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Abstract

Purpose

Information on magnitude and direction of local wall shear stress (WSS) 

can provide insight in vascular disease progression. Here we present a gen-

eralized approach for quantifi cation of spatiotemporal features of WSS using 

3D phase contrast MRI (PC-MRI) data. 

Materials and methods

    Software phantoms simulating perfect parabolic fl ow 

were used. Both the accuracy and precision of the method were assessed at 

varying resolutions and vessel lumen segmentation accuracy. Additionally, 

in vivo PC-MRI data of one common carotid artery were acquired at different 

resolutions (0.4 to 0.8 mm) and WSS was estimated.

Results

For the software phantoms calculated WSS converged towards the 

theoretical WSS as resolution increased. To obtain 95% accuracy, 8 voxels 

over the diameter were suffi cient. Segmentation errors caused a considerable 

decrease in both accuracy and precision of calculated WSS in the phantom 

data. In the in vivo data comparable effects were observed as in the phantom 
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data for increasing resolution. For a constricted segmentation WSS values 

could change up to 50% for segmentation errors of 1 voxel.

Conclusion

  Errors in the vessel lumen segmentation should be minimized to 

make WSS calculations reliable. The currently suggested approach can pro-

vide spatiotemporal information on magnitude and direction of WSS.
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7.1 Introduction

  The effect of fl owing blood on the vascular endothelium has 

been suggested to be a critical determinant of vascular disease progression 

in atherosclerosis and aneurysms [1]. This effect is believed to be primarily 

related to the associated wall shear stress (WSS), i.e. the tangential force 

per surface area acting on the endothelial cells. Both low and oscillating 

WSS patterns have been reported to correlate with wall thickening [2-3], 

atherosclerosis [4] and plaque formation [5], whereas high WSS is a stimulus 

for physiological remodeling of blood vessels [4] and is atheroprotective. 

In addition, spatial gradients have been suggested to relate to intracranial 

aneurysm progression [6] and rupture risk [7], although compelling evidence 

is still lacking. For these reasons, information on magnitude, direction and 

spatial and temporal gradients of WSS may have diagnostic value, provid-

ing an early warning sign for cardiovascular disease progression and acute 

events such as stroke and aneurysm rupture. However, estimation of WSS 

in patients is far from trivial, and no truly validated technique is currently 

available.

The WSS can be estimated from spatial and temporal information on 

velocity direction and magnitude. Four-dimensional phase contrast magnetic 

resonance imaging (PC-MRI) is currently the only method to non-invasively 

determine such a time-resolved 3D velocity vector fi eld in humans. Multiple 

methods have been presented to quantify WSS from PC-MRI velocity data 

[8-10]. However, most of the methods focus on specifi c geometries, i.e. the 

aorta and carotid artery, where WSS estimates are frequently limited to vas-

cular cross-sections, rather than the full vascular wall. Bieging et al. [10] did 

use a method for WSS estimation over the full wall. Their approach is based 

on velocity gradients perpendicular to the vessel, which are approximated 

using a linear least squares method. While such methods have potential, 

there are many pitfalls, such as effects of resolution and segmentation as 

found in earlier research [8]. Such pitfalls remain to be carefully assessed. 

The objective of the current study was to develop a WSS estimation 

strategy based on PC-MRI that can be applied in any vessel geometry in a 

standardized fashion. We evaluated this method with software phantoms 

and applied it to in vivo data. The accuracy and precision of WSS estimations 

depend on the algorithm parameters, resolution, segmentation strategies, 

in addition to vessel size and magnitude of fl ow velocity [8, 11-12]. We 

addressed the contributions of such factors in detail, providing guidelines for 
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choosing values that lead to valid WSS estimations in the phantom and to in 

vivo WSS estimations that, in the absence of a ground truth, are reliable.

7.2 Materials & Methods

      We here present a post-processing algorithm for 

calculation of WSS. To assess the validity of our algorithm under varying 

conditions, the algorithm was fi rst applied to multiple software phantoms 

with known theoretical WSS values. Secondly, we measured the common 

carotid artery of one healthy volunteer in which we also calculated WSS. 

