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Abstract 

Volume flow measurements, using magnetic resonance, were performed with the help of an in vitro flow system. 
This system simuialed the flow measurements in the human arteries and veins. The MR flow quantifications, 
realized by means of the phase ditterenee velocity measurement technique, can be affected be a variety of 
different elementary factors. Each of these factors is a potential souree of error, and can lead to an incorrectly 
determined volume flow. Pertorming flow quantifications in vitro gives the opportunity to isolate disturbing factors 
and accurately study them separately. 
Velocity errors due to the Faraday effect in the construction of the MR scanner, were found to be in the order of 
0.1 cm/s. At veloeities of interest to us, 50 cm/s - 100 crn/s, these errors were negligible, compared to possible 
errors caused by other influential factors. The partial volume effect, caused by the static 'tissue' surrounding the 
'blood vessels', is a souree of error that can leadtoa large overestimation of the derived volume flow (50%-
100%). The error due to the partial volume effect decreases as the resolution of the scan increases. lf the 
resolution is such, that there are more than 6 pixels per vessel diameter, the overestimation of the volume flow 
is less than 10%. However, a higher resolution results in a decreased signal-to-noise ratio, and thus increases 
the random error in the velocity measurement caused by noise. 
lt was found that the standard deviation in the determined volume flow, decreases proportionally with an increasing • 
velocity-to-noise ratio. We therefore investigated the possibility to improve the signal-to-noise ratio by means of 
a so called three-point velocity measurement method. lt was found that, with the help of this new method, the 
signal-to-noise ratio of the flow measurements can be substantially improved. As a result, the standard deviation 
in the determined volume flow decreases, and the reliability of the flow quantification increases significantly. 
Ultrasound measurements of pulsatile flow were also performed, and compared to MR flow quantifications with 
the three-point method. Although the peak veloeities we re in good agreement, we conclude that the flow system 
was not optima! tor ultrasound measurements. 



Contents 

General introduetion 

2 Phase Contrast flow quantification 
2. 1 Introduetion 3 
2.2 Phase ditterenee velocity measurement 3 
2. 3 Factors influencing flow quantification 5 

3 Experimental setup 
3.1 Introduetion 19 
3.2 Flow phantom 19 
3.3 Blood & tissue mimicking fluids 22 
3.4 The pumps 23 
3.5 Data analysis 24 
3.6 Simuiatiens 26 

4 Experimental results 
4. 1 Introduetion 29 
4.2 Eddy currents 29 
4.3 Local Phase Correction filter 32 
4.4 Lam i nar flow? 33 
4.5 Vector sum versus algebraic sum 35 
4. 6 Slice thickness 36 
4. 7 Partial volume effect 37 
4.8 Phase unwrapping method 39 
4.9 Partial volume effect versus VNR 44 
4. 10 Doppier validatien of pulsatile flow 45 

5 General conclusions 49 

References 51 

Appendix A 53 



General introduetion ilJ 
Blood is a vita! substance to the human body. Blood transports the oxygen trom the lungs totherest of the body. 
Our complex system of arteries and veins enables the blood to perfuse even the remotest parts of the body. lf 
any form of obstruction is present in a blood vessel, problems can arise due to an insufficient blood supply. 
Traditionally, flow obstructions are diagnosed with x-ray angiography or ultrasound. More recently, magnetic 
resonance angiography (MRA) has been introduced. In order to quantify the problems, velocity (cm/s) or volume 
flow (ml/s) measurements can be of use. With Doppier ultrasound one can delermine the peak velocity in the 
centre of the blood vessel, and an obstruction in the vessel is detected by an increased peak velocity. The 
advantage of MRA over ultrasound is that, in addition the peak velocity, one can also delermine the volume flow 
(mils). This enables us to quantify the blood supply to sections of the body distal to the obstruction. 
In this work, the goal was to study the volume flow determination based on magnetic resonance measurements. 
The MA flow quantifications were not performed on patients (i.e. in vivo), but on an especially designed flow 
phantom (thus in vitro). The advantage of in vitro over in vivo flow studies is the tact that we can more easily 
isolate the individual factors that can lead to errors in the derived volume flow. A further advantage is the possibility 
to measure the volume flow by a reliable alternative method, and to delermine the error in the trom MRA derived 
volume flow. The phantom studies thus enable us to accurately study a variety of factors that might affect • 
accuracy. 
This work was part of a larger project, which was a general investigation of the application of MRA studies of the 
lower extremities. Our phantom studies were therefore to sirnulale the in vivo flow measurements in the arteries 
of the lower extremities. However, results and conclusions trom our studies might also be applied to flow 
quantifications in other blood vessels. 

The outline of this report is as follows. In chapter 2 we will start by explaining how the velocity of the blood is 
measured using magnetic resonance. We will also discuss a variety of elementary physical factors that can lead 
to errors in flow quantification. Chapter 3 deals with the experimental setup. In this chapter we will discuss the 
flow phantom itself, the data analysis procedure, and the simulations we performed to study some accuracy 
affecting factors in more detail. The results of the in vitro phantom studies, and corresponding simulations, are 
presenled and discussed in chapter 4. Finally, in chapter 5 we will summarize the most important results and 
draw some general conclusions. 



Phase Contrast flow quantification 

Eli Introduetion 

Magnetic Resonance lmaging is realized by using spatially varying magnetic fields in combination with selective 
radio-frequency (RF) excitation.lt creates the possibility to non-invasively study selected partsof the human body. 
In this work these parts are the human blood vessels. 
The main goal is to measure the volume flow of the blood vessel under investigation. In order to understand how 
this flow quantification is performed, knowledge of the basic MRI theory is mandatory. However, because the 
basic theory is extensively covered in the many elementary textbooks, we will nottry to duplicate this theory he re 
[ 1 ,2]. Th is chapter discusses the subject of direct interest to us: the flow quantification by means of the phase 
ditterenee technique, also referred to as a phase contrast technique. 
In paragraph 2.2 the basic theory of phase ditterenee velocity measurement is explained, foliowed in paragraph 
2.3 by the factors that can affect the flow quantifications and lead to errors in the derived volume flow. 

fl Phase difference velocity measurement 

Flow quantification by means o\ the phase ditterenee technique is based on the tact that after applying suitable 
field gradients, the static spins and moving spins have a different phase at the time of the formed echo. How 
the velocity can be derived by measuring the phase of the received MR signa! is explained in this paragraph [2,3]. 
For simplicity, we will consider the one dimensional case of a blood vessel in which the blood (i.e. spins) are 
flowing in the x-direction. However, in practice the flow quantification can be pertormed in any direction. 
Consider a main static field 80 in the z direction, which has a small constant inhomogeneity b0(x) (b0«B0). 

Superimposed upon 80 is the linear magnetic field gradient G(t) in the x-direction, which is only a tunetion of time. 
The resulting magnetic field in the z-direction is given by the expression : 

B(x, t) = 80 + b0 (x) + G(t) · x (2.1) 

Thus, the spins at position x will resonate at Larmor-frequency : 

co(x, t) = y. B(x, t) = y. 8 0 + y . b0 (x) + y. G(t). x (2.2) 

where y is the gyromagnetic ratio. To simplify the calculations, we will now switchtoa raferenee frame rotating 
at Larmor-frequency w0=y · 80. In practice, this is done by demodulating the received MR signal with w0. The 
precession frequency at location x becomes : 

co(x, t) = y · b0 (x)+ y · G(t) · x (2 .3) 

Assume that at the time of the RF excitation pulse all spins have a phase cp=O. At the time of the formed echo, 
the spins will than have accumulated a phase according to : 

fTE fTE 
<1> =Jo co(x, t) dt = y ·Jo [b 0 (x) + G(t) . x] dt (2.4) 

where t=O is defined as the centre of the RF pulse and t= TE as the centre of the formed echo. 
Thus far, we have only considered static spins at a fixed position x. lf the spins are moving along the direction of 
the gradient their precession frequency will change with their position according to equation (2.3). Flowing spins 
coming trom a position with a higher (lower) magnetic field, have precessed at a higher (lower) frequency. These 
spins will therefore have a positive (negative) phase shift compared totheir stationary counterparts. MR flow 
measurement is based on this motion-induced phase shift. 
Consider flowing spins with a spin displacement tunetion x(t). Any displacement tunetion that is continuously 
differentiable around an arbitrary time expansion point t=r can be written as a T aylor expansion series around r : 

= 1 [anx) x(t) = I---, -n ·(t- 't)n 
n= O n. ë)t t=T 

(2 .5) 

t the magnetic moments of the nuclei are referred to as spins. 
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Before the spin displacement tunetion is used to come to an expression tor the motion-induced phase shift, we 
will first introduce the gradient moments. The gradient moments are a convenient way to express the 
motion-induced phase shift. The nth gradient moment is defined as : 

fTE 
MJc ) = Jo [ G (t) · (t - 't t] dt (2.6) 

By substituting equations (2.5) and (2.6) in equation (2.4) the resulting expressiontor the phase shift becomes: 

where the phase contribution due to field inhomogeneities <Pïnh is given by : 

fTE 
<1>inh =y ·Jo [b0 (x(t))] dt 

(2.7) 

(2.8) 

In practice, it will be sufficient to describe the spin displacement tunetion by a limited number of derivatives of 
position. Equation (2.7) then becomes: 

<j> = $inh + y · Xo('t) · Mo(t} + y · V('t) · M1('t) + y/2 · a(t) · M2('t) + .. . (2.9) 

where x0("r), v(r) and a(r) are respectively the position, velocity and acceleration of the moving spins at the time 
expansion point r. Equation (2.9) states that the phase sensitivity to the nlh derivative of position is determined 
by the nth gradient moment. 
To eliminate the phase shift contribution trom the field inhomogeneities b0(x) a phase ditterenee teehnique is 
used. This teehnique consists of performing two acquisitions with different gradients G1(t) and G2(t). These 
gradients have different flow sensitivities, whieh means they have different gradient moments and thus different 
sensitivities to the various orders of motion. The gradient functions are designed so that the gradient ditterenee 
~G(t)=G 1 (t)-G2(t) is bipolar. Two examples of sueh gradient functions are shown in tigure 2.1. 

example 1 example 2 

G 

J M,=O flow sensitive G, r~ flow sensitive 

Cd 
-G 

M,=O 

G G 

M,=O G2 flow sensitive 
M,=O M,=O 

-G -G 

G G 

M,=O flow sensitive ~G flow sensitive 
M,=O 

-G 

*-öt~ 
-G 

iE-öt~ 

Figure 2.1. Two examples of gradient functions with a gradient difference lunetion that is bipolar. lf a gradient lunetion has Mo=O it is 
a '11ow sensitive" gradient because the phase is independent of the position Xo of the spins, and only depends on the higher orders of 
malions (velocity etc.). A gradient lunetion which has both M0=0 and M1=0 is often relerred to as a "flow compensated" gradient. Strictly 
speaking this is only true if the flow has a constant velocity and all higher order of motion are negligible. In this case the phase of the spins 
is independent of position and velocity (flow). 
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.----------------------------·----- --- ------------ -----·-···---

The data sets of these two acquisitions are subtracted on a pixel-by-pixel basis, resulting in a net phase shift 
!1cp=<jJ 1-cp2 given by the expression : 

fTE 
11<1> = y ·Jo [ x(t) · 11G(t)] dt (2.10) 

Because the phase shift due to field inhomogeneities is the same in both acquisitions, it will be eliminated. 
Furthermore, if a gradient tunetion is bipolar it has no zeroth gradient moment and therefore the resulting phase 
shift due to this gradient is independent of the position Xo of the spins. The net phase shift of the phase difference 
technique then becomes : 

Ll<j> =y · v(t) · 11M1(t)+y/2 · a(t}·/1M2(t}+ ... (2 .11) 

For the final step towards flow quantification we assume that the spins are traveling at constant velocity. This 
condition can in general only be met by 'cardiac triggering' because blood flow in most hu man vessels is pulsatile. 
Based on this assumption of c0nstant velocity, the phase shift of the phase ditterenee acquisitions is given by : 

11<1> = y · v(t} · !1M1{1:) = y · v(t} · A . !1t (2.12) 

where A is the area under the gradient lobes and !1t is the time between the lobes of the bipolar gradient difference 
tunetion (see tigure 2.1 ). 
Equation (2.12) relates the measured phase shift to the constant velocity of the spins. However, because the 
phase shift is periodic, there is only a limited range we can use fora unique phase-to-velocity mapping. To achieve 
this unique mapping the velocity encoding value vene is used, which is defined as the velocity that produces a 
phase shift of n radians. Th is finally leads to the following expression for the velocity of the flowing spins : 

11<1> 
V= -Vene 

1t 
( 11<j> E [ -1t, 1t] V E [-Vene, Vene] ) (2.13) 

V ene is a parameter set by the user, usually just above the velocity range of interest which depends on the blood 
vessel under investigation. 

11 Factors influencing flow quantification 

In the previous paragraph we have described a way to determine the velocity of flowing spins using a phase 
ditterenee technique. The result of such a phase ditterenee measurement is aso-called PCA/P (Phase Contrast 
Angiography/Phase) image, where each individual pixel presents the velocity induced phase shift. Equation (2.13) 
shows that the phase of this pixel can be interpreted as the velocity of the spins contributing to the signal of the 
voxel under consideration. In the PCA/P images the velocity of the pixels is shown by its pixel intensity, where 
(in a non-inverted image) the lowest intensities (black pixels) correspond to an average voxel velocity v=-Venc• 
and the highest intensities (white pixels) correspond to V=+Venc· The volume flow (mils) of the vessel can be 
obtained by calculating the average velocity in the blood vessel, and multiplying this average by the in-plane 
vessel area. 
Howéver, the flow quantification can be affected by a number of different factors, resulting in an incorrectly 
determined volume flow. In this paragraph we will try to give an as complete as possible, though elementary, 
overview of the potential sourees of error in the flow quantification. The effects treated below in more detail are: 

1 Aliasing 
2 Eddy currents 
3 Random error 
4 lntra-voxel phase dispersion 
s Partial volume effect 
6 Misalignment of flow and flow-encoding axis 
7 Velocity wavefarm variability 
a Acceleration induced velocity errors 
g User defined region of interest 

Although each of these factors can in principle be the souree of error in the flow quantification, they are not all 
equally important or always present. 
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Aliasing 
The velocity of the blood (i.e. spins) varies with the blood vessel under investigation. To avoid errors vene should 
always be set higher than the maximum velocity in the vessel . lf the velocity of the spins exceeds vene• a condition 
called aliasing occurs (figure 2.2) [2). The spins will appear to be moving in the opposite direction. 

- - - - lamnar velocity profile 

xf --- measured velocity profile 

/ 
·2 Vene ·Vene 

·Vene R 

-n 
1' 

measured velocity profile 

Figure 2.2. Aliasing. lf the velocity of the spins exceeds Vene the velocity is nol correctly determined. For example, 
true velocity A will be measured as velocity C. The effect on a lam i nar velocity profile is also shown. R is the radius of 
the blood vessel. 

The spin veloeities that exceed n (-n) radians are wrapped around to-n (n), as shown in tigure 2.2. This can 
lead to a severe miscalculation of the volume flow. Although aliasing will greatly affects the flow quantification, it 
can easily be detected visually by studying the PCA/P images. In the case of positive (negative) blood velocities, 
the aliased voxels will result in a black (white) pixel in the middle of the vessel surrounded by white (black) 
unaliased pixels near the vessel wall where the blood velocity is lower (<Vene). 

