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Abstract

Background: Personalized modeling is a promising tool to improve abdominal aortic
aneurysm (AAA) rupture risk assessment. Computed tomography (CT) and quantita-
tive flow (Q-flow) magnetic resonance imaging (MRI) are widely regarded as the gold
standard for acquiring patient-specific geometry and velocity profiles, respectively.
However, their frequent utilization is hindered by various drawbacks. Ultrasound is used
extensively in current clinical practice and offers a safe, rapid and cost-effective method
to acquire patient-specific geometries and velocity profiles. This study aims to extract
and validate patient-specific velocity profiles from Doppler ultrasound and to examine
the impact of the velocity profiles on computed hemodynamics.

Methods: Pulsed-wave Doppler (PWD) and color Doppler (CD) data were successfully
obtained for six volunteers and seven patients and employed to extract the flow pulse
and velocity profile over the cross-section, respectively. The US flow pulses and veloc-

ity profiles as well as generic Womersley profiles were compared to the MRI velocities
and flows. Additionally, CFD simulations were performed to examine the combined
impact of the velocity profile and flow pulse.

Results: Large discrepancies were found between the US and MRI velocity profiles
over the cross-sections, with differences for US in the same range as for the Womersley
profile. Differences in flow pulses revealed that US generally performs best in terms

of maximum flow, forward flow and ratios between forward and backward flow,
whereas it often overestimates the backward flow. Both spatial patterns and magni-
tude of the computed hemodynamics were considerably affected by the prescribed
velocity boundary conditions. Larger errors and smaller differences between the US
and generic CFD cases were observed for patients compared to volunteers.

Conclusion: These results show that it is feasible to acquire the patient-specific flow
pulse from PWD data, provided that the PWD acquisition could be performed proximal
to the aneurysm region, and resulted in a triphasic flow pattern. However, obtaining
the patient-specific velocity profile over the cross-section using CD data is not reliable.
For the volunteers, utilizing the US flow profile instead of the generic flow profile gen-
erally resulted in improved performance, whereas this was the case in more than half
of the cases for the patients.
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Background

A localized dilation of the infrarenal aorta, an abdominal aortic aneurysm (AAA), often
presents without symptoms. However, it can progressively enlarge until it ruptures,
resulting in an alarming 80% mortality rate [1, 2]. Surgical intervention is a viable option
to prevent rupture, but it carries its own set of risks [2]. Consequently, assessing and
monitoring the patient’s risk of rupture over time is crucial. Current clinical guidelines
solely rely on the maximum diameter and growth rate of the aneurysm for the estima-
tion of the rupture risk, based on findings from randomized clinical trials [3, 4]. None-
theless, it is suggested that examining wall mechanics and hemodynamics could provide
more precise risk indicators [1, 2].

Several studies have utilized computational solid and fluid dynamics models to inves-
tigate various parameters, including peak wall stress and wall shear stress (WSS). Peak
wall stress is considered a crucial parameter for predicting aneurysm rupture, while low
and disrupted WSS is believed to contribute to the formation of intraluminal thrombus
(ILT) [1, 5-13]. However, in vivo, the deformation of the AAA wall is influenced by the
hemodynamics within the AAA, and conversely, the wall deformation affects the hemo-
dynamics. To incorporate this mutual influence in AAA simulations, fluid—structure
interaction (FSI) models are necessary.

A comprehensive longitudinal study is imperative for a better understanding and pre-
diction of AAA development, growth, and rupture risk. Given the significant influence
of both wall mechanics and hemodynamics on AAA geometry, a patient-specific assess-
ment is indispensable [1, 6]. Computed tomography (CT) remains the gold standard for
acquiring patient-specific AAA geometries. However, frequent CT scans are hindered
by the use of contrast agents and radiation exposure [1]. Another possibility is magnetic
resonance imaging (MRI), although it is burdened by prolonged scanning periods and
substantial costs. Previous FSI studies have either relied on idealized AAA geometries
[14-16] or a limited number of CT- or MRI-derived geometries [7, 17-19], preclud-
ing large, longitudinal analyses using FSI simulations. Time-resolved three-dimensional
ultrasound (4D US) emerges as the preferred imaging modality for extracting patient-
specific geometries. Notably, 4D US is safe, rapid, cost-effective, and offers both tempo-
ral geometric and functional information [20-22]. Furthermore, ultrasound is already
integrated into current clinical workflows, enhancing its feasibility for longitudinal AAA
studies.