All simulations and calculations were performed using in-house software 

developed in Matlab (Version 2011b for Mac OS, The Mathworks, USA).

7.2.1 Wall shear stress algorithm

      The input data for the algorithm consist of 

(I) a time-resolved three-dimensional surface of the vessel lumen and (II) 

the accompanying 3D velocity vector fi eld. Both inputs are either simulated 

using software phantoms or measured with PC-MRI. The output of the algo-

rithm is a collection of WSS vectors on the vessel lumen surface. A surface 

consists of vertices and faces. The vertices of the surface are called wall 

points. WSS vectors (x ) were calculated for each wall point:

( )n2 $x n f=v o v        (7.1)

with fo  the rate of deformation tensor, nv  the inward normal vector and μ 

the blood viscosity (3.2 10-3  Pa∙s). Fully expanded, the WSS is given by:
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  (7.2)

To simplify this equation, two steps were performed: 

• Selection of a local coordinate system for each point on the vessel wall such 

that the z’-axis aligns with the inward normal. This is accomplished by ro-
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tating the original coordinate system with rotation R determined using basic 

vector calculus:

[ ] [ ]x y z x y zR=l l l       (7.3)

( , , ) [ ]n x y z 0 0 1=l l lv       (7.4)

•  Assumption of no fl ow through the vessel wall, i.e. n v$v v=0 at the vessel 

wall, which is valid for large, non-porous, vessels.

This reduces most terms in the equation to zero and the WSS vector in 

the local coordinate system becomes:
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For each wall point, at least two points along the inward normal were se-

lected for which the velocity vectors were determined using natural neighbor 

interpolation [13]. To force the velocity to be zero on the wall (vwallv =0) in 

this calculation, zero velocity values can be enforced for the wall points (zero 

forcing).

A smoothing spline [14] was subsequently fi tted through the velocities (

v xl  and v yl ) in the selected points along the inward normal. The spatial de-

rivatives (
z
v x

2

2

l

l  and 
z

v y

2

2

l

l
) on the wall were analytically derived from the fi tted 

splines. Multiplication of the spatial velocity derivatives with the viscosity 

resulted in the WSS vector. As a last step, the WSS vector was transformed 

back to the original coordinate system [x y z] using the inverse rotation 

matrix (R-1).

7.2.2 Analysis

    WSS was calculated for the software phantoms and for the in 

vivo datasets; the results are reported as mean WSS ± standard deviation 

(SD). Using the software phantoms, the performance of the algorithm was 

described in terms of accuracy and precision. Accuracy was defi ned as: 

%
theoretical WSS

mean calculated WSS
100 $ , precision was defi ned as the SD of calculated 

WSS values on the wall points. Note that for phantom data the SD thus de-

fi nes the variation of WSS due to the algorithm only, while in the in vivo data 

the SD defi nes the variation due to the algorithm plus any natural variation 

of WSS over the wall.
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7.2.3 Software phantom simulations

       Multiple software phantoms were created 

to assess the effect of resolution, segmentation, vessel size and magnitude of 

fl ow velocity. All software phantoms were based on a high-resolution (0.05 

mm isotropic) software phantom with a parabolic fl ow. In this high-resolu-

tion software phantom, partial volume effects in each voxel were simulated 

using the mean velocity in each voxel instead of the center velocity in each 

voxel. The theoretical WSS magnitude for cylindrical vessels with parabolic 

fl ow was calculated using the Hagen-Poiseuille formula. Details of the per-

formed software phantom simulations are summarized in table 7.1.