Eddy currents 
When a conductor is moved within a magnetic field, in it a currents is produced. The direction of the current is 
such that the resulting magnetic field opposes the magnetic field in which the conducted is moved. This 
phenomenon is called the Faraday-effect, and the resulting moving charge an 'eddy current'. These eddy currents 
will a lso occur if a static conductor experiences a changing magnetic field [ 1 ,2,4). 
IntheMA-scanner eddy currents are induced in the metallic structures (such as the cryostat) by the switching of 
the magnetic field gradient coils. The currents can persist torsome time aft er the gradient is switched, with different 
componentsof the scanner having different time constants. Measurable effects are generally considered to persist 
tor several seconds following a gradient pulse. The resulting magnetic field is a superposition of the main static 
field, the gradients, and the time-varying field induced by the eddy current. The field inhomogeneities created by 
the eddy currents do not only have a time-varying character, but also vary spatially. 
With the phase ditterenee method described in the previous paragraph static field inhomogeneities are eliminated. 
However, the inhomogeneities resulting trom eddy currents are not completely corrected because the two 
acquisitions with the different flow sensitivities require different gradient pulses. These different gradient pulses 
with lead to eddy currents that are not the same in both acquisitions. As a result the net phase shift of the static 
spins will not equal zero, and the phase shift of flowing spins will have an extra introduced phase error. lncluding 
this phase error in equation (2.13) leads to : 

~<I> 
V = V eddy + - · Vene 

1t 
(2.14) 

where veddy is the velocity error due to eddy currents. Because the time varying eddy currents depend on the 
gradient pulse form and strength, and on the construction of the scanners metallic components, the velocity 
induced error depends on the pulse sequence and MA-scanner used tor the flow quantification. 
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Random error 

The velocity induced phase shift is calculated by subtracting the phase of the two acquisitions on a pixel-by-pixel 
basis. The phase angle of each separate acquisition is calculated using the real and imaginary component of the 
received MR signal. How the phase angle is extracted trom the voxel signal is shown in tigure 2.3[1). 

real 

Fourier 
translonnation 

re al 
magnetization 

imaginary 
magnetization 

Figure 2.3. Calculation of the phase angle. Alter demodulation with the relerenee lrequency (w=áJ0) the signalis split 
into a real and imaginary component. The phase angle is !hen calculated using the magnetisation of the individual 
components alter the Fourier translormation. 

After the measured signal is demodulated, it is split into a real and imaginary component. The phase angle is 
then calculated on a pixel-by-pixel basis according to : 

<1> = tan·1(M;m) (2.15) 
Mre 

where Mre and Mim are respectively the magnitude of real and imaginary component of the magnetization after 
the Fourier transformation. 
Any noise in the real and imaginary receiver channels will lead to noise in the phase angle image. Using the 
theory of propagation of errors, it can be shown that the noise in the signal results in a standard deviation in the 
phase angle given by [5) : 

cr(<j>) = cr(M) = _1_ 
M SNR 

where SNR is the signal-to-noise ratio, and M the magnitude of the magnetization defined as : 

(2.16) 

(2.17) 

Equation (2.16) states that the noise level in the phase angle image (in radians) is given by the noise-to-signal 
ratio of the corresponding magnitude reconstructed images. This expression is valid on a pixel-by-pixel basis tor 
M>2a(M). Equation (2.16) contains the assumption that the noise in the realand imaginary receiver channels is 
(a) uncorrelated, (b) equal, and (c) independent of the signal intensity. Combining equations (2.13) and (2.16), 
the resulting standard deviation of the average velocity of the vox el, obtained with the phase ditterenee technique 
becomes [6,7): 

cr(v) = J2. V. cr(<j>) = J2 . Vene. cr(M) = J2 . Vene . _1_ 
<j> 1t M 1t SNR (2 .18) 

where the factor v2 is caused by the subtraction of the two phase angle images with different flow sensitivities. 
This expression gives the standard deviation of the velocity of a single pixel. Because a blood vessel generally 
consists of more than one pixel, the error in the volume flow is determined by all the individual errors in the voxel 
velocity. Consider a blood vessel that consist of N pixels, each with an area (ó.x)2, where .::\.x is the in-plane voxel 
dimension. The standard deviation in the determined volume flow then becomes [6,7): 

cr(Q) = J2_ . Vene. _1_. JN . (ffi<)2 
n SNR 

where Q represents the volume flow (ml/s). 

(2, 19) 
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lntravoxel phase dispersion 

Flow quantification consistsof averaging all the veloeities of the vessel pixels together, and multiplying the result 
by the in-plane vessel area. Th is strategy is basedon the assumption that the pixel velocity (phase) represents 
the average voxel velocity (phase). However, voxel magnetisation is a vector quantity consisting of the vector 
sum of all the individual magnetization vectors. Average voxel phase is only identical to the voxel phase derived 
trom the vector sum of the individual spins when the phase distribution is symmetrie and the modulus of the 
individual veetors is identical [6]. This can be easily demonstraled by considering the case of three spin 
magnetization veetors tor three different situations (figure 2.4). 

a 

evector = 45 0 

emean = 450 

b 

evector = 55 0 

emean = 600 

c 

evector= 500 
emean = 450 

FigUre 2A. Difference between average phase and vector sum phase. a) Symmetrical distribution and equal modulus, 
b) asymmetrical distribution with equal modulus, and c) symmetrical distribution but different modulus. One spins with 
modulus 0.5. 

In the case of laminar flow intra-voxel phase dispersion willlead to only a small error in the flow quantification, in 
the order of one percent (see paragraph 4.5). However, a turbulent flow profile (near stenoses) can leadtoa 
partial or complete flow void. This flow void occurs if spins with opposite veloeities are present within the same 
voxel and cancel each other. The modulus of the vector sum will than be very small or even zero, which wiJllead 
to a noise-determined random phase angle. The PCA/M images will show no flow in the turbulent area and the 
flow quantification in the PCA/P images will be useless. 

Partlal volume effect 

In the previous sectien on intra-voxel phase dispersion we discussed the ditterenee between the average voxel 
phase and the vector sum voxel phase. This ditterenee is the basis for the partial volume effect that affects all 
the voxels on the edge of the blood vessel. 
Consider an edge voxel that is partially occupied by flowing (blood) Spins and static (vessél walland tissue) spins. 
The magnetizations of the flowing (M1) and static (M5) spins aft er the two phase ditterenee acquisitions are shown 
in figure 2.5 [6,8). For simplicity, the flowing and static magnetizations are shown as single vectors. 

example 1 

1+--- ms1 ms2----+IM- mf1 ----H 
~---~~-m1----~-~ 

example 2 

Figure 2.5. Partial volume effect. The figures show an edge voxel with flowing and static spins undergoing the gradient pulses depicted 
in ligure 2.1. M1 is !he magnetization that is measured in the first acquisitions, which is a vector sum of m51 (~talie spins) and m11 (!lowing 
spins) . In the second acquisition m2 is measured, also a vector sum of m52 and m12. In both examples, !he measured phase angle is lJ 
and 1> is the motion induced phase shift. 

8 



Figure 2.5 clearly shows that because of the static spins present within the voxel, the measured phase shift() 
differs from the velocity induced phase shiftq>. lf N1 and N5 are the numbers of moving and static spins respectively, 
the measured phase shift becomes [6] : 

_,[ Nt·Mt ·sin(<j>) ] 
8 =tan 

Ns -Ms+ Nt · Mt · cos(<j>) 
(2.20) 

Because the velocity of the spins in the edge voxel is low, the velocity induced phase shift is also smal! (4><<n). 
Using this smal! phase shift approximation, expression (2.20) can be simplified to : 

8z f . g · <J> (2 .21} 
1 + f . (g -1) 

where the fraction of flowing spins (f) is defined as : 

f = Nt 
Nt+Ns 

and the ratio of magnetizations (g) as : 

Mt 
g=

Ms 

(2.22) 

(2.23) 

lf the magnetization of the flowing and static spins are the same (g=1 ), equation (2.21) can be simplified, and is • 
given by: 

e"'f ·<J> (2.24) 

Th is is the desired average voxel phase, and therefore no partial volume error exists. In genera!, the partial volume 
error is smal! if M1 and M5 do not differ substantially (g::::::1). The error increases with an increasing ditterenee in 
magnetization magnitude. 
The partial volume errors in all the edge voxels wil! in the end lead to an error in the flow quantification. To come 
to an estimate of this error we wil! first investigate the absolute error in the flow (q) of a single edge voxel. Based 
on the ditterenee between mean phase and vector sum phase, this voxel flow error (t:q) is given by: 

2 (S- Sm) êq = (~) · Vene · -1t- (2 .25) 

where ~x is the in-plane voxel dimension and ()mis the correct mean voxel phase. From equation (2,24) we know 
that ()m=f · q> . Combining this ()m with equation (2.21 ), and substituting the result in equation (2.25), the expression 
for t:q becomes : 

êq = (~)2 . Vene. [ g -1] . Sm (2 .26) 
1t 1 + f . (g - 1 ) 

Analysis of the expression shows that the relative error in the flow of the voxel (t: Jq) is given by the factor between 
square brackets. In order to determine to absolute error we need to calculate the mean voxel phase. Th is phase 
can be estimated by considering the one,dimensional case of a voxel on the edge of a vessel with a Poiseuille 
velocity profile (figure 2.6) 

Figure 2.6. One dimensional edge 
voxel. The vessel radius is R and the 
voxel width is óx. The fraction f is tilled 
with flowing spins. 

----lr-~v~e~~el~ra~diu~s--~ 

x 

[ZZ2] flowing spins 

[s.s:sJ static spins 

~ vesselwall 

EDGEVOXEL 

x=R-ft.x x=R 
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The mean phase of this one-dimensional voxel can be obtained by inlegrating the (Poiseuille) velocity distribution 
and dividing by the voxel width as follows : 

Sm=- · - · (1--)dx=-·- · 1---1t Vp lR X
2 

1t Vp [ f·&] 
& Vene R-ft.x R2 & Vene 3R 

(2.27) 

where vP is the peak velocity in the middle of the vessel with radius R. Combination of equation (2.26) and (2.27) 
results in the error in the flow of a single edge voxel given by : 

Vp 2 3 [ Q ] [ f · &] E =-·f {&) · -1 · 1--
q R 1+f ·(g-1) 3R 

(2 .28) 

This partial volume error per edge voxel can be used to estimate the total error in the flow quantification of the 
entire vessel (ea). Since the partial volume effect exists only in the edge voxels, the total error is a sum of the 
individual error's (eq) in the Ne edge voxels, where Ne::::::2nR/~x. The error in the flow quantification can thus be 
estimated by : 

Ea =Ne · (cq) (2.29) 

where <eq> represent the partial volume error of an 'average' edge voxel. The flow error of this average voxel is 
given by equation (2.28), where f is defined as the average fraction of the Ne edge voxels (the error is the same 
in the Ne edge voxels). The estimated error in the flow quatification finally becomes: 

. 2 [ g ] [ f . ru<] êa = 27t · ( f · ru<) · Vp · - 1 · 1 ---
1 + f · (g - 1) 3R 

(2 .30) 

Due to the refreshment of flowing spins during the acquisition M1 is usually larger than M5, which results in g> 1. 
lf the condition ~x<3R is also satisfied, e0 is positive and the partial volume effect leads to an overestimation of 
the flow. 

Mjsaligment of flow and flow-encadjog axjs 

In the phase ditterenee theory discussed in paragraph 2.2 the flow axis ( direction of motion) was assumed to 
coincide with the flow encoding axis ( direction of the gradient).lf the spins are notrnaving in the gradient direction, 
the axes are misaligned which can lead to an increased partial volume error. Before we will discuss this error, let 
us first consider the case of an infinitely thin imaging slice (figure 2.7) [6]. 

Figure 2.7. Misaligment of flow and flow
encoding axes. 11 the imaging slice if extremely 
thin, the increase in !he in-plane area by a factor 
1/cos(f/>) will be rompensaled by !he decreasein 
velocity by cos(fj> ). The flow quantification will nol 
be alleeled by !he misalignment. 

imaging slice -

perpendicular slice / 

- blood vessel 

I 

The figure shows that in the case of an infinitely thin slice the in-plane vessel area increases by 1/cos(cp) and the 
velocity along the gradient decreases by a factor cos(cp ). The measured volume flow is thus unaffected by the 
misalignment of the two axes. However, if the slice thickness can not be negleeled the partial volume error will 
increase compared to the model discussed in the previous subparagraph ( equation (2.30)). How the misalignment 
angle and the slice thickness affect the flow quantification is shown in tigure 2.8 below. 
The depicted situations show that both the slice thickness and the misalignment angle strongly influence the 
number of voxels with a partial volume error. As the number of voxels with an error increases the flow quantification 
becomes increasingly less reliable. 
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varying misaligment angle varying slice thickness 

Figure 2.8. Partial volume error due to misalignment of the flow and flow-encoding axes. The situation on the lelt 
shows the influence of the misalignment angle, and the situation on the right show the influence of the slice thickness. 
The shaded voxel on the edge of the vessel have a partial volume error. 

Velocity waveform variability 
Thus far, we have only considered a blood flow of constant velocity. However, due to the nature of our blood 
pump (the heart), blood flow in most human arteries is strongly pulsatile and has a far trom constant velocity. 
Because the flow quantification acquisnion time is long compared to the cardiac cycle, the acquisition has to be 
cardiac triggered. In the triggered flow quantification, a trigger signa! (e.g., the R wave peak of the 
electrocardiographic waveform) is detected and used to increment the phase encoding steps. This strategy • 
produces images that appear to be acquired instantaneously at a given time point during the cardiac cycle, but 
are actually acquired over many cycles. By varying the time delay between the trigger signa! and the acquisition, 
the entire velocity waveferm can be determined. 
The principle of cardiac triggering, however, is based on the assumption that the velocity waveform is purely 
periodic. Any variatien in the shape (i.e. amplitude, frequency) of the waveferm has the potential of creating 
replicatien artifacts, also known as ghost artifacts. This velocity waveferm variability cari lead to errors in the 
volume flow calculation. However, befere we can describe how this variability influences the flow quantification, 
we first have to understand how the ghost artifacts are produced. 
In gene ral, the k-space acquisition technique is designed to image static objects. Any form of motion, tor example 
respiratory or cardiac motion, or restlessness of the patient, causes blurring and ghosting artifacts [9, 1 0]. In order 
to come to an understanding of this ghosting phenomenon, we will con si der the normai2D acquisition of an object 
that has a static and moving portion. Figure 2.9 shows the object (a) and its motion affected image (e). 