Although 4D US data are limited in terms of contrast with respect to CT, recent
improvements in segmentation methods allow for the use of 4D US data in CSS and FSI
models [5, 20, 21, 23], showcasing good correspondence between 4D US-based and CT-
based segmentations and resulting wall stresses [5, 21]. Previous research also showed
that the limited field-of-view of 4D US can be extended using multiperspective US, in
which proximal and distal US acquisitions are fused [24, 25]. Still, the aorto-iliac bifurca-
tion is hard to detect with ultrasound, due to the depth and tortuosity of the iliac arteries
[26]. It has been shown that the absence of the bifurcation does not significantly influ-
ence the numerical assessment of the AAA wall mechanics [26] and that a parametric
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bifurcation can be added to the aneurysm geometry without significantly affecting the
AAA hemodynamics [27].

Additional functional information can be extracted using US, enabling further per-
sonalization of the AAA Finite Element (FE) models. Speckle-tracking methods can be
employed to obtain the patient-specific shear modulus [20], whereas US Doppler imag-
ing can be utilized to obtain the patient-specific velocity profiles, both over time and
over the cross-section [28, 29]. Previous studies utilized generic velocity profiles [23,
27]. However, it has been demonstrated that substantial variations in velocity profiles
exist among patients [29], and these profiles exert a significant impact on the computed
hemodynamics [30—32]. Quantitative flow (Q-flow) MRI is considered the gold standard
to obtain patient-specific velocity profiles, but its routine clinical use is hampered by its
lengthy scan duration and high costs [33-35].

This study aims to extract and validate patient-specific velocity profiles from US Dop-
pler data. To this end, pulsed-wave Doppler (PWD), color Doppler (CD) and Q-flow
MRI data were obtained for healthy volunteers and AAA patients. US-based and generic
velocity profiles were compared to the MRI-derived velocity profiles for validation and
computational fluid dynamics (CFD) simulations were analyzed to assess the impact of
the prescribed velocity profiles on the computed hemodynamics.

Results

Velocity profiles over cross-section

Figures 1A and S2 show the MRI, US, and Womersley systolic velocity profile over the
cross-section and their point-wise differences with respect to MRI. These results illus-
trate poor resemblance to MRI for the US profiles, since both the velocity magnitude
and the spatial velocity pattern deviates. This deviation is observed for all volunteers,
and it varies among individuals, which complicates attempts to correct for these discrep-
ancies. For all volunteers, the Womersley profiles appear slightly flatter than the MRI
profiles, overestimating the velocities at the borders while underestimating the velocities
in the center of the vessel.

The point-wise differences in velocity with respect to MRI for all volunteers are sum-
marized in Fig. 1B, illustrating similar median differences for US and Womersley. How-
ever, the range in differences is generally larger for US. Additionally, a larger variety in
differences is observed between the volunteers for US.

To investigate the influence of the velocity profile on the computed hemodynamics,
CFD simulations were performed and the result for a representative volunteer can be
found in Fig. 1C. The differences in hemodynamics are largest at the inlet, but reduce
considerably over the length of the vessel. The impact of the velocity profile on the OSI
is most pronounced. After a length of 3 times the diameter, the nRMSE of both systolic
WSS and TAWSS is below 10% for all volunteers, whereas a length of six times the diam-
eter is needed to drop the nRMSE for the OSI below 10% (Fig. S3).