7.2.4 Algorithm optimization – experiment 1 and 2

      The algorithm has three 

customizable parameters: length of the normal vector used for the spline 

fi tting, the distance between the sample points on this normal, and the use 

of either zero wall velocity forcing or no zero forcing. To investigate the 

parameters that yield the most accurate and precise results for the WSS 

calculations in the vessel software phantoms, multiple combinations of 

Experiment

1 2 3 4 5 6 7

Vessel diameter (mm) 6 30 6 30 6 30 6

Center velocity (cm/s) 100 100 100 100 100 100 10, 20, … 
440, 450

Viscosity (Pa·s) 0,0032 0,0032 0,0032 0,0032 0,0032 0,0032 0,0032

Theoretical WSS (Pa) 2,13 0,43 2,13 0,43 2,13 0,43 0.21 to 9.60

Net fl ow (ml/s) 14,14 353,43 14,14 353,43 14,14 353,43 1.41 to 
63.62

Reynolds number 497 2484 497 2484 497 2484 50 to 2236

Original resolution
(mm, isotropic)

0,05 0,10 0,05 0,10 0,05 0,10 0,05

Resolution 
(mm, isotropic)

0,5 1,0 0.1, 0.2, …, 
1.1, 1.2

0.2, 0.3, …, 
3.1, 3.2

0,5 1,0 0,5

Segmentation offset (mm) 0 0 0 0 -1.0, -0.9, …, 
0.9, 1.0

-1.5, -1.4, …, 
1.4, 1.5

0

Zero forcing at wall yes, no yes, no yes, no yes, no yes, no yes, no yes, no

Inward normal length
(% diameter)

5, 10, …, 
45, 50

5, 10, …, 
45, 50

2 2 2 2 2

Number of points on 
inward normal

3, 4, …, 
14, 15

3, 4, …, 
14, 15

3 3 3 3 3

Table 7.1 Simulation parameters for phantom 

datasets. The table states the used parameters 

for variation of algorithm parameters (experiment 

1,2), variation of resolution (experiment 3,4), 

variation of segmentation offset (experiment 

5,6) and variation of WSS magnitude (experiment 

7). In all simulations both a calculation with 

and without zero forcing at the wall points is 

performed.
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the parameters were tested (table 7.1, experiment 1 and 2). The number of 

sample points on the normal was varied between 2 and 15. The length of the 

inward normal length was varied from 5% to 50% of the diameter.

7.2.5 Forcing zero velocity at the wall points  - experiment 1 to 7

          The velocity 

at the wall is generally assumed to be zero (no-slip condition), and one could 

argue that estimations of velocity profi les should obey to this. Yet, there are 

two reasons for also considering velocity profi le fi ts where such zero wall 

velocity is not forced. First, slip may exist. Second and more importantly, 

uncertainty exist in the position of the wall, and forcing zero velocity at the 

wrong place might be expected to introduce errors. In the WSS calculation 

algorithm, we therefore investigated two conditions for all experiments: 

(I) velocity forced to zero on the wall. (II) Velocity not forced to zero on the 

vessel wall (table 7.1, experiments 1 to 7).

7.2.6 Resolution – experiment 3 and 4

    In MRI, the physical resolution can be 

described using the point-spread function (PSF) [15]:
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with N the square matrix size, ∆k the width of one k-line in k-space 

and (x,y) the voxel coordinates. The PSF accounted for both sampling and 

truncation effects in k-space. Note that this PSF assumes Cartesian acquisi-

tion of k-space. We simulated the effects of variation in physical resolution 

by fi ltering a high-resolution (0.05 mm isotropic voxels) phantom using this 

2D PSF, where N was changed while the distance between k-lines ∆k and 

the other parameters were retained. This effectively resulted in a decreased 

k-space window with a decreased number of k-space samples. After fi ltering 

with the PSF the data still has a large numeric resolution, therefore the 

phantom data was interpolated to a grid with voxel sizes matching the width 

of the PSF. Figure 7.1 visualizes the steps of the resolution reduction (table 

7.1, experiment 3 and 4).
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7.2.7 Segmentation – experiment 5 and 6

      Effects of errors in the segmentation 

of the vessel wall lumen were induced to the software phantom by altering 

the original circular segmentation with an offset, while preserving the origi-

nal velocity vectors (table 7.1, experiment 5 and 6).