(a) 

y 

moving portion 

actual image 

Figure 2.9. Ghosting artifacts in 
a motion affected image. Fourier 
paths 1 and 2 yield the same image 
with the ghosts in the phase 
encoding direction. See text lor 
explanation. 
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In normal sequentia! k-space acquisition, each excitation leads to one phase encoding step (ky). lf we assume 
that the frequency encoding occurs instantaneously, a unique timepoint corresponds to each ky- The full k-space 
matrix therefore results in an angled plane in the (k,t)-space (figure 2.9b}. The angle of the planeis given by: 

e = tan· 1 (k~ota1 /N- TR) (2.31) 

where kytotal is the entire phase extent trom -l),max to +~max, N is the number of phase encoding steps, and TR 
is the excitation repetition time. The conventional method of reconstructing the images of the object trom this 
matrix in k-space, is the 20 inverse Fourier transformation (I FT), which is shown as path 1 in tigure 2.9. An 
equivalent method of reconstructing the image is to fellow path 2. This path allows for a graphical description of 
why ghosting artifacts occur. 

Intermezzo 

K-space and tiroe-concept 
In MR imaging, spatial encoding can be described in the k-space. The signa/ S(k) measured at each point in the 
k-space and the complex transverse magnetisation M(r) at position forma Fourier pair. A Fourier transformation wil/ 
converf S(k) into M(r) and vice versa: 

S(k) = J~[M(r) · e·2mk ·r]dr M(r)= J~[S(k) - e2"ik ·r]dk (1,1) 

In the conventional way of imaging the k-space yields only spatia/ information, and no temporal information. Although 
kis a tunetion of time (figure 2.9b), S(k) is usual/y considered not to have a time dependance. To include temporal 
(motion) information about the imaged object, equation (1.1) can be extended to : 

S(k, t) = [J~[ M(r) -e·2mk·r · e·2mv·t] dr dv M(r, v) = [J~[ S(k, t) · e2"ik-r · e2mv·t] dk dt (1 ,2) 

where M(r,v) forms the motion-affected image, andv is the temporal in formation about the motion. 

Fourjer proiecüon slice theorem 
Consider the tunetion f(x,y,z) and its 30 Fourier transfarm F(kX'kY'kz)- The projection slice theorem stafes that the 
projection of f(x,y,z) in any direction, is equivalent to the inverse Fourier transfarm of the 20 plane in F(kX'kY'kz) 
passing through the origin and normal to the direction of projection. 

Assume it were possible to fill the entire (kx,ky,t) volume in tigure 2.9b. By taking the 30 IFT (20 spatial + 10 
tempora!) we transferm this volume to the (x,y,v)-space, where vis the temporal frequency (figure 2.9d). After 
we have transformed the image into the (x,y,v)-space we will use the Fourier projection slice theerem to 
reconstruct the motion affected image. Applying this theerem (see Intermezzo I) to our situation yields: The 20 
inverse Fourier transformation (path 1) of a 20 plane in S(kx,ky,t) can be computed by the projection of M(x,y,v) 
in the direction normal to this plane (path 2). Path 2 is shown 1n more detail in tigure 2.10 below 

(k,t)-space 
3-0 

projection 
direction 

Inverse e ......... r""---t--=:::::..r---
Fourier 

Transfarm __.... 

speetral islands 
(# 0) 

y 

rt!lt_ 
ghosts 

Figure 2.1 0. Detailed Visualization of why ghosts oceur in motion alleeled images. The speetral islands in the (x,y,v)-space will 
show up as ghosts in the linal image. 
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In the (r,v)-space the temporal harmonies of motion are distinguishable as speetral island ( tigure 2.1 Ob). The 
motion is decgmposed into its temporal frequency spectrum along the v-axis. lf the motion is periodic or 
quasi-periodic these speetral islands assume a discrete nature. Otherwise, the speetral islands beoome a 
continuous spectrum. Using the Fourier projection slice theorem the final motion affected image (figure 2.9c and 
tigure 2.1 Oe) can be reconstructed by projecting the (r,v) volume at angle 0. The static component (v=O) along 
with the speetral islands (v:t:O) get projected onto to final image, and the projected speetral islands appear as 
displaced ghosts of the moving part of the object. 
The static component (v=O) is a time averaged image, i.e. time averaged over the total length of the scan. 
Reconstruction of this component would produce an image tree of ghosting artifacts, but would contain motion
induced blurring. lf the (r,v) volume were to be projeeled onto the horizontal plane (0=90°) all the speetral islands 
overtop one another. This eliminatas all blurring and ghosting artifacts, which is quite obvious because 0=90° 
corresponds to an instantaneously acquired image (see tigure 2.9b). 
With the help of the (r,v)-space theory we have described the motion induced ghosting phenomena. The 
replica ti on artifacts discussed sofarareseen in the conventional magnitude reconstructed image and are caused 
by the undesired motion of an object. In a cardiac triggered flow quantification these ghosting artifacts are also 
seen when the cardiac velocity waveform is not purely periodic. The ghosts are now also present in the PCA/P 
image, and can lead to an incorrectly determined volume flow. Following the same strategy as described above 
we can investigate the effects of the velocity waveform variability by deriving the temporal frequency spectrum 
of the waveform. 
In healthy subjects, the peak systolic velocity can vary by 10%-15% trom cycle to cycle, making amplitude 
modulation of the velocity waveforma physiological relevant effect. In the phase ditterenee velocity measurement, 
these velocity changes lead to modulation of the phase of the transverse magnetization. Furthermore, because 
of the velocity dependent saturation effects, the magnitude of the transverse magnetization will be modulated as • 
well. To study the effects of these modulations on the volume flow we have to derive the temporal frequency 
spectrum of the transverse magnetization. For simplicity, we will start by deriving the frequency spectrum of a 
perfectly periodic velocity waveform. The waveferm and its frequency spectrum are shown in tigure 3.11 . 

periadie wavefarm 

v(t)l 

waveferm '---------- --- -

trigger 
signa! 

Fourier 
spectrum 

triggered 
Founer 

spectrum 

. . . . . r . . . 
! ' Î tri ! !i r Î 

• j [ J 1 ! i l 1 Î • 
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-v-v---v--v--v-

+ + + + + + + 

·w· LV; , 
I l 
: : 
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Figure 2.11. Velocity wavefarms and !heir frequency spectra. The perfectly periodic velocity wavefarm and its spectra are shown to 
the lelt. The amplitude modulated velocity wavefarm to the right. 

** Quasi-periadie refers to a tunetion that approaches a purely periadie tunetion but has some degree of randomness. The 
respiratory and eardiae eycle are example of quasi-periadie funetions. 
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The frequency spectrum of the untriggered periodic waveferm displays discrete speetral peaks along the v-axis 
spaeed by ~v=1fT, where T is the physiological waveferm period. The untriggered magnetization spectrum 
Muntrig(r,v) is therefore given by: 

~ 

Muntrig(r, v) = F(S(k, t)] = LM(r, v)·Ö(v- nv) (2.32) 

n=-oo 

where F represent the Fourier transferm over the spatial-frequency (k) and time (t) variables. The central peak 
of Muntrig(r,v) at v=O corresponds to the value of M(r,t) averaged over the total acquisition time. By sampling 
theory, tne triggered spectrum is given by the original untriggered spectrum convolved with a frequency comb 
with a spacing of ~v=1fT. The result of this operatien is that all the discrete harmonies of the untriggered spectrum 
(i.e. the speetral peaks atv ±n=± nff) are aliased back onto the zero-frequency (v0) component. The central peak 
at v=O will therefore be given by the complex sum of all the speetral peaks in the untriggered spectrum (M(r,v)). 
In genera!, tor an arbitrary cyclic but not necessarily perfect periodic waveform, the untriggered frequency 
spectrum trom v ±112 to v ± 312, and trom v ± 312 to v ± 512, ... will all be aliased back onto the baseband frequency 
range v.112 to v +112. The baseband triggered frequency spectrum becomes: 

~ 

Mtrig(r,v)= LMuntrig(r,v +nv) (2.33) 

n=-oo 

~here Muntrig(r,v) is th~ untriQgered spect~um of equation. (2.3~). lf we wish the rec?nstruct.an image ~t some 
t1me delay rafter the tngger s1gnal, accordmg the the Founer sh1ft theorem, we must flrst mult1ply the untnggered 
spectrum by a phase factor and then do the complex summatien as in equation (2.33). Thus, the triggered 
spectrum corresponding to a delayed image acquisition is given by : 

~ 

M ( ) _ ""' -2Jti<(v+nv) M { ) trig r, V - L.J e . untrig r, V + nv V -1/2 ::o;v ::o;v 1/2 (2 .34) 
n=- oo 

The triggered magnetisation spectrum consistsof only the central peak (v=O), and the acquired image shows no 
blurring or ghosting artifacts. The image seems to be acquired instantaneously, and the flow quantification is not 
affected, as can be expected trom a perfectly periodic waveform, . 
As mentioned above, amplitude modulation of the velocity waveferm will lead to both amplitude and phase 
modulation of the transverse magnetization. These modulation effectscan be a souree of error in the volume flow 
determination. How the flow quantification is influenced is determined by the modulation of the transverse 
magnetisation. As an example we will derive the frequency spectrum of an amplitude and of a phase modulated 
waveform. Consider the general periodic tunetion g(t) (in our case the transverse magnetisation). The frequency 
spectrum of the unmodulated tunetion will show discrete speetral peaks with spacing 1ff, where T is the period 
of g(t). In both the amplitude and phase modulation example we will use the modulation tunetion h(t)=sin(2.nv mt). 

Amplitude modulation of the general tunetion g(t) will yield the following expression tor the resulting g8m(t): 

9am{t)= g(t) ·[1+ ~ ·h{t}] 

Gam(v) = G(v )+ ~ · G(v }® H(v) 
(2.35) 

where the capita! characters represent the associated Fourier transforms and ® denotes the convolution 
operation. Due to the modulation each of the peaks in the unmodulated spectrum is now flanked by two sidebands 
spaeed by 1 fT m• where Tm is the period of the modulation tunetion h(t) (see tigure 2.11 ). The relative magnitude 
of the sideband peaks compared to the associated main peak is determined by the modulation factor {3. Because 
we are considering amplitude modulation only, h(t) is real and therefore the magnitude of the sidebands is 
symmetrie, while the phase is antisymmetric. 

Phase modulation of the unmodulated f(t) willlead to : 

9pm (t) = g (t) . eil} ·h(t) 

Gpm(v) = G(v) ® E(~ ,v ) 
(2 .36) 

where 9pm(t) is the modulated tunetion and E(j3,v) is the Fourier transferm of e\Bh(t). In contrast to the amplitude 
modulat1on, each peak of the unmodulated spectrum is now flanked by an infinite train of sidebands spaeed by 
1ff m· These sideband peaks decreasein amplitude away from the associated main peak according to J0 (/3) . 
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Jn(/3) is the first order Bessel tunetion and n (ranging trom -oo to oo) represents the position of the sideband on 
the v-axis relative to the associated main peak. The distance between the nth sideband and the main peak is thus 
given by n ·vm 

The exact triggered magnetization spectrum can only be derived if both the velocity waveferm and the modulation 
tunetion are known. This means that the error in the volume flow can also only be determined theoretically if the 
exact modulated waveferm is known. However, we can make some general remarks about the influence of the 
velocity waveferm variability in the volume flow detemination. 

First, avoid ghost overlap. The distance between the center of the blood vessel and the center of the nearest 
(primary) ghost should be larger than the diameter of the blood vessel itself. For this condition to be met, we 
require: 

0 
V>--

m- FOV ·T 
(2 .37) 

where D is the diameter of the vessel, FOV is the field of view, and T is the waveferm period. lf this condition is 
not met, the primary ghosts overlap with the actual blood vessel. In the region of the vessel where overlap occurs, 
the magnetization is the result of the vector sum of the actual vessel with the ghost vessel. The amount of overlap 
is determined by the spacing between the ghosts and the vessel diameter. In general, no overlap of the primary 
ghosts with the central vessel will result in a smaller error in the volume flow, than when the ghosts overlap with 
the vessel. However, how the volume flow is influenced depends strongly on the polarity of the primary ghosts. 
We can differentiate between three situations: 

1 The primary ghosts both have a phase angle larger than the correct phase of the actual vessel. Th is results 
in an overestimation of the volume flow in the overlap region. As a result, the total volume flow is 
overestimated. 

2 The primary ghosts both have a phase angle smaller than the correct phase of the actual vessel. This 
results in an underestimation of the volume flow in the overlap region. As a result, the total volume flow 
is underestimated. 

3 The phase of one ghost is larger than the actual phase, while the phase of theether ghost is smaller than 
the correct phase angle. Because these effects tend to cancel each ether, the result is only a small residu al 
error in the volume flow. 

Which of the situations is applicable is determined by the phase offset between the trigger point and the modulation 
function. Thus, the relative phase of the primary ghost compared to the phase of the central vessel is determined 
by the phase offset of the modulation tunetion at the time of the trigger signal. 

Secondly, try to have an as constant as possible magnetization amplitude. We have already seen that velocity 
wavefarm variability leads to a phase and amplitude modulation of the magnetization. The amplitude modulation 
is caused by velocity dependent saturation effects. lf these saturation effect can be neglected and the variatien 
in the magnetisation is small, no experimentally significant errorscan be detected in case of noghost overlap. In 
practice, we should therefore choose the scan parameters such that the velocity dependent saturation effect is 
small, tor example by using a flip angle of 30° or less. 

Acceleratjon jnduced velocity error 

In order to derive a relationship between the motion induced phase shift and the velocity of the flowing spins, we 
assumed that the spins were traveling at constant velocity and that all higher moments of motion (acceleration 
etc.) were negligible. However, in human arteries with strongly pulsatile flow and in stenotic regions, this 
assumption is not valid. In these cases, the acceleration of the spinscan not be neglected. Doing so willlead to 
an incorrectly determined velocity. 
In this sectien we will describe how the acceleration of the spinscan lead to an error in the calculated velocity. 
Consider the following spin displacement tunetion : 

X(t) = X('t) + V('t) · (t - 't) + ~ · (t - 't )2 

2 
(2 .38) 

where ris the expansion point of the Taylor series (see paragraph 2.2). Note that the acceleration is assumed 
to be constant between the time of RF excitation and formed echo, and is therefore not a tunetion of r. 
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Using this spin displacement function, the motion induced phase shift becomes [ 12, 13): 
a 

ó<j> =y . V(1:) · ó.Mlt}+y .- . LlM2(1:) 
2 

(2.39) 

Although the measured phase shift does not vary with the expansion point r, in gene ral, the phase contributions 
of the different orders of motion are a tunetion of r. Thus, because the gradient moments are a tunetion of r, the 
sensitivity of the phase shift to the velocity and acceleration contributions is influenced by the choice of the 
expansion point. As a result, a correct velocity estimate is only achieved if ó.M2(-r)=0. The effects of the choice 
of the expansion point on the gradient momentsis shown in tigure 2.12 below. The example shows a simplified 
bipolar gradient [14). 
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Figure 2.12. The influence of the point of expansion 
on ihe gradient moments. The table and figures show 
the zeroth, first and second gradient moment of a simple 
bipolar gradient lor different expansion points. The 
moments are independent of -r only when alllower order 
moments are zero. 

From the tigure we know that óM2(r)=0 if the moment center (re) is chosen as the expansion point. The measured 
velocity is the correct velocity estimate at the time of the moment center, uninfluenced by the acceleration. 
However, selecting the moment centeras the time point of expansion leads to two difficulties. 

