniek gelmplementeerd als een 
Turbo Spin Echo (TSE) sequentie waarbij de data wordt geacquireerd tijdens de rustige diastolische 
hart-fase. De door stroming veroorzaakte beeldartefacten, die regelmatig worden gezien bij het 
gebruik van TSE, worden vermeden door gebruik te maken van een nieuwe acquisitie strategie in 
drie-dimensionale beeldvorming. Uitstekende klinische resultaten worden behaald bij het afbeelden 
van aneurysmata van de abdominale en thoracale aorta. Contrast-Enhanced Angiografie (CE-MRA) is 
gebaseerd op de relatief korte longitudinale relaxatietijd (T1) van arterieel bloed na intra-veneuze 
toediening van een paramagnetisch contrast middel (gadolinium). Door een nauwkeurige 
synchronisatie van de acquisitie met de arteriele passage van de contrast bolus, worden goede 
resultaten behaald bij het aorto-iliacale vaattraject en de carotis bifurcatie, overeenkomstig vele 
literatuurbevindingen. Met betrekking tot de 'timing' van de contrast bolus wordt een groat verschil 
waargenomen tussen de extracraniele cerebrale en de perifere circulatie. Als gevolg van de bloed
hersen barriere is de circulatie tijd van gadolinium in de hersenen uiterst kart en is de veneuze 
aankomst van contrast middel gemiddeld genomen at l 0 seconden na de arteriele aankomst. In het 
geval van storend veneus signaal bij het afbeelden van de carotis bifurcatie wordt aangetoond dat het 
verschil tussen de temporele aankleuringscurven van de carotis en de jugularis zoals bepaald m.b.v. 
een tijdsoplossende dynamische scan effectief gebruikt kan worden om het veneuze signaal te 
onderdrukken en slechts de arterien af te beelden. Deze beeldbewerkingsprocedure is gebaseerd op 
het zogenaamde eigenbeeld filter, en wordt als een waardevol diagnostisch instrument beschouwd. 

Vee! van de eerste MRA technieken, zoals Inflow en Phase Contrast Angiografie (PCA), maken 
gebruik van het stromende karakter van bloed om een indruk te geven van de vasculaire anatomie. 
Om die reden, ook al kunnen deze technieken een kwalitatief goed angiogram produceren, zouden zij 
beschouwd moeten worden als hemodynamische opname technieken. Systole-diastole angiografie is 
een van de eerste technieken die selectief de arterien in beeld bracht en is gebaseerd op het verschil in 
arteriele bloedsnelheid tijdens de systolische en de diastolische hart-fase, en moet eveneens 
beschouwd worden als een hemodynamische techniek. In dit werk wordt bovenstaande techniek 
gelmplementeerd als een drie-dimensionale TSE puls-sequentie (analoog aan Flow Independent 
Angiografie) en wordt als zodanig geschikt bevonden voor het afbeelden van gezonde perifere 
arterien, met een hoge resolutie en contrast ruis verhouding. Echter, in het algemeen wordt gevonden 
dat aile hemodynamische MRA technieken die gebaseerd zijn op het stromende karakter van bloed 
inherent falen op plaatsen van pathologie waar de normale bloedstroming zodanig verstoord kan zijn 
dat deze langzaam, complex of minder pulsatiel is geworden. Deze technieken kunnen dus aileen 
gebruikt worden voor het afbeelden van het gezonde of Iicht aangetaste arteriele systeem. Helaas 
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kunnen zij niet gebruikt worden om emstiger vasculaire pathologieen te beoordelen. 
De snelheid van bloed kan kwantitatief bepaald worden met behulp van de PCA techniek. De 

twee-dimensionale implementatie van deze techniek, die stromingsgevoelig is in een richting 
loodrecht op de afbeeldingsplak (2D Quantitative Flow), wordt vaak gebruikt voor lokale 
hemodynamische metingen. In dit werk word! een in vivo validatie studie uitgevoerd door de 
resultaten van 2D Quantitative Flow te vergelijken met die van Doppler Ultrageluid. Met betrekking 
tot de golfvorm van de maximale snelheid zoals verkregen in de carotis en femoralis arterien van 
gezonde vrijwilligers blijken de twee technieken overeen te komen binnen de normale fysiologische 
variatie die optreedt tussen twee opeenvolgende metingen. Uit in vitro studies en aanvullende 
computer simulaties wordt geconcludeerd dat onder geschikt gekozen opname condities de 
systematische en de statistische fouten in de kwantitatieve stromingsmeting binnen de fysiologische 
variatie gehouden kunnen worden. Dit heeft als consequentie dat deze laatste variatie uiteindelijk de 
klinische nauwkeurigheid van een in vivo stromingsmeting bepaalt. 