7.2.8 Vessel size – experiment 1 to 6

       To assess the effect of vessel size on our 

algorithm, most simulations were performed for two software phantoms, 

using diameters of 30 and 6 mm to respectively mimic the aorta and the 

common carotid artery diameters (table 7.1, experiment 1 vs. 2, 3 vs. 4, 5 vs. 

6).

7.2.9 WSS magnitude

    The WSS magnitude was varied by simulating different 

center velocities. The center velocity was varied between 10 to 450 cm/s 

resulting in theoretical WSS between 0.21 and 9.60 Pa (table 7.1, experiment 

7).

Figure 7.1 The high resolution data is degraded 

in two steps: (1) filtering with a MRI point spread 

function to simulate acquisition of less points in 

the Cartesian k-space and (2) the discretization 

of the filtered data to increase the voxel size to 

match the simulated voxel size. For visualization 

purposes, only the center part of the PSF is 

shown (zoom 5x).
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7.2.10 In vivo experiments

      In addition to software phantoms, we acquired in 

vivo PC-MRI datasets of the common carotid artery (CCA) at fi ve resolutions 

in a healthy volunteer to verify the simulation results and to test the in vivo 

applicability of our algorithm. Informed consent was obtained in accordance 

with the guidelines of the local ethical committee. The data was acquired 

using a 3T MR system (Achieva, software version 3.2.1, Philips Healthcare, 

Best, The Netherlands) and a dedicated eight-channel carotid coil was used. 

The images were acquired for fi ve different isotropic spatial resolutions 

of approximately 0.4, 0.5, 0.6, 0.7 and 0.8 mm, see table 7.2. Parameters 

other than resolution were not changed (table 7.2). Data were corrected for 

systematic phase offset errors by subtraction of the average phase in static 

muscle tissue close to the vessel of interest for each slice and time step. 

Aliasing artifacts were avoided by means of a high encoding velocity in the 

feet-head direction (100 cm/s).

A level set evolution algorithm [16] was used to segment the lumen in 

the 0.4 mm resolution dataset, resulting in a surface of the vessel lumen. 

The surface of the segmented vessel lumen was smoothed using a Laplacian 

fi lter [17]. The segmented vessel wall surface from the 0.4 mm dataset was 

used as for all fi ve datasets to avoid differences in the WSS calculation due to 

differences in the segmentation.

All lower resolution datasets (0.5 - 0.8 mm) were coregistered to the 0.4 

mm resolution dataset using mutual information to correct patient move-

ment in between scans (SPM8, Wellcome Trust Centre for Neuroimaging, 

London, UK). To compensate for natural variation in heart rate and blood 

fl ow through the CCA, velocities for each acquisition were scaled to match 

the measured time-averaged fl ow in the 0.4 mm resolution dataset (5.59 

ml/s). The fl ow was calculated by multiplication of the surface area of the 

segmentation and the time-averaged velocities perpendicular to that area. 

The fl ow was scaled to the 0.4 mm resolution using the time-averaged fl ows 

for each resolution. 

All voxels overlapping with the vessel lumen surface were neglected 

during calculation of the WSS, thus avoiding contribution from voxels 

(partially) outside the lumen segmentation. WSS was calculated using a 1 

mm inward normal with 5 points on this inward normal. The reason for 

using different settings for in vivo data is the complexity of velocity patterns 

(i.e. not parabolic). Using 5 points on a 1 mm inward normal we made sure 
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that velocity patterns that could be measured with the image resolution are 

not undersampled during the WSS calculation. The effect of resolution on 

calculated WSS was compared for each time step and additionally the effect 

of resolution on the time-averaged WSS was compared. We also assessed the 

effect of resolution separately in regions of low, medium and high WSS cal-

culation (defi ned by the 0-33, 33-66 and 66-100% tertiles of WSS magnitude 

as calculated in the 0.4 mm resolution).