Flow pulses

Various flow parameters were calculated to characterize the flow pulses (Fig. 7A). The
left column of Fig. 2 shows the MRI, US, and generic flow profiles for all volunteers (A)
and patients (B), respectively.
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Fig. 1 A Systolic MRI, US and Womersley velocity profiles over the cross-section (blue-yellow), and their
percentual differences (green-purple), for a representative volunteer. B Percentual point-wise differences

in velocity w.rt. MRI for all volunteers for the US (left) and Womersley (right) velocity profiles. C Influence of
the velocity profile on the systolic WSS, TAWSS, and OSl for a representative volunteer. The scale on the right
indicates the length as multiple of the diameter (D)

For all participants, the maximum flow as measured with MRI was best matched with
US, although the difference between US and generic profiles was less pronounced for the
patients. The maximum flow ranged between 5.7—10.4 L/min and 5.1—7.5 L/min for the
volunteers and patients, respectively. For the generic profile, the maximum flow equalled
5 L/min, whereas for US, the maximum flow varied between 5.3—9.3 L/min (volunteers)
and 5.0—7.2 L/min (patients).

For all volunteers, the flow pulse exhibits a triphasic pattern, which is typical for
the abdominal aorta [12, 29, 36]. For two patients (AAA3 & AAAS5), no triphasic flow
was observed for the US profile. In one of these patients (AAA5), no negative flow
was observed. For this patient, the systolic time (E in Fig. 7A) was manually selected
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Fig. 2 Flow profiles (left) and absolute percentual differences in flow parameters (right) for volunteers

(A) and patients (B). The boxes in the boxplot (right) indicate the flow pulse that best approaches the MRI
flow pulse, based on the median difference: US (solid) or generic (dashed). For visualization, the y-axis was
trimmed to 400%

(indicated with an asterisk in Fig. 2B) and all parameters including negative flow were
left out of the comparison (indicated as NaN). Additionally, for two MRI-based flow
pulses (AAA2 & AAA3), no second zero-crossing was observed, leading to similar
values for various parameters (SF = FF, RF = BF, SRratio = FBratio).

The differences in flow parameters for all volunteers and patients are summarized
in the right column of Fig. 2. The US flow profile generally has the lowest differences
in the heart rate and in the parameters describing forward flow and ratios between
forward and backward flow (maximum flow, max/min ratio, SF, SRratio, FF, and FBra-
tio). The generic profile typically performs better for the mean flow and the param-
eters describing reversed flow (minimum flow, RF and BF). For the systolic ratio and
the SV, no clear differences were observed between the US and generic flow pulse.
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Compared to the volunteers, the US flow pulse for patients resulted in larger differ-

ences for the minimum flow, mean flow, SV, SE, RE, and FF.

Hemodynamics

The combined effect of the flow pulse and velocity profile over the cross-section was
evaluated by simulating three different CFD cases for each participant (Fig. 7B). The
resulting systolic WSS, TAWSS, and OSI patterns for a representative volunteer and
patient are shown in Fig. 3. For the volunteers, the largest differences in spatial pat-
tern are found near the inlet, similar as observed in Fig. 1C. The maximum percentual
point-wise differences range between 65-194% (systolic WSS), 77-220% (TAWSS), and
78-147% (OSI). More distal in the domain, the differences in spatial patterns, especially
for the systolic WSS and TAWSS, diminish. Nevertheless, variations in magnitude per-
sist. For the patients, the differences in spatial patterns are more pronounced and per-
sist throughout the complete domain. Furthermore, larger differences in magnitude are
observed, with maximum differences ranging between 133—-435% (systolic WSS), 145—
565% (TAWSS), and 122-247% (OSI).