Voor de integratie van de anatomische en de hemodynamische informatie wordt de lineaire een
dimensionale golf theorie gekozen als theoretisch kader. Deze theorie wordt afgeleid van de 
basiswetten van behoud van massa en impuls, welke in principe een komplete beschrijving geven van 
een willekeurig vloeistof dynamisch probleem. Aile veronderstellingen die in deze afleiding zijn 
gemaakt worden uitgebreid behandeld. Drie-dimensionale PCA metingen in de dalende thoracale 
aorta van vijf gezonde vrijwilligers verschaffen de anatomische vaatdoorsnede als functie van axiale 
positie en het hemodynamische volume debiet als functie van zowel axiale positie als tijd. Deze 
metingen voldoen aan de essentiele voorwaarde van een simultane data acquisitie om de effecten van 
fysiologische variatie te beperken. Gebruik makend van een enkel segment model, dat de dalende 
thoracale aorta zonder grote zijtakken representeert, worden de geobserveerde stromingsgolven op 
een consistente manier gescheiden in hun heen- en teruglopende componenten. De op die manier 
berekende fase snelheden en verzwakkingscoefficienten komen overeen met literatuurwaarden. Als 
eerste stap tot integratie wordt aangetoond dat de een-dimensionale wet van behoud van massa, die de 
temporele afgeleide van de vaatdoorsnede gelijk stelt aan de spatiele afgeleide van het volume debiet, 
de anatomische oppervlakte en het hemodynamische debiet aan elkaar koppelt. Als tweede stap tot 
integratie wordt een taps toelopend meerdere segmenten model ge"introduceerd waarvan de dimensies 
gegeven worden door de anatomische meting. De evaluatie van hemodynamische golf 
voortplantingsverschijnselen blijkt aanzienlijk verbeterd te worden door verwerking van deze 
anatomische informatie in het gebruikte fysische model. 

Voor zover bij ons bekend, is dit de eerste studie die rapporteert over de integratie van vasculaire 
anatomie en hemodynamica zoals gemeten m.b.v. MRA op niet invasieve wijze in de mens. 
Voorlopig eerste resultaten worden gepresenteerd en behandeld voor de dalende thoracale aorta van 
gezonde vrijwilligers aangezien dit vat nagenoeg recht is, relatief weinig zijtakken heeft, en groot is 
in verhouding tot de afbeeldingsresolutie. Anticiperend op een vooruitgaande MR technologie valt te 
verwachten dat de spatiele en temporele resolutie zullen verbeteren, zodat waarschijnlijk zowel 
andere gezonde arterien door het hele lichaam alsook pathologische arterien hemodynamisch 
onderzocht kunnen worden. De toegevoegde waarde van dit werk is dat een methode voor integratie 
wordt gepresenteerd, die geverifieerd is onder de meest gunstige in vivo condities en nu zonder meer 
beschikbaar is. 
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Dit proefschrift is het resultaat van mijn onderzoeksinspanningen tijdens de afgelopen vier jaar 
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STELLlNGEN 

behorende bij het proefschrift 

Integration of Anatomical and Hemodynamical 
Information in Magnetic Resonance Angiography 

1. Voor een juiste interpretatie van het angiogram is het noodzakelijk om 
onderscheid te maken tussen anatomische en hemodynamische MRA 
technieken. (Dit proefschrift) 

2. Ten onrechte wordt in bestaande literatuur de suggestie gewekt dat MRA 
technieken die gebaseerd zijn op het stromende karakter van bloed de zuivere 
anatomie van de bloedvaten atbeelden; deze technieken geven slechts een 
indruk van de vasculaire anatomie. (Dit proefschrift) 

3. Locaties in het vaatsysteem die klinisch of fysiologisch het meest interessant 
zijn, zijn zowel wat betreft anatornie als hemodynamiek het moeilijkst te 
bemeten. 

4. Beeldbewerking verschaft geen additionele informatie, maar is wel in staat om 
de gewenste informatie selectief te presenteren en daarmee de interpretatie 
ervan te vergemakkelijken. 

5. De uiteindelijke nauwkeurigheid van in vivo kwantitatieve stromingsmetingen 
wordt bepaald door de normale fysiologische variatie in hartslag, bloeddruk en 
-stroming. (Dit proefschrift) 

6. De verklaring van de karakteristieke drukgolfvorm door een snel verwijdende 
en daarna langzaam terugverende vaatwand is fundamenteel onjuist. De juiste 
verklaring wordt gevormd door twee i.p.v. een drukgolf waarbij de 
terugkerende golf distaal is gereflecteerd en positief optelt bij de heengaande 
golf. 

7. In de dalende thoracale aorta mogen de lektermen in de eerste en hogere 
harmonische frequentie componenten van het volume debiet verwaarloosd 
worden; dit impliceert een bij benadering konstante strorning in de intercostaal 
arterien. (Dit proefschrift) 



8. Zoals bij MR de afweging wordt gemaakt tussen de signaal-ruis verhouding, de 
spatiele resolutie en de scan-tijd, zo wordt bij een proefschrift een compromis 
gesloten tussen de omvang, de diepgang en de schrijf-tijd. 

9. Een meettechniek kan slechts dan gevalideerd worden als het doe! of gebruik 
van de techniek duidelijk is en de nauwkeurigheid van de meting beoordeeld 
kan worden in termen van wei of niet voldoende. 

10. 'It is often easier to perform one's own experiment than to determine if it has 
already been done.' (John Naisbitt, Megatrends) 

11. A good idea is always better than you think it is. 

12. Het verschil tussen experimenteel en fundamenteel onderzoek is dat de 
experimentator een oplossing zoekt voor een bestaand probleem, terwijl de 
fundamenteel onderzoeker de oplossing eerst vindt en dan op zoek gaat naar een 
passende probleemstelling om het onderzoek te rechtvaardigen. 

13. Het is wenselijk om naast het beste resultaat ook het gemiddelde maar vooral 
ook het slechtste resultaat te publiceren. 

14. Ten onrechte worden snowboarders bestempeld als snelheidsduivels; skien gaat 
onmiskenbaar sneller dan snowboarden. 

15. 'Dat we tweemaal zo lang Ieven als een eeuw geleden, is niet aan de dokter 
maar aan de loodgieter te danken.' (Midas Dekkers, De Vergankelijkheid.) 

Eindhoven, juni 1999 Dave Kaandorp 
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