The effect of segmentation errors in in vivo data was assessed for the 

high-resolution 0.4 mm case. The original vessel wall was dilated and 

constricted along the inward normals by using offsets to the original surface 

from -1.5 mm to 1.5 mm. During this process the number of wall points 

remained the same. The effect of deviations in the vessel wall was assessed 

for time-averaged WSS. Additionally this effect was assessed separately for 

regions of low, medium and high WSS.

Values

Spatial resolution* (mm) 0.38 x 0.38 x 0.40 0.47 x 0.47 x 0.50 0.54 x 0.54 x  0.60 0.63 x 0.63 x 0.70 0.75 x 0.75 x 0.80

Voxel volume (μl) 0.058 0.111 0.175 0.278 0.450

Matrix size 160 x 160 x 100 128 x 128 x 85 112 x 112 x 70 96 x 96 x 60 80 x 80 x 50

Field of view* (mm) 60.8 x 60.8 x 8.0 60.2 x 60.2 x 8.5 60.5 x 60.5 x 8.4 60.5 x 60.5 x 8.4 60.0 x 60.0 x 8.0

Flip angle (º) 25 25 25 25 25

TE (ms) 3.98 3.83 3.73 3.65 3.61

TR (ms) 10.98 7.68 7.68 7.68 7.68

Velocity encoding values* 
(cm/s)

30 x 30 x 100 30 x 30 x 100 30 x 30 x 100 30 x 30 x 100 30 x 30 x 100

SENSE acceleration factor 1.7 1.7 1.7 1.7 1.7

Time frames 5 5 5 5 5

Average heart rate during 
scan (l/min)

46 48 53 57 50

Bandwidth (Hz/pixel) 433 434 434 434 434

Scan duration (min) 9:23 4:25 3:16 2:07 1:35

*Right-Left x Anterior-Posterior x Feet-Head

Table 7.2 In vivo acquisition parameters of 

common carotid artery. Isotropic spatial 

resolution was varied in steps of ± 0.1 mm. Time 

frames were obtained by retrospective triggering 

using a peripheral pulse unit (PPU).
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7.3 Results

7.3.1 Algorithm optimization – experiment 1 and 2

      Figure 7.2 shows the results 

from the variation of the algorithm parameters (table 7.1, experiment 1 and 

2) in two different sized phantom vessels; a 6 mm vessel at 0.5 mm reso-

lution and a 30 mm vessel at 1.0 mm resolution. In both vessel sizes, zero 

forcing at the wall lead to results closer to the theoretical value. Furthermore, 

we found that an inward normal length of 50% of the diameter with 3 points 

(2 points + wall point) resulted in the lowest WSS variation across different 

sized vessels (6 mm, 30 mm).

Figure 7.2 Effect of algorithm parameters 

(inward normal length and number of points 

along normal) on the WSS calculation (table 7.1, 

experiment 1 and 2). Top row shows the results 

for a 6 mm vessel phantom (theoretical WSS 

2.13 Pa), bottom row shows the results for a 30 

mm vessel phantom (theoretical WSS 0.43 Pa). 

Left column represents the results with zero 

forcing; right column shows the results without 

zero forcing. Color of the surface represents the 

standard deviation of the calculated WSS. The 

gray dots represent the mean WSS calculations 

with the color proportional to their value. 

Note that without zero forcing, the WSS is 

underestimated.
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7.3.2 Resolution – experiment 3 and 4

    Figure 7.3a and 7.3b show the effects of 

resolution on the calculated WSS (table 7.1, experiments 3 and 4).  The mean 

WSS decreased with larger voxel size, while the SD increased. Both methods 

generally underestimate the WSS. However, WSS was more precisely and 

more accurately calculated with wall velocity forcing than without. In the 6 

mm vessel (fi gure 7.3a) the WSS calculated without zero forcing was 52-60% 

of the theoretical WSS, the WSS calculated with zero forcing was 84-99% of 

the theoretical WSS. For the 30 mm vessel (fi gure 7.3b) these number were 

52-65% and 95-99% for respectively calculation without and with zero wall 

velocity forcing.