Figure 4 summarizes the nRMSE for all hemodynamic quantities for both volunteers
and patients. For the systolic WSS and TAWSS, the US case results in considerable lower
nRMSE than the generic case for all volunteers. The median nRMSE ranged between
6.5—22.2% (systolic WSS) and 2.9—20.4% (TAWSS) for the US case, compared to 17.9—
49.7% (systolic WSS) and 26.1—63.1% (TAWSS) for the generic case. For the patients, the
differences between the US and generic case are less evident and the nRMSE is larger,
with median values varying between 12.3—40.7% (US) and 22.4—45.4% (generic) for the
systolic WSS and between 26.5—59.2% (US) and 20.6—58.4% (generic) for the TAWSS.
Based on the median nRMSE, the US case performs better for 4 (systolic WSS) and 5
(TAWSS) out of 7 patients.
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Fig. 3 MRI, US and generic computed hemodynamics and their percentual differences, for a representative
volunteer (left) and patient (right)
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Fig. 4 Boxplots displaying the nRMSE in hemodynamics for volunteers (left) and patients (right). The most
proximal part of the domain, equal to one diameter, was excluded. The boxes indicate the simulation with
the lowest median nRMSE: US (solid) or generic (dashed)

For the OSI, the US case yields the lowest RMSE for all volunteers except one, with
median values fluctuating between 4.4—25.8% (US) and 11.5—28.2% (generic). Again,
for the patients, the differences between US and generic are less apparent, with medi-
ans ranging between 13.9—76.4% (US) and 27.9—45.5% (generic). The US case results in
slightly lower median RMSE for 3 out of 7 patients.

Discussion

This study demonstrated that personalizing CFD simulations of AAAs is feasible using
PWD. Flow pulses were successfully extracted from PWD data and compared to MRI
and generic profiles (Sect. Flow pulses). US generally performs best for estimating
parameters describing forward flow and ratios between forward and backward flow,
whereas it often overestimates the backward flow. Furthermore, the superior perfor-
mance of US was less pronounced for the patients. Multiple factors can account for this

difference between patients and volunteers. Firstly, the maximum flows were typically
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lower among patients compared to volunteers, aligning more closely with the generic
maximum flow. Secondly, the PWD imaging depth generally was larger for the patients
than the volunteers (Table 1), leading to impaired image quality due to attenuation of the
US signal. Additionally, in two patients, the PWD data could not be obtained proximal to
the aneurysm region, due to spatial obstruction by the ribs. Flow pulses obtained in the
aneurysm region may not be representative for the situation proximal to the aneurysm
and can therefore not be used to prescribe the inlet flow in hemodynamic simulations.
Lastly, the abdominal aortic flow pulse typically exhibits a typical triphasic pattern [12,
29, 36], which was also observed in the PWD measurements for all volunteers and most
patients. However, for two patients, no triphasic flow pulse was observed. Furthermore,
for two MRI datasets, no second zero-crossing was present. Both deviations in shape
may cause inaccurate flow parameter values, especially for the reversed flow and ratios
between forward and backward flow. In future studies, patients should be excluded if a
proximal PWD measurement is impossible or if the extracted flow pulse lacks the typical
triphasic pattern.

Obtaining the patient-specific velocity profile over the cross-section using CD data
is not feasible, as the errors obtained with respect to MRI are comparable to those for
the Womersley profile. The poor performance of CD can be explained by several limi-
tations. Since CD data are obtained over a two-dimensional area, whereas PWD data
are obtained over a single line, CD sensitivity and accuracy are impaired. Furthermore,
the CD velocity measurements are highly angle dependent [37-39]. Lastly, CD measure-
ments can be hampered by inferior US quality due to large depth, intestinal function and
bowel gas.