1 The measured velocity is derived trom the signal of a specific voxel at a certain location. lf the time at 
which the spatial intermation is acquired is not the same as the time at which the velocity is estimated 
(expansion point r e), the PCNP image has a temporal inconsistency. The velocity associated with a 
particular position (voxel) is the true velocity of the spins in this voxel at some earlier or later point in time. 

2 The moment center •e is nol fixed relative to the time of RF excitation and of the spatial information read 
out at the time of the echo {TE). Rather, •e is a tunetion of the timing and amplitude of the applied 
velocity-encoding gradients, and can vary with a number of scan parameters (tor example FOV, vene etc.) . 
As a result, performing a flow quantification with the same TE but with a different moment center caused 
by the changed parameters, can produce a different velocity. 

For consistency with the spatial encoding, we require a velocity estimate at TE. By substituting r= TE in equation 
(2.39} the expression tor the velocity at TE becomes : 

v(TE) = v(1: c)- ~ · Ll~2~TE) (2.40) 
1 

Equation (2.40) stales that the measured velocity at TE equals the correctly determined velocity at •e· plus an 
acceleration induced velocity error. By simple laws of kinetics it can be shown that this error equals a· (TE-re). 
The acceleration induced velocity error thus depends on the time between the moment center and the echo. 
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User defjned Regjon Of Interest 

Thus far, we have only discussed possible sourees of error that can affect the volume flow. However, we have 
not yet discussed how we can derive this volume flow trom the PCNP image. 
The simplest approach to calculating the flow is to place a Region Of Interest (ROl), defining the in-plane cross 
sectien of the vessel. By summing all the pixel area-velocity products (area of pixel times velocity of pixel) in this 
ROl, the volume flow (mils) can be determined. This approach is used by the operator on the scanner console 
when a phase ditterenee flow quantification is performed. Placement of the ROl, however, is highly user
dependent and can lead to errors in the volume flow. 
ldeally, the phase of the static material outside the blood vessel is zero. lf this is the case the placement and size 
of the ROl will not influence the volume flow, as long as the ROl contains all the voxels with flowing spins. However, 
field inhomogeneities (including eddy currents) and noise in the received MR signa! result in a non-zero phase 
tor the static mate rial. lncluding these non-zero voxels of the static tissue willlead to an error in the volume flow. 
From the sectien about the random noise we can see that this error increases when the signal-to-noise ratio 
decreases. On the other hand, if the phase error due to eddy currents is small and the signal-to-noise ratio is 
relatively large, the error in the volume flow caused by the oversized ROl is small. Although the oversized ROl 
does not always effectively affect the volume flow, the larger area of the ROl will always lead to an underestimation 
of the average velocity. For example, a circular ROl with a diameter of 6mm, placed around a vessel with a 
diameter of 5mm, willlead to a 30% underestimation of the average velocity. 
A normal cardiac triggered flow quantification consist of a number of PCNP images (normally between 10 and 
30) measured at different time moments in the cardiac cycle. These images can be used to derive a flow-time 
curve, showing the flow through the vessel at different moments in the cardiac cycle. Although the acquired data 
set consist of PCNP images at different moments, is most cases the ROl is only defined in one of these images .• 
Th is strategy is based on the assumption that during the cardiac cycle the position and in-plane area of the vessel 
do not change. However, if the flow in the vessel is strongly pulsatile or the position of the vessel is influenced 
by tor example respiratory motion, the assumption can not be satisfied and the flow quantification will be less 
reliable. In such cases the ROl should be adjusted to the position and form of the vessel in all the acquired images 
throughout the cardiac cycle. This can be done by using software especially designed tor this purpose. 
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Experimental setup 

Eli Introduetion 

In paragraph 2.3 we discussed the variety of factors that can influence phase ditterenee flow quantification. In 
vivo, most of the factors that lead to errors in the derived volume flow, can not be sufficiently well controlled or 
completely eliminated. However, the most important disadvantage of the in vivo MR flow quantification is that we 
can not verify the derived volume flow. In other words, we do not know the exact flow in the patient, and thus can 
not delermine the reliability of the flow quantification. lt is therefore necessary to test and study the flow 
quantification in a system were the volume flow can also be determined by an established alternative method. 
Once we have gained insight in all the possible error sou rees, we can predict the reliability of the in vivo MR flow 
quantification. 
A thorough study and analysis of the MR flow measurements can be achieved by in vitro phantom studies. In 
vitro the flow can also be measured by a reliable alternative method, enabling us to delermine the error in the 
MR flow quantification. Furthermore, the phantom studies enable us to isolate a particular souree of error, yielding 
a measured flow that is only affected by the factor under investigation, and by as few as possible other factors. 
This chapter deals with the experimental setup and data analysis for our in vitro phantom flow quantifications. 
Figure 3.1 shows schematically the present approach to validate the MR flow quantifications. In the following • 
paragraphs the individual components of the system will be discussed in detail, starting in paragraph 3.2 with the 
flow phantom itself. 
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Figure 3.1. The overall setup and strategy of the phantom studies. For the flow quantification the phantom is placed in a 
Philips 1.5T ACS-scanner. The result of each flow quantification is one or more PCAIP images. The PCAIP data-set is then 
exported lor further data analysis and comparison with the alternative flow determination, resulting in the MR volume flow Q and 
the error in Q (t:0). Insome cases, the flow is also compared to computer simulations basedon theoretica! models. 

El Flow phantom 

With the help of the in vitro phantom we want to study the potential sourees of error in the flow determination, 
preferably one at a time without any interterenee from the other factors. While trying to control the variety of 
factors as well as possible, we have to keep in mind that the phantom studies should simulate the in vivo 
measurements as closely as possible. This means that the blood, the blood vessels and the tissue surrounding 
the vessels must mimiek the patient situation closely. As will become evident below, this mimicking forms the 
greatest challenge for the design of the flow phantom. 
In our experiments we used two different flow phantoms, both designed with a specific in vivo situation in mind. 
These phantoms supplement each other in their possibilities to investigate particular influential factors of interest. 
Both the phantoms are discussed below in detail, and will be referred to as the Lower extremity phantom and the 
Dialysis shunt phantom. 
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Lower extremity phantom 

The first phantom is primarily designed to simulate and study the flow (quantification) in the arteries of the lower 
extremities. However, the insight gained trom these particular phantom studies can also be applied to flow 
quantifications in other blood vessels. The lower extremity phantom is sketched in tigure 3.2. 

Figure 3.2. The lower extremity 
phantom. The transmitted MR signal is 
received by the knee-coil, placed around 
the mid-section of the phantom. For 
further explanation see text. 

silicone vessels 

I 

imaging slice 

The phantom construction is basically a container that holds the artificial blood vessels through which a blood 
mimicking f/uidtlows. Surrounding the artificial vessels is a tissue mimicking fluidthat simuiatas the tissue around 
the arteries in the in vivo situation. These blood and tissue mimicking fluids are discussed in the following 
paragraph. The arteries of the lower extremities are simulated by flexible silicone tubes. The material trom which 
the artificial blood vessels are made is of great importance. Solid state material, like the silicone tubes, have very 
short relaxation times compared to typical echo times used in magnetic resonance imaging. At the time of the 
received echo, there is notransverse magnetization left, and the voxel phase is completely noise determined and 
thus random. Th is signa! void is a major disadvantage of the silicone vessels and strongly influences the partial 
volume effect, which will be discussed further in chapter 4. To avoid these problems the artificial vessels either 
have to be extremely thin, or they have to generate a MR signallike the arterial walls in the in vivo situation. 
The imaging slice of the phase ditterenee measurements is placed in the center of the flow phantom, perpendicular 
to both vessels. The tact that the silicone vessels pass the imaging slice twice, creates the possibility to perfarm 
an internal validatien because the volume flow in both direction must be the same. During the measurements the 
transmitted MR signa! is received by the quadrature knee-coil. The dimensions of the mid-section of the phantom 
are such that the knee-coil just fits around it. Because the knee-coil is almast completely tilled with the phantom, 
it receives a strong signa! trom the imaging slice, and picks up a relative small noise signa!, compared to the 
body-coil. As a result, the knee-coil has a much larger signal-to-noise ratio than the body-coil. 
In vivo the blood flows through arteries which are not perfectly straight, but have a large number of curvatures 
and bifurcations. In most cases, the flow in the human arteries is therefore not a perfect Poiseuille flow, although 
it is often laminar. Fully developed Poiseuille flow results in a parabalie velocity profile across the lumen, where 
the peak velocity in the centre of the vessel is twice the average velocity. In our case, however, the goal was to 
create fully developed Poiseuille flow in the artificial vessels of the flow phantom. A perfect Poiseuille flow profile 
avoids steep velocity gradients near the edge of the vessel and has a radial symmetry which simplifies the 
simulations (see paragraph 3.6). The problem with a Poiseuille velocity profile is that it can only exists if the blood 
flows through a perfectly straight vessel. From basic fluid mechanics we know that tor a flow to develop trom plug 
flow to a perfect Poiseuille flow we require a minimum length of perfectly straight vessel, called the entrance 
length L, given by [ 16]: 

L = 0.056 · d ·Re 

where d is the diameter of the vessel and Re is the Reynolds number defined as : 

Re= P ·d ·v 
rt 

(3.1) 

(3.2) 

The velocityvis the average velocity across the lumen,p is the density and rJ the viscosity of the blood (mimicking 
fluid). Equation (3.1) and (3.2) show that the entrance length depends on the velocity of the blood and the diameter 
of the vessel. Thus, if we want to simulate an artery of the lower extremities and desire Poiseuille flow, we need 
to delermine the entrance length tor that particular situation. In table 3.1 the entrance lengths are given tor the 
largest arteries of the lower extremities [ 171 
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Table 3.1. Entrance lengths ol the largest arteries in the lower extremities. 

Artery 

External iliac 
Common femoral 

Superficial femoral 
Popliteal 

Diameter Peak Velocity (a) Reynolds 
(cm) (cm/s) number 

0.79 
0.82 

0.60 
0.52 

120 
114 

91 

68 

1410 
1390 

810 
520 

(a) peak velocity in the vessel during the systolic phase of the cardiac cycle. 

Entrance length 
(cm) 

62.5 
64.0 

27.3 
15.3 

The table shows that the largest entrance length in our case is about 65cm tor the Common femoral artery. The 
phantom design creates an undisturbed straight flow trajectory of 75cm on both sides of the imaging slice, in 
order to achieve a Poiseuille velocity profile. The construction of the phantom supports the flexible silicone tubes 
in both end-sections so that they form a straight flow trajectory. A disadvantage of this construction, is the tact 
that the phantom is somewhat bulky and more ditticuit to handle. 
A last consideration are the vibrations of the scanner created by switching of the gradinets normal in vivo flow 
quantifications the patient rests on a mattress placed on the scanner bed. Both the mattress and soft tissue of 
the patient will damp most of the vibrations caused by the scanner. lf we we re to place the phantom directly on • 
the hard surface of the scanner bed, two rigid bodies come into contact, and vibrations are transmitted easily. To 
minimize artifacts trom these vibrations, the phantom is placed on 5cm thick foam. 

Dialysis shunt phantom 

The silicone blood vessels in the lower extremity phantom transmit no effective MR signaland are therefore not 
a good substitute tor real hu man blood vessels. In order to avoid this unrealistic situation we designed a second 
phantom, which is a more realistic imitation of an in vivo situation. In this new phantom we used a flexible goretex 
tube with a thin 'arterial' wall (::::::0.4mm) and a diameter of 6mm. Although this is stillnota normal arterial wall 
consisting of tissue, this situation represents a relevant clinical problem. Th is goretex tube, about 20 cm long, is 
normally used as a dialysis shunt, short-circuiting the artery and vein in the underarm of the dialysis patient. 
Ou ring the dialysis the two required needies are inserted into this goretex shunt. The in vivo and in vitro situation 
of the goretex dialysis shunt are shown in tigure 3.3. 

in vivo in vitro 

imaging slice 

l 

Figure 3.3. The gorelex dialysis shunt in vivo and in vitro. The in vitro gorelex vessel is embedded in a tissue 
mimicking gel , which is discussed in the following paragraph. 

lf in a patient the volume flow in this shunt is too small, dialysis becomes ditticuit or is no longer possible. 
Degradation of the volume flow occurs if a stenosis is present in the shunt. With the help of a MR flow quantification 
the vascular surgeon wants to investigate if the shunt is (and stays) functioning properly after surgery. However, 
before it is possible to asses the tunetion of the dialysis shunt reliably, we should validate the measurements in 
vitro, under realistic conditions. 
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In order to study the dialysis shunt problem, we constructed a phantom using the same goretex presthesis as in 
the in vivo situation. The goretex vessel is placed in a firm gel that mimicks the surrounding arm tissue, positioned 
the same way as in the arm of the patient (figure 3.3). While building this phantom we faced one major problem. 
In the in vivo situation the human blood forms a fibrinegen layer (including erythrocytes) on the inside of the 
goretex shunt that prevents the blood trom leaking out of the slightly poreus vessel. However, our 'blood' does 
not have these properties and leaks through the shunt into the gel. T o prevent the blood mimicking fluid from 
flowing into the gel, the outside of the shunt is coated. The disadvantage of this eperation is that the shunt is no 
longer flexible and will not expand during the systolic phase of the cardiac cycle. Another disadvantage is that, 
because of the coating, the thickness of the vessel wallis slightly enlarged (0.4mm ~ 0.7mm). 

El Blood & tissue mimicking fluids 

In the previous paragraph, we stated that the blood and tissue surrounding the blood vessels have to be simulated 
as closely as possible. From a magnetic resonance point of view, the most important properties that differentiate 
the various tissues are the longitudinal and transverse magnetization relaxation times, respectively denoted by 
T 1 and T 2. In table 3.2 the relaxation times of some relevant tissues are giveri [2]. 

Table 3.2. Longitudinal and transverse relaxation timesol relevant tissues. 

Tissue T1 (ms) T2 (ms) 

Blood 1400 250 
Fat 300 50 
Muscle 900 120 
Tissue mimicking fluid & gel 700 100 

Blood mimicking fluid 

The blood mimicking fluid (BMF) used in our experiments was used in previous flow phantom studies by 
Kouwenhoven et al [7]. This artificial blood from Quest Images lnc. (Ontario, Canada) was claimed to have the 
same relaxation times as real hu man blood. With the help of a special scan-sequence [ 18] designed to determine 
these relaxation times, we found T1=1440 ms and T2=300 ms fortheblood mimicking fluid. From the 'blood bank' 
we received hu man blood in order to compare the relaxation times of the human blood with those of the BMF. 
Using the same sequence, the human blood yielded T1=1430 ms and T2=230 ms, in good agreement with the 
relaxation times of the BMF. 
Next to the relaxation times, we also require that the viscosity of the BMF is the same as that of hu man blood, 
3.5 mPa.s at 37°C. This match in viscosity results in the same fluid mechanica! behaviour, which is especially 
important in stenotic regions. 
A final requirement for the BMF is the presence of particles that scatter ultrasound. Th is enables us toalso perform 
Doppier measurements to validate the flow. The approximate size of the Doppier scatterers present in the BMF 
is 10 ,um (according to Quest Images lnc.). 