7.3.3 Segmentation – experiment 5 and 6

      Figure 7.3c and 7.3d show the effects 

of segmentation offsets on the calculated WSS in a phantom vessel of 6 mm 

diameter with 0.5 mm resolution (fi gure 7.3c), and in a phantom vessel of 30 

mm diameter with 1.0 mm resolution (fi gure 7.3d, table 7.1, experiments 5 

and 6). The results show that for a wider segmentation, the calculated WSS 

decreased in both the calculation with and without zero forcing at the wall 

points. For a narrower segmentation, the calculated WSS increased in case 

of zero forcing and slightly increased and then decreased slowly when the 

velocity is not forced to zero at the wall points.

7.3.4 Vessel size – experiment 1 to 6

       The results of the experiments (table 

7.1, experiments 3 vs. 4, 5 vs. 6) in fi gure 7.3a and 7.3b show that the effect 

of resolution is similar for different sized vessels. Figure 7.3c and 7.3d show 

that this also is the case for absolute segmentation offsets. 

7.3.5 WSS magnitude

    Figure 7.3e shows the theoretical WSS versus the calcu-

lated WSS with and without zero forcing for center velocity varied between 

10 to 450 cm/s resulting in WSS values of 0.21-9.6 Pa (table 7.1, experiment 

7). The calculations with zero forcing corresponded much better with the 

theoretical value than those without zero forcing. Calculated WSS depend-

ed strictly linear on the theoretical value, with slopes of 0.538 and 0.977 

(r2=1.000) without and with zero forcing respectively. 
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7.3.6 In vivo experiments - resolution

    WSS calculation was performed in all 

datasets (table 7.2) for each of the fi ve time steps. Figure 7.4 shows an ex-

ample slice of the velocity and magnitude data plus the fl ow quantifi cations 

for each resolution. For lower resolutions, the WSS decreased (fi gure 7.5a, 

fi gure 7.6). This behavior is similar for all time steps. By dividing the WSS 

into 3 tertiles, we confi rmed that this behavior also persists for different WSS 

magnitudes (fi gure 7.5b). 

For points on the wall where the inward normal vector of 1.0 mm was 

located (partially) outside the available velocity data WSS could not be 

resolved. This occurred in 88 of the 1304 cases (6.7%), all of which were 

located at the top and bottom of the segmented vessel wall lumen. Figure 7.6 

visualizes the WSS vectors on the vessel lumen surface.

Figure 7.3 Results from the WSS calculations 

in multiple software phantoms. The subfigures 

contain the theoretical WSS (green dashed 

line), the WSS calculated with zero forcing at 

the wall points (black line), the WSS calculated 

without zero forcing at the wall points (gray 

line). (a) Resolution variation versus calculated 

WSS for a 6 mm vessel (table 7.1, experiment 

3). The theoretical WSS is 2.13 Pa. The standard 

deviations (SD) are visualized as lines without 

markers. (b) Resolution variation versus 

calculated WSS for a 30 mm vessel (table 7.1, 

experiment 4). The theoretical WSS is 0.43 Pa. The 

SD’s are visualized as lines without markers. (c) 

Segmentation offsets versus calculated mean 

WSS (table 7.1, experiment 5). The theoretical 

WSS is 2.13 Pa. The simulations were performed 

using a phantom dataset of 0.5 mm resolution. 