The spatial patterns for the computed hemodynamics were considerably affected by the
prescribed velocity profiles, especially at the inlet of the domain, consistent with findings in

Table 1 Characteristics of all participants, including gender (male: M or female: F), age, number of
days between US and MRI acquisitions, US and MRI diastolic (dia) and systolic (sys) blood pressure
(BP), the PWD imaging depth and overview of employed scans: 1—CD, 2—PWD, 3—2D+t MR,
4—A4D US, 5—4D MRI. DM data missing

Gender Age Days BP US (mmHg) BP MRI (mmHg) Imaging Employed

between [dia sys] [dia sys] depth scans

US and PWD (cm)

MRI
Vol1 F 25 0 DM [55103] 35 123
Vol2 M 27 0 [70132] [58 114] 35 1,23
Vol3 M 56 0 [71130] [64115] 8.5 123
Vol4 F 53 0 [74107] [55119] 3 1,23
Vol5 M 27 0 [81137] [56 107] 3 123
Vol6 M 64 0 [77133] [61121] 4 123
AAAT M 77 0 [87 142] [71120] 6 234
AAA2 M 79 2 [84167] [73158] 8 234
AAA3 M 80 0 [101182] [70134] 6 234
AAA4 M 83 1 [90 170] [94 149] 10 234
AAAS M 72 4 [67 128] [59111] 7 234
AAA6 M 68 43 [76 116] [64 114] 7 235
AAA7 F 68 3 [91 149] [77125] 9 234
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literature [31]. The greatest impact was observed for the OSI, which can be explained by the
difference in skewness of the velocity profiles, creating differences in oscillatory behavior of
the WSS. For the volunteers, the differences in spatial pattern vanish over the length of the
vessel, especially for the systolic WSS and TAWSS, whereas they persist for the patients.
This disparity can be attributed to the incorporation of the patient-specific aneurysm geom-
etry for the patients, compared to a simple, straight vessel for the volunteers. The geometry
has a large impact on the computed hemodynamics [23], mainly due to flow impingement
on the vessel wall. However, to assess the differences in hemodynamics for realistic CFD
simulations of AAAs, it is deemed necessary to utilize the patient-specific geometry instead
of a generic one. Furthermore, differences in velocity profiles result in considerable dif-
ferences in systolic WSS, TAWSS, and OSI magnitude. Median nRMSE ranged between
2.9-25.8% (US) and 11.5-63.1% (generic) for volunteers and between 12.3—76.4% (US)
and 20.6—58.4% (generic) for patients, showcasing larger nRMSE and smaller differences
between US and generic for patients. Utilizing the US flow profile instead of the generic one
resulted in improved performance with respect to MRI for all volunteers and more than
half of the patients.

Apart from differences between imaging modalities, differences in flow pulses may be
caused by differences in blood pressure (Table 1), acquisition location, and acquisition
timing. Prior to the US acquisitions, participants fasted for a minimum of 4 h to reduce
intestinal function and bowel gas. No fasting was required prior to the MRI measurement,
possibly leading to differences in blood distribution to different parts of the body. Further-
more, the mean velocity was extracted from PWD over a single diameter of the vessel. To
calculate the flow, a symmetric velocity profile and a perfect circular cross-sectional area
were assumed, which may cause inaccuracies in flow pulse.

Q-flow MRI imaging is widely acknowledged and used as ground-truth [30, 33, 40], but
suffers from drawbacks as well. Several measurement errors, due to the lower spatial and
temporal resolution, low velocity SNR, phase dispersion, partial volume effect and slice
positioning, may lead to uncertainties of 5-10% in flow [34, 41, 42].

For both US Doppler as Q-flow MR], only the through-plane components of the veloci-
ties could be obtained. However, previous research has shown that the in-plane velocities
are small and have insignificant influence on the hemodynamics [30]. Additionally, the
breath holding procedure during both US and MRI acquisitions may affect the flow condi-
tions. Nevertheless, the same procedure was used for both modalities and previous studies
have shown that breath-hold with small lung volume by shallow inspiration, as used in this
study, has a negligible effect on the measured velocities [43, 44].

One of the major limitations of this study is the limited number of participants, due to
the high costs and low availability associated with MRI scans. Future studies should focus
on extending the number of participants, preferably in a multi-center study. Furthermore,
future studies should focus on ultrasound vector flow imaging (VFI), which represents an
emerging technology to overcome the limitations of conventional Doppler imaging [39].