Tissue mjmicking fluid 

The tissue surrounding the blood vessels was simulated by either a tissue mimicking fluid (TMF) or a tissue 
mimicking gel (TMG). The tissue mimicking fluid is used in the lower extremity phantom and consists of 
demineralised water with the appropriate relaxation times. The tissue mimicking gel is used in the dialysis shunt 
phantom and is aso called AGAR-gel, a lso with the appropriate T 1 and T 2. In the phantom we used a concentra ti on 
10 g AGAR-powder per liter of demineralised water, but the gel can be made as firm as desired by increasing 
the concentratien of the powder. 
The lower extremity phantom has a volume of approximately 9L. Using the tissue mimicking gel in this phantom 
would require an enormous amount of AGAR-gel. We therefore chose to fill this phantom with the tissue mimicking 
fluid. Another advantage of the fluid over the gel, is the tact that we can more easily replace the artificial vessel 
if we desire a different size of lumen or a different materiaL A possible disadvantage of the fluid is that some form 
of flow can occur due to the vibrations of the scanner or the vessels. The tissue mimicking gel is used in the 
dialysis shunt phantom because it has a small volume (1.5L) and we only used one goretex vessel. 
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From table 3.2 we know that tor fat T1=300 ms and tor muscle T1=900 ms. Because the surrounding tissue in 
both the arm and leg consistsof fat and muscle, we des i red an average T 1=700ms tor our tissue mimicking fluid 
and gel (where muscle tissue is weighted more than fat). However, normal demineralised water has a T1:::::::2 s, 
which is too large and thus has to be shortened. This can be done by adding a small concentration of a 
paramagnetic salt to the water. The resulting relaxation times than depend on the concentration of the added 
paramagnetic agent according to : 

Ri(c) = Ri(O) +a· c (3.3) 

where Ris the relaxation rate, defined as Ri=1!Ti (i=1 ,2), and cis the concentration of the paramagnetic agent 
(in our case MnC12). The parameter a is the relaxation rate per unit concentration, which can be considered as a 
constant tor small concentrations. The final relaxation times are T1=720 ms and T2=93 ms tor the TMF (c=0.154 
mMol/1) and T1=685 ms and T 2=90 ms tor the TMG (c=0.073 mMol/1). 

Eli The pumps 

Due to the nature of the human blood pump, tbe heart, the flow in the arteries is pulsatile. The velocity of the 
blood may vary strongly during the cardiac cycle. A flow phantom simulating an in vivo situation should imitate 
this flow pattern as closely as possible in order to asses the overall volume flow error. However, to study some 
of the individual factors that influence the flow quantification, for example the partial volume effect, we do not 
require pulsatile flow. In such cases, constant flow is preterred because acceleration induced errors and possible 
ghosting artifacts are avoided. The measurements can be done untriggered, which is a convenience to the • 
experimentator because the scan time is substantially shorter. In our experiments we therefore used two different 
pumps, one tor constant flow and one tor pulsatile flow. 

Constant flow 

Constant flow is generated by an ISMATEC (Zürich, Switzerland) microgear pump. The pump mechanism consists 
of two micro-gears rotating at high speed. The flow is generated because the fluid is trapped between the 
gearwheels and is transported trom one side to the · other. The flow rate increases linearly with the rotational 
speed of the micro-gears, with a maximum of approximately 4.5Umin at 5000rpm (rounds per minute). 
The advantage of this pump mechanism is that, due to the electron ie feedback and the high rpm, the flow output 
is very constant. A disadvantage is that the pump has to be placed outside the scanner room because of possible 
electromagnetic interterenee and the high magnetic fields. The pump is therefore connected to the phantom by 
two long tubes with a inner diameter of 1 Omm. 

Pulsatile flow 

The in vitro pulsatile flow is generated by a pump using compressed air as driving force. The pump is shown 
schematically in tigure 3.4. The design is trom the group of Biophysics, Medica! Faculty of the University of 
Maastricht (Prof. dr. A.P.G. Hoeks). 

pressure pulse 

~ 

one-way valve 

Q ~====~:=--=-=--=--=·=--=P=~=-n=~=m=--=--=·=--=--=· =-: ====~ 
~-----------------------------: 

Figure 3.4. The pulsatile flow pump. By applying 
a pressure pulse train to cylinder A, a pulsatile flow 
is created. For further explanation, see text below. 
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(0-2bar) 
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duration 
~ 
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The main componentsof the pump are the two cylinders with an internal diameter of 4 cm. lnitially the pressure 
above the fluid is in both cylinders equal to P 0 • lf we increase the pressure in cylinder A trom P 0 to P a• !he fluid 
is pushed into cylinder B. Because of the one-way valve, the fluid does not flow directly into cylinder B, but is 
toreed to flow through the artificial vessels of the phantom. The fluid will flow until the pressure in both cylinders 
is equal, P a=Pb. lf the pressure in cylinder A is then given the opportunity to decrease to P 0 again, we create the 
reversed situation with Pb>P a(=P 0). The fluid will now flow directly back into cylinder A due to the pressure 
ditterenee and the second one-way valve. By repeating this pattern we achieve a periadie pulsatile flow of the 
blood mimicking fluid. 
The exact form of the flow profile (as a tunetion of time) can be varied by changing !he shape of the pressure 
pulse. The degrees of treedom are: amplitude, duration, and rise- and tali-time (see tigure 3.4). The rise and 
tali-time of the pressure pulse are determined by the in- and outlet valve of the air conneeled to cylinder A. The 
duration of the pulse and the period of the simuialed cardiac cycle are set by a self-made pulse-generator. The 
electron ie scheme of the pulse-generator is given in appendix A. {This pul se generatoralso produces a TIL signa I 
that is supplied to !he scanner and serves as an EGG trigger signa!.) Another degree of treedom is the level to 
which the cylinders are tilled with fluid before the start of the pressure pulse (P a=P 0}. A higherfluid level in cylinder 
B initially, results in a smaller amount of air at P 0 • Th is smaller air campartment wil I reach the equilibrium pressure 
P a=Pb sooner, resulting in a smaller net volume flow. 
The advantage of this pump mechanism is that the pump can be placed inside or very close to the scanner, 
conneeled directly to the phantom. The produced flow profile is not damped by long vessels that conneet the 
phantom to another kind of pump that cannot be placed in or near the scanner. A disadvantage of this pump 
mechanism is that the achieved flow profile has no 'DG-component'. However, this DG-component can be 
produced by connecting the constant micro-gear pump in parallel to the pulsatile pump (figure 3.5). 

Flow profile 

Q 
pulse & constant in parallel 

t 

Figure 3.5. Bath pumps are conneeled in parallel in order to ereale a DG-component in !he flow. An example of !he resulting flow is 
shown to !he right. 

&I Data analysis 

The result of every phase ditterenee flow quantification is one or more PGA/P images. From these images we 
have to extract the pixels that belong to the in-plane cross section of the blood vessel(s), and perfarm a 
velocity-area summatien t. Doing this operatien on !he scanner console is notaccurate (see the section about 
!he user defined ROl in paragraph 2.3). In the case of our silicone vessels the voxels in the vessel wall will have 
a random phase, varying between -n and n. lncluding these pixels in the velocity-area summatien willlead to 
substantial errors, especially if the in-plane vessel cross section consists of only a tew pixels. To avoid these 
errors we have to be able to decide on a pixel-by-pixel basis which pixels are included and which are not. 

t velocity-area summation : 1) multiply the velocity of every pixel with the area of the pixel, and 2) add all the velocity-area 
produels of all vessel pixels together. 
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The data-analysis of our measurements is therefore done with the help of MATLAB®, a program especially 
designed tor matrix operations, calculations, and visualization. The program environment enables us to write our 
own batch files that simplif~ and automate the data-analysis procedure. The PCA/P images are exported at the 
console in the ACR-NEMA file format. In this file every pixel velocity is represented by a 2 byte-integer. Th is file 
format thus has a range form 0 to 4095 tor every pixel, corresponding respectively toa velocity range trom -V ene 
to V ene· By switching the most and least significant byte of all inlegers in the file , the matrix can be imported 
directly into the MATLAB environment. 
After the data set is imported we extract two smaller matrices trom the data-set, each containing one of the 
vessels. lf the average flow velocity in the vessel is negative, all pixels are inverted in order to get a positive 
volume flow. The sub-data sets can now be shown as a 2- or 3-dimensional plot, like the examples in tigure 3.6. 

A c 

Figure 3.6. Examples of 2· and 3-dimensional plots of !he sub data sets. The figures A and B corresponds toa scan with a FOV=150 
mm and a 256 matrix. The vessel wal! with the noise peaks is clearly seen. In figures C and D, with a FOV=100 mm and a 512 matrix, 
!he vessel wal! has a phase equal to zero, because !he magnitude of !he magnetization in these voxels is below !he threshold level. 

In tigure 3.6 c,d the noise in the vessel wallis not visible because the magnitude of the MR-signal trom the wall 
voxels is beneath a threshold level, resulting in setting to zero the noise peaks in the vessel wall. The remaining 
peaks in tigure c and d are caused by voxels where the magnitude of the magnetization is above the threshold. 
These peaks occur more on the edge of the vessel wall because here the static or flowing spins also contribute 
slightly to the voxel signal (partial volume effect), which helps to increase the magnitude above the threshold. 

** ACR·NEMA : American College of Radiologists · National E/ectrica/ Manufacturers Association. This is an internationally 
accepted file format. 
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Befere we perferm the actual velocity area summation, we will first apply an algorithm to eliminate the noise peaks 
in both sub-data sets [8]. This filter is based on the assumption that vessels have smooth edges and that flow if 
tast in the middle and gradually decreases towards the vessel wall. The first step of the algorithm is to take the 
absolute value of all the pixel velocities. The next step is to set the velocity of a pixel to zero if it satisfies the 
following conditions (a) the velocity is greater than the velocity in all eight surrounding pixels (b) the velocity is 
greater than twice the velocity of m or more surrounding pixels (the parameter m will be elucidated below). lf the 
first condition is valid the velocity of this vessel is called the peak velocity. The peak velocity can be the true peak 
velocity in a vessel or a local peak velocity caused by noise. The secend condition preserves the true peak velocity 
and sets to zero any local velocity spikes due to noise. The requirement that the noise spike be double the velocity 
of m surrounding pixels is based on the condition of a Poiseuille velocity profile. Under ideal conditions all the 
pixels surrounding the peak velocity have a velocity more than half the peak velocity (we assume there are not 
too tew pixels per vessel diameter), and m can be set to 1. In certain cases, for example in the case of a curved 
vessel, the peak velocijy does not appear in the centre of the vessel. On one side the measured velocity might 
be less than half of the peak velocity. In this case m=1 will nottunetion properly and m has to be increased, for 
example to m=4. The same problem occurs if the signal-to-noise ratio is smal!. Due to the noise the velocity of a 
pixel anywhere in the vessel can become greater than twice the velocity in all eight surrounding pixels. In this 
case m also has to be set larger than 1. The smallest value of m at which the algorithm still functions properly 
depends on the SNR. During the data-analysis we will set m as low as possible (m=3), but make sure we do not 
discard any vessel pixels. 
All the volume flow measurements are done with the same silicone vessel, which according to the manufacturer 
had a nomina! internal diameter of 6.5 mm. Prior knowledge of the diameter of the vessel simplifies the volume 
flow calculation. Pixels at' a distance greater than R trom the centre of the vessel are set to zero. R is defined 
slightly larger than the actual radius of the vessel, in order not to eliminate any pixels at the edge of the vessel. 
(lt should be noted he re, that this last operatien can also be performed before application of the noise elimination 
algorithm.) Any noise peaks not eliminated, for example two peaks next toeach other with the same amplitude, 
will be eliminated by hand. 
The volume flow can now be calculated by performing a velocity-area summatien of the entire sub-matrix. The 
non-vessel pixels do not influence the volume flow because the veloeities have been set to zero by the algorithms. 

iD Simuiatiens 

In addition to the flow measurements we also performed computer simulations to study some factors in more 
detail. The results of these simulations can be compared to the MR volume flow measurements. lf it turns out 
there is a good match between experiments and simulations, it might even be possible to predict some effects 
without performing actual experiments. With the help of these simulations we can also study effects that can not 
be measured, for example the error due to the ditterenee between vector sum and algebraic sum of the spins 
within a voxel (see paragraph 2.3). 
The simulations are based on the finite element method, and fellow the strategy described below: 
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1 A pixel raster is created with the des i red pixel dimensions. Th is di mension is defined by the FOV and scan 
matrix M. Each of these pixels contains 400 spins which are veetors represented by imaginary numbers. 
The 400 spins are distributed over a square lattice of 20x20 point, one per lattice point (figure 3.7). 

2 A theoretica! Poisieulle flow profile is constructed. This is done by defining V ene• V peak (peak velocity in 
centre of vessel}, and the diameter of the vessel. Using these velocity values the real (Re) and imaginary 
(lm) componentsof the spins are defined according to: 

Re= cos(v(r)jv ene ·1t) 
(3.4) 

lm = sin(v(r)/v ene - ~) 

where v( r) is the velocity at position r, the distance to the cent re of the vessel. By this definition the amplitude 
of the veetors is 1. Wh en we simulate the partial volume effect we will also vary the amplitude of the static 
veetors (lm=O), which enables u~ to vary g in equation (2.30) . 

3 All the 400 imaginary numbers are summed tagether for each pixel, which is equivalent to performing a 
vector sum of the 400 spins. Every pixel now consists of one vector representing the transverse 
magnetization in the voxel. Using the phase angle of the vector, the corresponding pixel velocity is 
calculated (figure 3.8). 
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Figure 3.7. The simuialed blood vessel. The pixel raster is defined by FOV and M. Each pixel is simuialed by 400 
spins represented by imaginary numbers. 

4 The volume flow is determined by summing all the velocity-area produels of the simulated matrix. This 
volume flow is then compared to the correct volume flow of the Poiseuille velocity profile, defined by V peak 
and d. The error in the volume flow can now be easily computed. 

s Insome simulations, we will vary the position of the blood vessel relative to the pixel raster. Th is influences 
the velocity distributions within the pixel. The position is varied in both directionsin steps of 1/1 Oth the pixel 
width. Th is results in 100 calculated volume flows, trom which we delermine the average volume flow and 
the standard deviation. 

This is the basic strategy tor the simulations. For studying some effects these simulations had to be changed or 
expanded slightly. These changes will be discussed when we present the results of the simulations logether with 
the results of the corresponding experiments in the next chapter. 

Figure 3.8. An example of a 
simuialed Poiseuille velocity profile. 
The profile corresponds to a scan 
with FOV::100 mm, a 512 scan 
matrix, and a vessel diameter of 6.5 
mm. 
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Experimental results 

111 Introduetion 

In this chapter we will presents and discuss the results of the in vitro MR flow quantifications. The error in the 
determined volume flow due to the various factors studied, is found by comparison with an alternative reliable 
flow measurement. In the case of constant flow, the alternative flow quantification is the 'bucket-and-stopwatch' 
method. This method is based on weighing (bucket) and timing (stopwatch) the flow of the pumped blood 
mimicking fluid. lf the pulsatile pump is used to generate pulsatile flow, this method can not be applied. Verification 
of the flow profile is now performed by means of ultrasound. However, these Doppier experiments do not maasure 
the volume flow, but the velocity profile across the lumen as a tunetion of time. The Doppier verification of the 
pulsatile flow is discussed in paragraph 4.1 0. Constant flow was used to study the sourees or error, discussed in 
all other paragraphs 4.2 - 4.9. 
In each paragraph we will start with discussing the experimental approach for studying the potential souree of 
error under investigation (E in left margin). lf we have also performed simulations of that particular error source, 
the strategy for the simulations is explained next {S). The results of the experiments and simulations are compared 
and discussed in the following subsectien {R). Conclusions and suggestions for further studies are discussed at 
the end of the paragraph {C). 