Negative offsets represent a constricted 

segmentation, positive offsets represent 

a dilated segmentation. (d) Segmentation 

offsets versus calculated mean WSS (table 7.1, 

experiment 6). The theoretical WSS is 0.43 Pa. The 

simulations were performed using a phantom 

dataset of 1.0 mm resolution. (e) Theoretical 

WSS versus calculated WSS in a 6 mm diameter, 

0.5 mm resolution vessel phantom (table 7.1, 

experiment 7). The blue line represents the line 

at which the calculation matches the theoretical 

WSS. The black line, using a calculation with 

zero forcing, can be described using y=0.977x 

(r2=1.000). The gray line, using a calculation 

without zero forcing, can be described using 

y=0.5379x (r2=1.000).
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7.3.7 In vivo experiments - segmentation

      Figure 7.5c shows the results for 

variation in the segmentation (table 7.2, 0.4 mm measurement only). For a 

constricted segmentation, the WSS increased greatly, while for a dilated seg-

mentation, the WSS decreased slightly. Also, the SD increased considerably 

for erroneous segmentations.

Figure 7.4 Left: single slice of PC-MRI data of 

the left CCA of a healthy volunteer at 5 different 

resolutions, acquired according to the MR 

acquisition parameters in table 7.2. The top 3 

rows respectively show the velocities averaged 

over the 5 time steps with white representing 

flow from left to right, flow from anterior to 

posterior and flow from feet to head. The bottom 

row shows the magnitude images. The 5 columns 

represent the resolutions at which the data was 

acquired. Right graph: average heart rates and 

flows during the different acquisitions.

Figure 7.5 Results for the in vivo WSS 

calculations in the CCA of a healthy volunteer. 

a) Decreasing resolution versus calculated WSS. 

Mean WSS over the vessel lumen surface is 

plotted for 5 time steps (colored points without 

SD bars). Additionally the time averaged WSS 

magnitude is plotted in black with SD as bars. b) 

Decreasing resolution versus calculated WSS for 

time averaged WSS magnitude divided in three 

tertiles representing the higher 1/3, medium 1/3 

and lower 1/3 of WSS magnitude. c) Segmentation 

offsets versus calculated WSS. The red, orange 

and blue lines respectively show the higher, 

medium and lower WSS tertiles. The black line 

shows the temporally averaged WSS magnitude. 

When the segmentation is constricted (left, 

negative, side of the graph), the WSS increases 

and when the segmentation is dilated (right, 

positive, side of the graph), the WSS decreases. 

Note that both for dilation and constriction, 

the standard deviation of the calculated WSS 

increases.

Figure 7.6 Visualization of the WSS vectors for 

each resolution. Only time step 5 is shown. The 

red vectors inside the vessel represent the 

velocity vectors. Note that the density of velocity 

vectors decreases with resolution.
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7.4 Discussion

     In this study, a generalized approach for calculation of WSS 

was developed. This post-processing algorithm for PC-MRI data was validat-

ed using software phantoms of straight vessels and successfully applied to 

the PC-MRI data of an in vivo CCA.

The availability of spatiotemporal WSS information across the vessel is 

an improvement over existing 2D and slice-based WSS calculation methods 

[8, 18]. The current generalized approach can potentially be applied to any 

geometry, including more complex geometries such as vessel bifurcations 

and aneurysms. While the current phantom and in vivo analysis provides 

good arguments for the validity of this approach in more complex geome-

tries, further research will be needed to substantiate this (Chapter 8).The 

WSS calculations in a straight vessel with parabolic fl ow as presented here 

are more accurate and precise compared to existing methods in literature 

[8, 10-12]. Multiple causes for these differences may exist. Stalder et al. 

[8] used manual segmentation of the phantom data, while in this research 

a perfect circular segmentation was used. Additionally these authors used 

Gaussian fi ltering of the velocity data before calculating WSS. A different 

point is that in the current methods forcing of zero velocity at the wall points 

is not reported [8, 11-12]. Also, differences may exist between the used PSF’s. 

For example, Stalder et al. [8] used a similar Cartesian PSF as in this study, 

whereas Cheng et al. [12] did not report on a PSF. 