Conclusions

This study demonstrated that obtaining the patient-specific flow pulse is feasible using
pulsed-wave Doppler ultrasound, provided that the PWD acquisition is performed prox-
imal to the aneurysm region and results in a realistic, triphasic flow pattern.
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Obtaining the patient-specific velocity profile over the cross-section using CD data is
not reliable, as the errors obtained with respect to MRI are comparable to those for the
Womersley profile.

Computed hemodynamics were considerably affected by the prescribed veloc-
ity profiles, both in magnitude and spatial patterns. Larger errors with respect to MRI
and smaller differences in errors between the US and generic cases were observed for
patients, compared to volunteers. Employing the US flow profile instead of the generic
one resulted in improved performance for all volunteers and more than half of the
patients.

Methods

Data acquisition

US and MRI datasets were acquired for six healthy volunteers and eight AAA patients
in the Catharina Hospital in Eindhoven. All participants gave their written informed
consent and the study was approved by the local ethics committee. One patient was
excluded due to poor US image quality. The characteristics of the resulting participants
are summarized in Table 1.

Ultrasound

US Doppler images were acquired by experienced sonographers using a Philips Epiq
system equipped with a C5-1 probe. Pulsed-Wave Doppler (PWD) and Color Doppler
(CD) data were recorded in the longitudinal and transverse plane (Fig. 5), respectively, as
proximal as possible while not suffering from acoustic shadowing by the ribs. All acqui-
sitions were obtained in supine position during shallow inspiration breath hold for 3-8
cardiac cycles and the velocity scales were tuned to prevent aliasing. The PWD data were
acquired using angle correction with an angle of 60° and a sample area equal to the vessel
diameter, resulting in frame rates of 20—79 Hz and a spatial resolution of 0.25—0.46 mm.
The CD gain was optimized to obtain as much CD information as possible during dias-
tole, without over-amplifying the signal during systole. Color Doppler frame rates and
spatial resolution varied between 7—23 Hz and 0.16—0.24 mm, respectively. Additionally,
for the patients, 4D US recordings of the aneurysm region were obtained using an X6-1
matrix probe as described by Maas et al. [21]. Finally, directly after the US acquisitions,
the brachial blood pressure was measured using an arm cuff.

Magnetic resonance imaging

Two-dimensional time-resolved (2D+t) Q-flow MRI images were acquired by experi-
enced MRI technologists, using a fast field echo (FFE) and a phase contract angiogra-
phy (PCA) sequence (Fig. 6). Clinical 1.5T (volunteers, Philips Ingenia) or 3T (patients,
Philips Achieva dStream) scanners were combined with posterior and anterior 16-chan-
nel phased array torso coils (Philips dStream), resulting in a spatial resolution of 1.04
mm (volunteers) and 0.96 mm (patients). For the volunteers, the acquisition plane was
placed directly distal to the renal arteries, whereas the plane was placed proximal to the
aneurysm region in patients, in accordance with the ultrasound acquisition. In all cases,
the acquisition plane was positioned perpendicular to the aorta. The velocity encod-
ing (VENC) was based on the maximum velocity as measured with PWD, adjusted if
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Fig. 5 lllustration of the method to extract the velocities and flow from US data. For all participants, PWD
data were used to extract the velocity over time. To convert this to a flow pulse, the radius of the vessel was
extracted using the CD (volunteers) or PWD (patients) data. Furthermore, for the volunteers, the velocity
profile over the cross-section was extracted from the CD data

aliasing was observed and ranged between 60-150 cm/s. Data were acquired during
shallow inspiration breath hold for 27-64 s and averaged using retrospective ECG gat-
ing, resulting in 30 frames over the cardiac cycle. Directly after the MRI scan, the bra-
chial blood pressure was measured using an arm cuff. For one patient (AAA6), the 2D+t
MRI data suffered from severe motion artifacts. For this patient, additional 4D Q-flow
MRI data were available, with a less optimal spatial resolution of 1.46 mm and temporal
resolution of 16 frames over the cardiac cycle. A slice proximal to the aneurysm region

was extracted for further analysis, which revealed no motion artifacts.