IJ Eddy currents 

Before we performed any actual volume flow measurements, we investigated the possible phase errors due to 
eddy currents. As explained earlier, the strong varying magnatie gradient fields induce, by the Faraday effect, 
currents in all conducting materials within the MR scanner. The objective of this brief study was twofold : a) 
determine the order of magnitude of the phase errors, b) investigate if some form of flow is generated inthetissue 
mimicking fluid because of the vibrations of the phantom or the vessels. 

E The experimental approach was to first study the phase errors in a tissue mimicking AGAR-gel. This gel was 
placed in a container with the same diameter as the lower extremity phantom. A gel was used instead of a tissue 
mimicking fluid in order to rule out any phase errors due to undesired flow in the fluid .. ln the absence of eddy 
currents (and flow), all the pixels should have a phase equal to zero, except fora small phase angle caused by 
noise. Th is mean (noise) phase angle, averagedover a large number of pixels, will equal zero. Any offset in this 
average phase angle is caused by either eddy currents or flow. 
The magnitude of the eddy currents depends on the strength of the magnatie field gradients. T o investigate the 
effect of the gradient strength on the phase errors, vene was varied between 1 cm/s (strong gradient) and 100 
crn/s (weak gradient). Other relevant scan parameters are shown in table 4.1. 

Table 4.1. Scan parameters lor the eddy current experiments. 

FOV (mm) Matrix d slice (mm) Excitation angle TR (ms) vene (cm/s) 

200 256 5 30 100 1 2 5 10 20 50 1 00 

The excitation angle () was set at 30° in order to get a relatively large transverse magnetisation. The repetition 
time TR was then set according to the Ernst formula. The magnetization, or signal-to-noise ratio, is maximized 
tor a tissue of given T 1 at TR and Ernst angle 8, related by: 

cos(8) = exp(-TR/T1) (4.1) 

In our case the tissue is the tissue mimicking geiltluid with T 1:::::::700 ms. These setting of TR and () are also used 
in all the other flow measurements discussed in the subsequent paragraphs, unless specified otherwise. 
Aft er this phase error investigation in the AGAR-gel, we applied the samescan procedure with the lower extremity 
phantom tor three different situations. In the first case, the phantom was tilled with only the tissue mimicking fluid 
and no artificial vessels. During the second series of scans, the silicone vessels we re placed in the phantom, and 
a constant flow was generated in the vessels by the micro-gear pump. In the final situation, the pulsatile pump 
was active and generated a pulsatile flow profile in the silicone vessels. lf any significant difference in the phase 
errors could be detected between these 3 situations, this would have to be caused by some form of flow generated 
by the vibrations of the artificial vessels. 

R The idea to use a AGAR-gel in order to rule out any form of flow was not successful. Although AGAR-gel will 
make real flow impossible, due to its "jelly pudding" structure, it is liable to vibrations caused by the scanner. The 
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Figure 4.1. Phase errors in AGAR·gel and tissue mimicking !luid. 
A) AGAR·gel with Vene=1 cm/s. B) AGAR·gel with vene=5 cm/s. C) 
Tissue mimicking !luid with venc=1 cm/s. D) Tissue mimicking !luid 
with Vene=5 cm/s. E) Tissue mimicking !luid with Vene=5 cm/s, 
rescaled to show the match in spatial dependenee with Venc=1 cm/s . 
These figures show the extra phase errors due to the vibrating nature 
of the AGAR·gel. In the case of tissue mimicking !luid we can only 
see evidence of some form of flow at the lelt side of each plot. This 
corresponds to the surface of the !luid at the top of the phantom. 
The average phase error over the area is generally of the sa me order 
of magnitude lor the AGAR·gel and the !luid. For example, forvene=1 
cm/s the error is 0.092 · n in the AGAR and 0.115 · n in the !luid. 

resulting PCA/P images are thus a summatien of the phase errors due to eddy currents and vibrations of the 
gel. In figure 4,1 a,b these phase errors are shown 3·dimensionally for the AGAR-gel, respectively for the scan 
with vene=1 cm/s and venc=S cm/s. Although this wasnota reliable investigation of eddy currents, it showed that 
as the switched gradient become smaller, the phase error due to eddy eurrents and vibrations decrease. 
The vibrations of the gel make it impossible to correctly determine the phase error caused only by eddy currents. 
We therefore tried to derive the phase errors from the PCA/P images of the scan series with the lower extremity 
phantom with just the tissue mimicking fluid. This means that we hope that in the absence of the vessels there 
is no flow in the fluid. Three-dimensional plots of these PCA/P images are also shown in figure 4.1, where the 
left side of these images corresponds to the top of the phantom. The phase errors measured in the fluid are 
probably slightly influenced by a small flow in the fluid. Some evidenee of undesired flow at the surface of the 
fluid is seen in the figures. However, for the most part, the phase errors are determined by eddy currents. lf the 
errors were only caused by flowing fluid, all the fluid would be moving in the same direction because the phase 
errors are positive over the entire area. 
A quantitative analysis of the phase errors in the lower extremity phantom with only the tissue mimicking fluid 
(situation 1) is shown in figures 4.2 and 4.3. In these figures the phase error and velocity error (phase error times 
vene) is given as a tunetion of vene· The mean phase (veloeity) error and the standard deviation are determined. 
Also shown in tigure 4.2 is the maximum and minimum phase error of the data set. In tigure 4.4 the mean phase 
error of the three different situations is eompared. The phase errors are shown as a tunetion of 1/vene• in order to 
showtheinverse linear dependenee of the phase error on Vene· The results of a linear regression performed on 
these numbers, are shown in table 4.2. Results for fitswithand without vene=1 em/s are given. 
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Table 4.2. Regression results of !he phase errors as a lunetion of 1/vene . 

Phantom + fluid 
Phantom + constant flow 
Phantom + pulsatile flow 

vene= 1,2,5,10,20,50,100 

slope (cm/s) R2 

0.120±0.008 0.976 

0.119±0.009 

0.114+0.010 

0.971 

0.964 

vene= 2,5,10,20,50,100 

slope (cm/s) R2 

0.154±0.006 0.994 

0.156±0.007 
0.155+0.004 

0.991 

0.997 
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Figure 4.2. The phase errors due 
to eddy currents in the lower 
extremity phantom with the tissue 
mimicking !luid. A value of 1 cor
responds to a phase error of :re 
radians. The mean phase error 
(including standard deviation), and 
minimum and maximum of the 
data-set are shown. In this data set 
the errors due to flow at !he surface 
of !he !luid are nol included. See 
also tigure 4.1. 

Figure 4.3. The mean velocity 
error due to eddy currents. The 
error bars represent the standard 
deviation. These velocny errorscan 
be derived by multiplying !he phase 
errors in ligure 4.2 by the eer
responding Vene· 

Figure 4.4. The mean phase 
errors due to eddy currents lor the 
three different situations : 1) only 
!luid, 2) + constant flow, and 3) + 
pulsatile flow. The inverse linear 
dependenee between the error and 
Vene is apparent. The results of !he 
linear regression are given in table 
4.2. 
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C Studying phase errors caused by eddy currents in an AGAR-gel is not well possible because the gel behaves like 
a 'jelly pudding' and is therefore liable to vibrations. In principle, the same effect might occur in humans. lf this 
kind of gel is to be used in phantom studies, it should probably be made as firm as possible and given no room 
to vibrate, in order to decrease the phase errors caused by these vibrations. Figure 4.4 shows that if the tissue 
mimicking fluid is used in a phantom, the artificial vessels will probably not introduce any significant additional 
phase errors caused by flow in the fluid of the phantom. 
Although this was only a brief study of eddy currents, we have shown that the phase errors decrease rapidly with 
increasing vene· The reasen tor this is that at high Venc's the applied gradients are smaller, resulting in less 
interterenee trom eddy currents. We can also conclude that tor the veloeities and venc's of interest to us ( z 1 00 
cm/s), the eddy currents introduce no significant experimental error. Ou ring the data analysis of our volume flow 
measurements, we will calculate the mean phase of the static tissue surrounding the vessel. lf this mean phase 
deviates substantially form zero, we should be aware of possible errors due to eddy currents. 
In an in vivo flow quantification, a standard protocol is normally used where only the vene is adjusted to the situation. 
A suggestion tor these flow measurements is to investigated the possible phase errors with exactly that scan 
protocol. The possible flow error due to eddy currents canthen be estimated tor future flow quantifications (as in 
tigure 4.4). 

lil Local Phase Correction filter 

To correct tor the phase errors due to eddy currents, Philips uses aso called Local Phase Correction (LPC) filter. 
This standard filter is normally always active when the PCA/P images are reconstructed after the volume flow 
scan. The algorithm is based on the concept that the phase offset has a weak spatial dependence, meaning that 
the surface formed by the phase errors, is nota totally chaotic but a smooth surface (see tigure 4.1, fluid). The 
first step of the algorithm is todetermine the average phase error of the surroundings of every pixel. Th is average 
phase is than subtracted trom the phase of the pixel under investigation. lf one imagines a smooth surface, this 
algorithm performs a good correction of the phase errors caused by the eddy currents. However, the algorithm 
does not differentiate between background and vessels with flow, and it therefore affects the velocity profile in 
the blood vessels. In this section our goal is to study the effect of the LPC-filter on the lam i nar flow in the vessels. 

E The area over which the phase error is averaged is called the LPC window. The standard settings of the algorithm 
is a LPC window size of 41 x41 pixels and the pixel under investigation in the centre of this window. These standard 
settings are denoted by LPC=41 ,41. We have varied the LPC window size and investigated the effect this had 
on the determined volume flow. The scan parameters of the experiments are shown in table 4.3 below. 

Table 4.3. Scan parameters tor the LPG-filter experiments 

Scan # FOV(mm) Matrix Vene (mis) NSA LPC=#,# 
1 

100 
256 

80 
2 512 

41,51,61 ... 101 

a) NSA=2 to increase the SNR 

S The influence of the Local Phase Correction algorithm on the volume flow was also simulated with the help of 
theoretica! Poiseuille velocity profiles. We assumed the absence of phase errors due to eddy currents, and set 
the phase of the static spins to zero. Various laminar profiles, with a different number of pixels per diameter, we re 
simulated in combination with different LPC window sizes. 

R In tigure 4.5 the underestimation of the volume flow is shown tor all the performed scans or simulations. In the 
case of experimental results 0 0 is determined by the 'bucket-and-stopwatch' method, and in the simulations 00 
is the unaffected theoretica! volume flow. Another way of presenting the results (see tigure 4.6) is 0/00 as a 
tunetion of the ratio of the in-plane vessel area (Ay51} and the LPC window size (A1pc)· The tigure shows that the 
underestimation of the volume flow increases linear with Avs'IA1pc· Linear regression performed on this data-set 
results in: Q/00=(-0.984±0.006) · (AvsVAipc) + (0.999±0.003) with R2=0.998. 

C The use of the Local Phase Correction filter can result in a large underestimation of the determined volume flow. 
How much the flow is underestimated, depends on the ratio Avsl~ c· In our experiments we will use a scan 
protocol that results in a large number of pixels per diameter. The LPC filter would cause the volume flow to be 
heavily underestimated, and was therefore disabled. As mentioned in the previous paragraph, we will check the 
surroundings of the vessel tor any significant phase offset caused by eddy currents. 
Although we have only studied laminar flow profiles, the error in the in vivo situation will probably be in the same 
order of magnitude. 
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Figure 4.5. The effect of the 
Local Phase Correction filter on the 
measured volume flow. The results 
of the experiments (EXP) and sim
ulations (SIM). A LPC window size 
of 41 means that the area over 
which the phase is averaged is 
41 x41 pixels. The diameter of the 
simuialed vessels equaled the 
diameter of !he silicone vessel. 

Figure 4.6. The effect of the • 
Local Phase Correction filter on the 
measured volume flow. Avsl is the 
in-plane area of !he blood vessel, 
Al pc is the area of the LPC window. 
The underestimation of the volume 
flow increases linear with an in· 
creasing Avsi/Aipc ratio. 

The lower extremity phantom was designed with the goal to create Poiseuille flow in the artificial vessels. Before 
continuing our study of the factors that influence the flow quantification, we first investigated if we succeeded in 
our goal to create a parabalie velocity profile across the lumen. 

E In order to accurately measure the velocity profile unaffected by the various possible sourees of error, we 
performed a high resolution scan with a large signal-to-noise ratio. The scan parameters are shown in table 4.4. 

Table 4.4. Scan parameters tor the high resolution scan. 

FOV (mm) d slice (mm) Matrix Vene (cm/s) NSA LPC 

100 10 512 85 16 disabled 

S The volume flow was also measured with the 'bucket-and-stopwatch' method, which was repeated 10 times to 
delermine the average flow and the standard deviation. This (assumed) correct volume flow was used, together 
with the known diameter of the vessel, to simulate the perfect parabol ie velocity profile that should be present in 
the vessels if we have succeeded in our goal. The results of these simulations are compared with the high 
resolution scans in figures 4.7 and 4.8. 
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Figure 4.8. Laminar flow? The vertical and horizontal centre-line 2D-profiles.The horizontal profile is nol perfectly symmetrie. Dashed 
lines are theoretica! Poiseuille profile. 

C The figures show an almost perfect match between the two velocity profiles. In the horizontal direction the peak 
velocity is not in the centre of the vessel1 probably due to small curvatures of the vessel. We can conclude that 
we almost succeeded in our goal to create Poiseuille flow. The profiles might be improved by using a rigid straight 
artificial vessel, in stead of flexible silicone tubes. 

11] Vector sum versus algebraic sum 

The 'velocity' of a pixel should reprasent the average velocity of the blood present in the corresponding voxel at 
the time of the measurement. This velocity is determined by measuring the phase angle of the transverse 
magnetisation in the voxel. The voxel magnetisation is a vector sum of all the individual spins in the voxel. As 
discussed in paragraph 2.3, this vector sum only equals the actual average velocity of the blood in the voxel, if 
the velocity distribution in the voxel is symmetrie and all the individual spins have the same magnitude. 
In this paragraph we will investigate how the ditterenee between vector sum (MR voxel velocity) and algebraic 
sum (true average voxel velocity) affects the error in the determined volume flow. Because this could not be 
studied with MR experiments, we simulated the problem at hand. 