In addition to investigating previously described effects on WSS calcu-

lation, we investigated the effects of segmentation errors on the calculated 

WSS, which appeared to outweigh the errors in the WSS calculation due to 

a resolution decrease. For a high-resolution software phantom, an induced 

segmentation offset of +0.5 mm or -0.5 mm decreases the accuracy by 23% 

and 43%. It should be noted that the positive segmentation offsets in the 

phantom data simply cause the vessel wall to move outside the vessel where 

only zero velocity values are present, which does not represent in vivo mea-

surements. In the in vivo experiment we noticed similar behavior as in the 

phantom, namely an increase in estimated WSS for constriction of the vessel. 

The dilatation of the vessel lumen surface only caused a slight decrease in 

magnitude, but a large increase in the SD of calculated WSS. This can be 

attributed to the noise in the velocity values outside the vessel lumen. 

In the phantom simulations, we showed that for a parabolic profi le in a 

straight vessel, three points on an inward normal with a length of at least the 
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radius provided the most accurate and precise results for both the 6 mm and 

the 30 mm vessel. These parameters may have a limited validity outside the 

software phantoms with perfect segmentation and parabolic fl ow. However, 

it should also be noted that in vivo velocity patterns near the wall are gener-

ally parabolic and thus the smoothing spline approach can still be valid close 

to the wall. More research is required to evaluate this.

We addressed zero forcing mainly because segmentation errors may 

cause velocity to be fi xed to zero at the wrong place, potentially resulting in 

major deviations in WSS estimation, since the WSS depends on the velocity 

gradients near the wall. We show however that zero forcing of wall velocity 

improves accuracy of the WSS calculation. This was the case in not only 

perfectly segmented phantoms, as expected, but also in the presence of 

segmentation errors. 

We can conclude for the effect of resolution that, given a perfect segmen-

tation, the measurement resolution of WSS should be at least 8 voxels across 

the diameter to obtain 95% accuracy in a phantom dataset. This number is 

much higher than previously reported guidelines on resolution of fl ow quan-

tifi cation using PC-MRI, such as at least 3 voxels across the diameter [19]. 

The in vivo data showed that WSS converges towards higher values at 

higher resolutions, similar to what was found for the phantom data. However 

for the in vivo case, the SD did not decrease with better resolutions. This can 

be attributed to the natural variation of WSS across the vessel wall.

In contrast to existing WSS calculation methods [11], we noticed that the 

calculated WSS magnitude increased linearly with increasing WSS magni-

tude. Possible causes for this difference are the use of different simulation 

types for PC-MRI images (image based simulation versus Bloch equation 

based simulation) and secondly we only used laminar fl ow phantoms in our 

case.

A limitation of this work is that noise was not included in the phantom 

simulations. This does not resemble the in vivo situation and therefore some 

differences in the in vivo experiments with the segmentation offset were 

present compared to the phantom data. As noise in the phase difference 

images is normally distributed around zero [20], addition of noise will have 

little effect on accuracy of the WSS estimation, whereas the precision will 

decrease with increasing noise levels.

The results are limited by uncertainties in the velocity measurements 

using PC-MRI, such as phase offset errors induced by eddy currents and 
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concomitant gradient errors, intravoxel dephasing, pulsatile fl ow artifacts 

and water-fat shift artifacts [21] and partial volume effects. The uncertainties 

in velocity quantifi cation were minimized by optimization of scan parame-

ters and post-processing i.e. phase offset correction, aliasing correction (if 

required) and omitting partial volume voxels at the wall.

The next step towards clinical usability will be to validate the described 

method by measuring complex geometries, which can be compared against 

CFD simulations, which are generally considered as the golden standard. A 

good approach would be to use a phantom measurement with a known fi xed 

anatomy [22] with a fl ow confi gurable using computer-driven pumps. The 

calculated WSS in such a setup could then be compared to velocity and WSS 

resulting from CFD simulations. This work is partially carried out in Chapter 

8.

In conclusion, the currently suggested generalized approach can provide 

spatiotemporal information on both magnitude and direction of WSS. The 

analysis of effects of, amongst others, fi nite resolution and segmentation 

errors provides suggestions for scan protocols and post-processing that 

provide reliable WSS estimations.
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