Velocity and flow extraction
After acquisition, the US and MRI data were anonymized and further processed in
MATLAB (R2023b) to obtain the velocity profile over the cross-section and the flow

pulse.

Ultrasound

The PWD data were used to obtain the flow pulse (Fig. 5). The PWD spectrum was
smoothed with a 3x3 pixel mean filter, after which the velocity for each line in the
spectrum was calculated as the weighted median velocity using the pixel intensities as
weights. The velocity was determined by calculating the median instead of the mean,
since median values are more robust to outliers. Subsequently, the velocity signal was
low-pass filtered, split in separate cardiac cycles, averaged, and interpolated using the
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Fig. 6 lllustration of the method to extract the velocities from MRI data. The FFE data were used to segment
the vessel wall. This segmentation was subsequently used on the PCA data to extract the velocity profile over
the cross-section. Integrating the velocity profiles results in the flow pulse
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Fig. 7 A lllustration of the various flow parameters extracted from the flow pulse. B Overview of the velocity
boundary conditions for the different CFD simulations
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shape-preserving piece-wise cubic (pchip) method. To preserve the dynamical proper-
ties of the velocity profiles of the separate cycles, the profiles were averaged over the
shortest heartbeat period and interpolated for the average period time [45]. The result-
ing velocity profile (v) was converted to a flow pulse (Q) using the average radius of the
aorta (r), assuming a symmetric velocity profile and a circular cross-section: Q = v - wr2.

For the volunteers, the average radius was obtained from the CD data. To this end, the
color was removed from the CD data and the vessel was manually selected in the first
frame. Subsequently, an in-house developed star-Kalman algorithm was used to segment
the vessel over all frames [46, 47]. The resulting segmentation was smoothed by taking a
Gaussian-weighted average over all frames, and subsequently used to calculate the aver-
age radius. For each frame, the relative velocities were extracted from the CD data by
matching the color of each pixel within the segmentation to the color scale. When the
segmentation was not completely filled with color information, which often occurs in
diastole, the missing data were interpolated. Based on the mean velocity, individual car-
diac cycles were extracted and the average velocity profile for each frame was calculated.
Lastly, the relative velocities were converted to absolute velocities based on the PWD
flow.

However, since the analysis for volunteers showed that it is not feasible to employ CD
data to obtain the velocity profile over the cross-section (sect. Velocity profiles over
cross-section), the average radius was extracted from the PWD data for the patients. To
this end, the upper and lower wall were manually selected on 5 lines perpendicular to
the vessel centerline. The radius was then calculated as the average of the Euclidean dis-
tance between upper and lower points.

Magnetic resonance imaging

The FFE sequence contains anatomical information and is therefore used to segment
the vessel wall, using the same star-Kalman method as used for CD (sect. Ultrasound),
applied to the complement of the FFE image. The PCA data contain pixel intensities (/)
that can directly be converted to velocities using the VENC. For each frame, the veloci-
ties within the aorta were extracted using the FFE-based segmentation. Subsequently,
the velocities were interpolated to a finer grid, smoothed with a 3x3 pixel mean filter
and the borders were interpolated to ensure a smooth transition to zero velocity at the
border. From the velocity profile over the cross-section, the flow at each frame was cal-
culated by integrating the velocities over the vessel area. Finally, the flow pulse was low-
pass filtered and interpolated using again the pchip method.

Velocity and flow comparison

To investigate if US velocity profiles and flow pulses would outperform generic alterna-
tives with respect to MRI, generic profiles were also considered for comparison. For the
velocity profile over the cross-section, a Womersley profile was employed. The Wom-
ersley profile was chosen, based on a comparison between the Womersley, power law,
flat (plug), and parabolic profile, as described in Supplementary Section S1. For the
flow pulse, the generic profile was obtained using the 1D wave propagation model of
Bessems et al. [23, 27, 48], assuming a heart rate of 63.5 beats/min (mean heart rate of all



Fonken et al. BioMedical Engineering OnLine (2024) 23:71 Page 14 of 17

volunteers). The obtained generic profile corresponds well with flow pulses reported in
literature [12, 36].