S We simulated a Poiseuille velocity profile without the surrounding static tissue, because we would otherwise 
include the partial volume effect. From every voxel in the profile we determined the velocity by means of a vector 
sum (see paragraph 3.6). In addition to the vector sum, we also calculated an algebraic average of the velocity 
of the 400 simulated spins in the voxel. This algebraic average is assumed to be the correct average velocity of 
the spins. After the velocity-area summation of all the vessel pixels, we can compare the resulting volume flow 
trom both calculations (figure 4.9). 
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Figure 4.9. The overestimation 
of the volume flow due to the 
difference in vector sum and 
algebraic sum. The correct volume 
flow is calculated by the algebraic 
average. lf the number of pixels per 
diameter increases the velocity 
distribution within the voxel 
becomes more symmetrie and the 
overestimation decreases. The 
same argumentation is valid if 
Venc/Vmax increases. 
lncreasing the number of simuialed 
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of 20x20), resulted in no significant 
difference. 
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C The error due to the (vector sum) MR voxel velocity increases if the number of pixels per diameter decreases. 
The reasen for this is that if we have only a tew pixels per diameter, the range of phase angles present in the 
voxel is large and not symmetrie. In a situation with many pixels per diameter, the phase distribution is narrow 
and more symmetrical. Th is argumentation also explains why the error decreases if we increase the V ene to V max 
ratio, where V max is the peak velocity in the centre of the vessel. 
We can conclude that if we have more than 5-10 pixels per diameter, the ditterenee between vector sum and 
algebraic sum volume flow results in no significant error. Although we simuialed a parabolic velocity profile, we 
expect the error to be of the same order of magnitude tor actual in vivo velocity profiles. 

ID Slice thickness 

The thickness of the imaging slice can influence the flow quantification in several ways. In vivo, the blood vessels 
are not perfectly straight, and if the slice thickness increases it is very likely that the partial volume error also 
increases. In our artificial vessels, the effect of the slice thickness on the partial volume effect is probably smaller 
than in vivo because we can more easily set the imaging slice perpendicular to the (assumed) straight vessels. 
The thickness of the slice also affects the signal-to-noise ratio because the received MR signa! is larger if the 
voxel length (slice thickness) is increased. Using equation (2.19) we see that this larger SNR decreases the 
standard deviation in the determined volume flow according to: 

cr(Q) - 1jSNR - 1/d (4.2) 

where d is the imaging slice thickness. Thus, by varying the slice thickness we affect the random error in the 
derived volume flow. 

E T o investigate the effect of the imaging slice thickness, we performed several high resolution scan and varied the 
slice thickness between 1 mm and 20mm. A 512x512 scan matrix was used in order to minimize the partial volume 
effect. The scan parameters are summarized in table 4.5 below. 

Table 4.5. Scan parameters lor the slice thickness investigations. 

FOV (mm) d slice (mm) Matrix Vene (m/s) NSA LPC 
100 1-20 512 100 2 disabled 

Every scan with a certain slice thickness was repeated 2 times, and the average of the resulting 8 volume flows 
was calculated. The correct volume flow was measured with the bucket-and-stopwatch method. 

R The resulting volume flows are shown in tigure 4.10 as a tunetion of the slice thickness. Figures 4.11 and 4.12 
show 20 velocity profiles across the lumen. The figures show that as d increases, the profiles become smoother 
and the random error decreases because of the larger SNR. However, we also see that the average volume flow 
increases slightly as the imaging slice becomes thicker. This is probably caused due to an increased partial 
volume effect. lf the slice thickness is less than 4 mm, the flow is underestimated. This is caused by the tact that 
at low slice thicknesses the duration of the RF-excitation pulseis large compared to the timethespins are present 
in the voxel. lf the spins do not experience the whole excitation pulse because of their limited time in the slice, 
the excitation angle is smaller than the preset 30°. Th is smaller excitation angle results in a decreased transverse 
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Flgure 4.1 0. The error in the 
volume flow as a lunetion of the 
imaging slice thickness. 



60 

50 

40 
I 

30 

d=20mm 

X (mm) 

UJ 
---E 
~ 
> 

d=4mm 
90 

80 

70 

60 

50 

40 

30 

20 

10 

-10 
·5 -4 -3 ·2 -1 

Figure 4.11. 20 centre·line velocity profiles. An improved SNR results in a smoelher profile. 

d=1mm d=2mm 
UJ 

:I -E 
~ 
> 

:r 

----- 90 (/) 

Ê 80 

() 
- 70 

> 

M 
A 

r1 60 

50 

40 40 

30 

20 

~ 10 J 
N 30 

20 

10 

·10 
-5 -4 -3 ·2 -1 

·10 
·5 ·4 ·3 ·2 · 1 

X (mm) 

~ 

Figure 4.12. 20 centre·line velocity profiles. The phase is set to zero if the magnetization is below the threshold. 

X (mm) 

1\ 

~ 
X (mm) 

magnetization, and thus a smaller MR signal. lf the magnitude of this MR-signal is below the threshold level, the 
phase of the voxel is set to zero (figure 4.12). 

C lncreasing the slice thickness impraves the SNR and results in a smaller random error. Because of the higher 
SNR the velocity profiles are smoother. However, if the thickness becomes too large the partial volume error 
increases. In vivo, a campromise has to be found between the signal-to-noise ratio and the possible error due to 
an increased partial volume effect. 
lf the slice thickness is less than 4 mm the volume flow is heavily underestimated due to the short period of time 
the spins are present in the slice during the RF excitation. This effect depends on the velocity of the blood, and 
at low veloeities this effect will probably not show up with slice thicknesses of 1 mm or 2 mm. However, if the 
velocity of the blood is low, the imaging slice should not be too thick to avoid saturation of the spins by undergoing 
multiple excitations. 

11 Partial volume effect 

The partial volume effect is a souree of error that can greatly effect the determination of the volume flow, but at 
the same time is difficult to simulate in a flow phantom. The exact error can only experimentally be investigated 
if the vessels of the flow phantom have, like real blood vessels, a MR-signal generating wall. A thick vessel wall 
with effectively no MR-signal is the most important problem of our silicone vessels. The goretex vessel has a 
thinner wall and is therefore a better substitute tor the human arterial wall. Another advantage of the phantom 
with the goretex shunt is that it is a close imitation of a relevant clinical problem: the flow quantification in a goretex 
dialysis shunt. 
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E lnvestigation of the partial volume effect was done with the help of both phantoms. In both cases, we varied the 
number of pixels per vessel diameter by varying the FOV and scan matrix. The relevant scan parameters are 
shown in table 4.6 below. 

Table 4.6. The scan parameter tor the partial volume effect experiments. 

Phantom FOV (mm) Matrix d slice (mm) 

Lower extremity 

Dialysis shunt 
100-400 128,256,512 5 

TR (msec) 

100 

200, shortest 

Vene 

100 

70 

LPC 

disabled 

The peak velocity in the dialysis shunt phantom was set at about 60 crn/s. Th is velocity was chosen alter analysis 
of 10 MR flow quantifications that were al ready performed on dialysis patients. 

S In the simulations we performed, we varied the number of pixels per diameter. Furthermore, we also varied the 
ratio of the magnetisation of the static tissue (M5) and the blood (M1). Th is was accomplished by giving the veetors 
in the static tissue a smaller magnitude than the veetors representing the blood, which had a magnitude of 1 by 
definition. A smaller ratio MJM1 sirnulales the saturation of the static tissue by the multiple excitations. 

R In ligure 4.13 the resulting overestimation of the volume flow is given tor the case of the lower extremity phantom 
with the silicone vessels. The experimental values are compared with the simulations with the ratio MJM1=0, 
which represents the situation of a vessel wall with no signa!. The overestimation in the dialysis shunt phantom 
is compared to the simulations in tigure 4.14. To study the effect of saturation of the static tissue, a first series of 
scans was performed with TR=200ms, and a second series with TR set as short as possible. 
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Figure 4.14. The partial volume 
effect in the dialysis shunt phantom. 
The lines represent the average 
overestimation of the simulations, 
where Ms is the magnitude of the 
simuialed vector of the static tissue 
and MI is the magnitude of the 
'flowing' vectors. The standard 
deviations of the simulations are nol 
show tor clarity. 



C We can conclude that the partial volume effect can in principle lead to a large overestimation of the volume flow 
if there are only a few pixels per diameter. The overestimation is less than 1 0% if we have more than 5-6 pixels 
per diameter. The results also show that the overestimation depends on the ratio of the magnetization of the 
static tissue and the blood (MJM1). lf the ratio of these magnetisations approaches 1, the error becomes smaller 
than a tew percent. 
lt has also become clear that the silicone vessels in the lower extremity phantom results in the largest possible 
overestimation of the volume flow. To study the partial volume effect that occurs in the in vivo situation, these 
vessels can not be used. The dialysis phantom is a better representation of the patient situation, and the results 
can be used to estimate the error in the flow quantifications with dialysis patients. However, to study the exact 
partial volume effect with normal blood vessels we need to design a better imitation of the in vivo situation. A 
possibility for further study, is to use a very firm AGAR-gel with an artificial vessel cut out of this gel. The simulated 
arterial wall thus consists of only AGAR-gel. The problem with this construction is that the AGAR-gel can slowly 
absorb the blood mimicking fluid, which results in different relaxation times of the tissue mimicking gel. A different 
relaxation time influences the magnetisation of the static tissue and changes the ratio MJM1• 

11! Phase unwrapping methad 

The MR flow quantification method that is described in paragraph 2.2, and that was used in all the previous 
experiments, can be referred to as a two-point phase ditterenee velocity measurement. lt is called a two-point 
method because we perferm two acquisitions, one flow compensated and one flow sensitive. In this paragraph 
we will discuss a three-point phase ditterenee velocity measurementwhich was previously used by Lee et al [ 15]. 
This method is based on three acquisitions, one flow compensated and two different flow sensitive acquisitions. • 
The objective of this method is to improve the velocity-to-noise ratio. (The velocny-to-noise ratio (VNR) is defined 
as the ratio of the peak velocity in the vessel and the standard deviation of the noise.) 
In the conventional two-point method, Vene is set just above the peak velocity. According to equation (2.16), the 
standard deviation of the noise increases proportional with Vene· The VNR therefore decreasas linearly with 
increasing vene• if the peak velocity is assumed to be constant. The two flow sensitive acquisitions in the three-point 
method have different Venc's, one set above the peak velocny (Vpeak) and one set below the peak velocity. lf the 
average velocity in a voxel is larger than Vene; the voxel phase is wrapped trom :rr (-:rr) to -:rr (:rr), as is shown in 
tigure 4.15. 
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Flgure 4.15. Velocity profiles with Vene < Vpeak The image to the lelt corresponds toa 20 velocity profile where the voxel phase is 
wrapped around twice. The right images shows a 30-plot where the phase is wrapped once (vene =40 cm/s, Vpeak=100 cm/s). 

By comparing the two acquisitions with the different Venc's on a pixel by pixel basis we can determine how often 
the voxel phase was wrapped. This number of phase wraps is given by : 

[

V -V ) k = N.l. high lew 

2 · V ene-lew 

(4.3) 

where N.l. represents the nearest integer function. The subscriptslowand high correspond respectively to the 
acquisition with the low and high Vene· The correct unwrapped velocny of the pixel can now be calculated using: 

V = V Iew + 2 · V ene-lew · k (4.4) 
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The result of this three-point phase difference velocity measurement is that the velocity range is from ~Vene-high to 
Vene-high• and the noise of the measurements is determined by Vene-low· The VNR with this method is thus improved 
according to: 

VNR3p _ V peak jcr (v)3p _ V ene-high 
- -

VNR2p V peak jcr (v)2p V enc-low 
(4.5) 

where a(v) is the standard deviation of the noise. In the conventional two-point method Vene is equal to Vene-high· 
In order to avoid errors in the calculation of the number of phase wraps, the noise in the ditterenee vhigh-vlow in 
equation (4.3) has to be significantly smaller than Vene-low· Because usually Vene-high is significantly larger than 
Vene-low. the noise in of the measurement with Vene-high will dominate the noise of the vhigh-VIow ditference. 

E In order to investigate the reliability and limitations of the method a series of volume flow measurements was 
performed. Because we did not have a scan sequence for the three-point method, we performed two scans 
directly aftereach other, the first with Vene-high and the second with Vene-low· Th is could be done because we used 
constant flow and no change of the micro-gear pump should normally occur during the experiments. The scan 
parameters of the measurements are given in table 4.7. 

Table 4.7. The scan parameters lor !he three-point phase difference velocity measurements 

FOV (mm) Matrix d slice (mm) Vene (cm/s) Vpeak (cm/s) a) 

100 256 512 5 1 - 300 10-80 
a) the peak velocity was varied by changing the flow output of the microgear pump. 

We used a large scan matrix and a small FOV to achieve a large numbers of pixels per diameter. These settings 
result in a small partial volume error, but also in a small SNR because of the small voxel dimensions. In these 
situations the three-point method can be used to improve the V NR. We varied Vene between 1 crn/s and 300 cm/s 
in combination with different peak veloeities in the vessel. In the situations where Vene was smaller than Vpeak· we 
used the three-point method. This approach enabled us to investigate the relationship between VNR and a(Q), 
and at the same time investigate the possibilities of the new three-point technique. 

R In tigure 4.16 the standard deviation of the calculated volume flow is shown as a tunetion of 1 NNR. This standard 
deviation is calculated trom 16 measured volume flows {8 scans x 2 vessels) with the same settings. These results 
are in agreement with equation (2.19) that states that the standard deviation in the volume flow is inversely 
proportional to the VNR. The slope of the linear regression (a{O) versus 1NNR) of the 256 matrix scans is 2.2 
times larger than the slope of the 512x512 scans. According to equation (2.19) this factors should be exactly 2. 
Although we have used a constant flow in our experiments, this three-point method is extremely well suited tor 
flow quantification of pulsatile flow. In the case of pulsatile flow, vene has to be set above the peak velocity during 
the systolic phase of the cardiac cycle in order to avoid aliasing. However, during the diastolic phase the velocity 
of the blood is often significantly smaller, which results in a small VNR. This makes the volume flow calculated 
during the diastolic phase less reliable. In the figures 4.17 and 4.18 the two-point method and three-point method 
are compared. Figure 4.17 represents the systolic phase and tigure 4.18 the diastolic phase of the cardiac cycle. 
Th at we measured the velocity profiles with a constant flow is of no relevanee tor these illustrations. 

standard deviation Q (%) 
3.5 Flgure 4.16. The result of the 
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Figure 4.17. The two·point (A) and three·point (B) volume flow measurement. In the two·point method Vene is set just above the peak 
velocity in the systolic phase of the cardiac cycle. Although the noise level is smaller in the three-point method, the volume flow can be 

reliably determined in both cases. 
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Figure 4.18. The !wo-point (A) and three-point (B) volume flow measurement. In the !wo-point method Vene is set jus! above the peak 
velocity in the systolic phase. Because the velocity in the diastolic phase is often substantially smaller, the VNR ratio is very small. lf the 
three·point method is used, the VNR is substantially largerand the vessel can be easily detected. 
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The ditterenee in the diastolic phase of the cardiac cycle is apparent. In our case the vessel is still easy to detect 
inthetwo-point measurement because the vessel wall has phase zero. However, in the in vivo situation the vessel 
will be very ditticuit to detect if the VNR is very small. lf the three-point method is used the vessel van be easily 
detected, even in the diastolic phase. 
This new method has two kinds of limitations. Figure 4.19 below shows 30-plots representing the problem that 
can arise when the three-point method is used. 

Figure 4.19. Limitations of !he three-point volume flow 
measurement. A) 11 !he noise in th~ acquisition with Vene-high 
is too large, some pixels are likely to be unwrapped 
incorrectly. B) 11 the velocity profile is wrapped too many 
times, !he signa! trom !he voxel decreases. The voxel phase 
is set to zero if !he signa! is below the threshold level. In this 
case Vpeak=70 cm/s and Venc=2 cm/s. C) The 20 plot trom 
B shown 3-dimensionally. Very close examinatien shows that 
the top of the profile is smooth (correctly unwrapped) and 
near the vessel edges the profile is less smooth. The velocity 
near the edges is a multiple of 2 · vene-low=4 cm/s. 

B 

We have already mentioned that the noise in the ditterenee vhigh-vlow in equation (4.4) has to be significantly 
smaller than vene-low· lf this conditions is not valid the number of phase wraps per pixel can be incorrectly 
determined, and the resulting velocity of the pixels is either too large or too smal I. Th is can be seen as the peaks 
in the velocity profile of tigure 4.19 a. The fraction of pixels incorrectly unwrapped increases as the ratio of v noise 
and Vene-low increases, where vnoise is standard deviation of the noise in the vene-high measurement. This fraction 
is calculated by dividing the number of incorrectly unwrapped pixels by the number of pixels of the in-plane vessel 
area (figure 4.20). · 
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Figure 4.20. The fraction of 
incorrectly unwrapped pixels of a 
lunetion of Vnoise I Vene-low· lf 
Vene-low is set 3 times higher than 
the standard deviation of !he noise, 
!he pixels are correctly unwrapped. 
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A secend limitation occurs if vpeak/venc-low is too larg~. Near the edges of the vessel, where the velocity gradients 
are steep, the phase distribution in the voxel becomes very wide, and might even span the whole range trom -n 
ton. A vector sum of this phase distribution will yield a small resulting magnetisation. lf the magnetisation is 
below the threshold level, the phase of the pixel is set to zero (figure 4.19 b). In equation 4.4 v10w is therefore also 
set to zero. However, due to the remaining term in equation 4.5, the velocity is a multiple of 2 · venc-low-

C The three-point phase ditterenee velocity measurements appears to have the potential tor greatly improving the 
VNR of the PCA/P images. The standard deviation in the determined volume flow decreases if we imprave the 
VNR. Figure 4.18 showed that the impravement of the VNR is the most dramatic during the diastolic phase of 
the cardiac cycle. 
An important issue is also the exact deleetion of the vessel boundaries. In our experiments, the vessel wall 
transmitted no effective M R-signal and the phase of the vessel wall pixels was set to zero. As a result the deleetion 
of the vessel was no problem and was perfectly reproducible, even at a very low VNR where the vessel could be 
hardly detected otherwise (figure 4.19). In an in vivo flow quantification, with no clear vessel boundary and a small 
VNR , the deleetion of the exact vessel contours becomes more of a guess than a reproducible procedure. We 
can therefore conclude that an enhanced VNR, not only impraves the reliability of the flow quantification, but also 
its reproducibility. 
Limitations of this method are caused by incorrectly unwrapped pixels and phase dispersion in the voxel. In both 
these cases venc-low was set very low to study these limitations. In normal situations it is not ditticuit to avoid these 
problem and achieve a correct unwrapped velocity profile. (For example, venc-low = (0.3-0.5) ·vene-high·) 
Ou ring all the measurements, a laminar velocity profile was present in the artificial vessels. Further study should 
be performed with less perfect flow profiles in order to delermine if this method also functions properly under less 
ideal conditions. 
Because we did not have a scan protocol that permits a three-point measurement, our measurements with 
different vene were done subsequently. This is no problem in phantom studies with constant or perfectly pulsatile 
flow. However, before the method can be really tested in the in vivo situ a ti on we must have a scan sequence that 
permitsus to define two different venc's, with the three acquisitions interleaved. Each line inthek-space should 
be subsequently scanned tor the three different acquisition. 

11] Partial volume effect vs. VNR 

MR flow quantifications are usually a campromise between scan-time and reliability of the derived flow. The 
volume flow can be determined very accurately with a high resolution scan that also has a large velocity-to-noise 
ratio. However, the required long scan-time is not only an inconvenience to the patient, but it also increases the 
probability of errors due to patient movement and physiological flow variations. 
In normal in vivo flow quantifications, short scan times are preferred. In most cases a 128 matrix is therefore 
used, resulting in a limited number of pixels per vessel diameter. The most important problem associated with 
the number of pixels per diameter is the partial volume effect. lf there are only a tew pixels per diameter ( <5), the 
overestimation of the volume flow due to the partial volume effect is in the order of 10% or larger. lf we increase 
the number of pixels per diameter the partial volume error decreases. However, because the received MR signal 
is proportional to the voxel size, the VNR decreases as we have more, but smaller voxels in the in-plane vessel 
area. The standard deviation of the derived volume flow increases proportionally with a decreasing VNR, and 
therefore the possible error in the volume increases because the voxel size is smaller. 
Because of the limited acceptable scan time, we can either have a large number of pixels per diameter, or a large 
velocity-to-noise ratio (we only consider the conventional !wo-point velocity measurement). The question is: which 
option do we choose? In genera!, we can conclude that it is more important to have a larger number of pixels per 
diameter, than it is to have large velocity-to-noise ratio. This can be elucidated by a simple (fictive) example of a 
vessel with a diameter of 5mm. The VNR is set to 3 in the case of the 256 matrix, which theoretically result in a 
VNR of 17 tor the 128 matrix. We set NSA=2 for the 128 matrix to get the sa me scan time in both situations. The 
volume flow errors due to the partial volume effect and VNR, taken from figures 4.14 and 4.16, are shown in table 
4.8. 

Table 4.8. Comparison of !he error due to !he partial volume effect (figure 4.14) and VNR ( ligure 4.16). 

Matrix Pixels NSA VNR Partial volume error VNR error 

128 4.2 2 17 15% 1% 

256 8.5 3 1% 4% 
Pixels = Pixels per diameter. FOV= 150mm. TR=shortest. 
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11 Doppier validatien of pulsatile flow 

In the investigations discussed in the previous paragraphs we always used the micro-gear pump to generale 
constant flow. The volume flow was validaled by the 'bucket-and-stopwatch' method. However, if we use the 
pulsatile pump to generale a pulsatile flow profile, this validatien method can not be used. The MR flow 
quantifications with pulsatile flow we re therefore validaled by means of Doppier ultrasound. 
The problem with this approach is that MR and ultrasound measurements can not be done at the same time, 
because the ultrasound equipment can nol be used in the scanner. The flow phantom was therefore moved out 
of the scanner room in order to perferm the ultrasound measurements. Although we !ried to keep the exact same 
settings for both types of flow quantifications, this strategy can lead to unavoidable errors. 
Another problem that arises if we want to compare MR with ultrasound is that MR measures the velocity across 
the entire lumen, while ultrasound only measures the velocity along a line (preferable through the centre of the 
vessel). We therefore chose to compared to peak veloeities measured with both techniques. 

E Th ree different flow profiles were generaled and validated. The first profile was a simple constant flow generaled 
by the micro-gear pump. In the previous paragraphs we have seen that, if we have a large number of pixels per 
diameter and a large VNR, the velocity profile can be measured accurately with MR. By cernparing the constant 
flow profiles we can deleet possible errors in the ultrasound measurements. After this validatien of constant flow, 
we used the pulsatile pump to generale the pulsatile flow profile. For the final flow profile, the micro-gear pump 
was conneeled in parallel with the compressed air pump in order to create a DC-flow component. The MR flow 
quantifications were done with the three-point method velocity measurement method. The scan parameters are 
shown in table 4.9. 

Table 4.9. Scan parameters tor the pulsatile flow MA measurement. 
Flow FOV (mm) Matrix NSA vene (cm/s) d(mm) TA 
Constant 60/1 oa) 

100 256 2 5 shortest 
Pulsatile 90/30 

a) Venc-higt/Venc-low 

R The constant flow is compared in tigure 4.21 . In this figures the velocity profile is compared logether with the 
peak velocity. The peak velocity is shown as a tunetion of time after the (ECG) trigger pul se. The peak veloeities 
of the pulsatile profiles are shown in figure 4.22. In both cases (pulsatile and pulsatile+constant) we can compared 
two different profiles, one trom each vessel in the phantom (see tigure 3.2). The secend profile is damped because 
of the larger length the pulse has to travel through the flexible silicone tubes. 
Because Doppier ultrasound measures the velocity along a line through the vessel, we will compare the peak 
velocities. In the case of MR this peak velocity is taken from a 3D profile, and in the case of the ultrasound 
maasurement trom a 2D profile. The results are compared in figures 4.21 and 4.22. 
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Figure 4.21. The results of !he MAand ultrasound measurement of constant flow. The tigure on the right shows !he peak velocity as 
a tunetion of time alter the (ECG) trigger (+is MA measurement). ln !he lelt tigure !he 20 profiles are compared. (Dashed line is ultrasound 
measurement.) 
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C In general, there is a good match between the peak velocity of the MR and ultrasound measurements. However, 
as is seen in tigure 4.21, the 2D profile measured with ultrasound is too wide, and the diameter of the tube is 
overestimated. This is the result of a large sample volume (1 mm in depth) in combination with a high ultrasound 
reflectivity of the scatterers in the fluid. As opposed to clinical application (real blood vessels), the amplitude of 
the signal backscattered from the fluid is larger than the reflections from the tube wall. This means that if only a 
minor fraction of the sample volume is located in the lumen, the Doppier signal-to-noise ratio is sufficient to yield 
a valid fluid velocity estimate, which is accepted. The result is that veloeities are measured just outside the lumen. 
This phenomenon is also seen in color Doppler, where it is known as 'color bleeding'. 
lf further Doppier validations are to be done this situation has to be improved. A possible solution to the problem 
would be to increase the wall reflectivity by applying some coating to the inner side of the tube. Th is would cause 
the wall signal to be larger than the signal from the blood mimicking fluid, as is the case in vivo. 
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General conclusions 

Using an in vitro flow system we have investigated potential sourees of error in MR flow quantifications. Befere 
we performed actual volume flow measurements, we first studied the phase errors caused by eddy currents. lt 
was found that these phase errors decrease proportionally with an increasing vene· The average velocity errors 
due to the eddy current are in the order of 0.1 cm/s. We can therefore conclude that, for blood veloeities of interest 
to us (50 cm/s- 100 cm/s), these errorscan benegleeled compared to possible errors duetoother sourees of 
error. However, if a standard flow quantification is performed on the scanner, aso called Local Phase Correction 
filter is used to correct for phase offsets due to eddy currents. Th is filter can cause of severe underestimation of 
the volume flow if the in-plane vessel area is large and consists of many pixels. We therefore disabled the LPC 
filter, and always determined the average phase of the static tissue surrounding our artificial vessels. lf this mean 
phase deviates substantially from zero, we should be a ware of possible errors due to eddy currents. 
The flow phantom was designed with the goal to ereale a perfect Poiseuille flow profile in the artificial blood 
vessels. To investigate if we succeeded in this goal, we performed a high resolution scan with a large 
signal-to-noise ratio. The measured MR velocity profile almest matched perfectly with the theoretically expected 
Poiseuille profile. The fact that we did not have a perfect match was probably caused by small curvatures in the 
flexible silicone tubes. In order to ereale a symmetrie parabolic velocity profile, long rigid straight 'vessels' might • 
be preferred. 
An important scan parameter is the thickness of the imaging slice. The effect of the imaging slice thickness on 
the volume flow is threefold. First, as the slice thickness increases the signal-to-noise ratio increases because 
we receive a strenger MR signal from the larger voxel. This larger signal-to-noise ratio decreases the random 
error in the volume flow. However, if the slice thickness is increased, the possible error due to the partial volume 
effect increases because (in vivo) the blood vessels are nol perfectly straight. Thus, a thick imaging slice might 
cause a large overestimation of the volume flow. Finally, if the imaging slice is very thin, we do nol only have a 
small signal-to-noise ratio, but we can also substantially underestimate the volume flow. This underestimation is 
caused by the tact that spins with a high velocity do nol 'teel' the entire RF excitation pulse. The magnetization 
of the voxel with these tast flowing spins might drop below the threshold level, which results in a.phase angle that 
is set to zero. 
One of the potential sourees of error that can lead to a very large error in the determined volume flow, is the 
partial volume effect. The partial volume errors occurs in the edge voxels of the vessel, where both flowing and 
static spins are present within the same voxel. lf we have only a few pixels per vessel diameter (<5), the 
overestimation of the volume flow is in the order of 1 0% or larger. However, this overestimation decreases as 
the number of pixels per diameter increases. The partial volume effect is also strongly influenced by saturation 
effects of the static tissue surrounding the blood vessel. In general, the volume flow error is small if the 
magnetizations of the flowing spins and static spins are approximately equal. The investigation of the partial 
volume effect also showed us that a good substitute tor real human blood vessel is a very important issue for 
phantom studies. 
An important disadvantage of a large number of pixels per diameter, is the decreased signal-to-noise ratio due 
to the smaller voxel dimensions. Because of a limited acceptable scan-time, in most cases it is not possible to 
have a large number of pixels per diameter and a large signal-to-noise ratio. In general, we can conclude that 
we prefera large number of pixels per diameter, because the partial volume error is usually larger than the random 
error caused by a small signal-to-noise ratio. 
In our phantom the vessel wall generaled no MR signaland the phase was therefore set to zero. This simplified 
the deleetion of the vessel boundaries. However, in vivo this is not the case, and therefore a large signal-to-noise 
ratio is desired in order to exactly deleet the vessel boundaries. Thus, we require a large signal-to-noise ratio and 
a large number of pixels per diameter. With the conventional phase ditterenee method this is not possible because 
this would require an unacceptably long scan-time. We therefore investigated the possibilities of a new three-point 
velocity measurement method. In this method vene is set below the peak velocity in the vessel, and the aliased 
pixels are correctly unwrapped. Because the standard deviation of the noise is proportional to vene• the 
velocity-to-noise ratio was substantially improved. However, because we used this method in combination we 
constant flow or perfectly periodic pulsatile flow, further investigations are necessary to test this method in vivo. 
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Most of the sourees of error were investigated with the help of constant flow. The volume flow errors in these 
situations could be determined by comparison of the determined volume flow with the bucket-and-stopwatch 
method. However, pulsatile flow could not be validated this way. The MR flow quantification of pulsatile flow were 
therefore compared to Doppier ultrasound measurements. lt was found that the peak veloeities measured with 
both MR and ultrasound were in good agreement. However, befere we can validate the MR pulsatile flow 
quantifications by means of ultrasound, the flow system has to be improved to make it suitable tor reliable Doppier 
measurements. Because the blood mimicking tluid was designed tor use with MR and ultrasound, it was not 
optimal tor ultrasound measurements. 
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Appendix A 

The tigure below shows the electronic sheme tor our pulse generator. The pulse generator is used to produce a 
TIL-signal that serves as an ECG trigger. lt also controlles the pressure valve of the pulsatile pump. 
The MC4060 is an oscillator with a high frequency. The exact frequency is determined by R5, R1c and Ctc· The 
MC4040 lowers the frequency to that of a normal heartbeat. The fin al pulse repetition time could be varied between 
60bmp and 120bmp, by varying Rtc· The MC4528 is used to vary the pulse width (determined by Rx and x) · This 
enables us to vary the duration of the pressure pulse (50ms -1 OOOms). 
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