Percentual point-wise differences in velocities with respect to MRI were calculated for
the US and Womersley velocity profiles over the cross-section at systole, according to
formula 1:

_ ¢LIS/gen — OMRI

s -100%, (1)

b mri
with @ys/gen the quantity resulting from the US or generic case and ¢uz; the quantity
resulting from the MRI case. In this case, the velocity is the quantity of interest.

For the flow pulses, 13 parameters were defined to quantify the flow (Fig. 7A). Percen-
tual differences in flow parameters with respect to MRI were calculated for the US and
generic flow pulses.

Hemodynamics
To examine the combined effect of the velocity profile and flow pulse on the computed
hemodynamics, computational fluid dynamics (CFD) simulations were performed in
Ansys Fluent (Ansys Inc., Canonsburg, PA, USA, 2023R1). CFD was preferred over FSI,
due to the reduced computational costs. In this study, only the differences in hemody-
namics, so not the absolute values, were investigated. As shown in previous studies,
CFD simulations result in an overestimation of the WSS compared to FSI simulations,
but yield similar spatial patterns, and can therefore be employed to evaluate differences
in hemodynamics between different cases [14, 27]. For the volunteers, the aorta was
modeled as a straight tube with the MRI-derived radius and a length of 15 cm, comple-
mented by a parametric bifurcation [27]. For the patients, the 4D US data were utilized
to obtain the patient-specific AAA geometry using the automatic segmentation method
as described by Maas et al. [21]. In proximal direction, the segmentations were elon-
gated by 3 cm. In distal direction, a parametric bifurcation geometry was added [27].
The aortic geometries were converted into triangular surface meshes with a mesh size of
0.4 mm. The volume mesh consisted of 4 layers of prism elements with aspect ratios of 1
with an increase of 20% in element size for each layer. The interior was meshed using tet-
rahedral elements with an increase in element size of 20% and a maximum element size
of 1.4 mm. A mesh sensitivity analysis was performed as part of a previous study [27].
A no-slip condition was assigned to the lumen wall and the shear-thinning behavior of
blood was modeled using the Carreau model [49]. At the outlet(s), a 3-element Windkes-
sel model, consisting of a characteristic impedance, peripheral resistance, and an arterial
compliance, was used to prescribe the pressure. For each outlet, the Windkessel param-
eters were determined using geometrical and mechanical properties of the outlet, and
the mean pressure and outlet flow. The parameters were iteratively optimized to match
the patient-specific blood pressure. A more detailed description of the CFD model can
be found in Fonken et al. [27].

For each participant, three CFD simulations were performed in which the inlet flow
conditions differed as illustrated in Fig. 7B. For the MRI case, both the flow pulse as
the velocity profile over the cross-section were patient-specific. For the US case, only
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the flow pulse was made patient-specific, since the analysis for volunteers showed
that it is not feasible to employ CD data to obtain the velocity profile over the cross-
section (section Velocity profiles over cross-section). Lastly, the generic case repre-
sents the situation in which no patient-specific velocity information was included
in the simulation. In this case, the Womersley profile over the cross-section and the
generic flow pulse, as described in section Velocity and flow comparison, were used.
Additionally, for the volunteers, the separate impact of the velocity profile over the
cross-section on the hemodynamics was investigated by performing simulations with
the MRI and Womersley velocity profile, with the same (MRI) flow pulse.

In all cases, two cardiac cycles were simulated and the systolic wall shear stress
(systolic WSS), time-averaged wall shear stress (TAWSS, Eq. 2), and oscillatory shear
index (OSI, Eq. 3) were evaluated on the last cycle [23]:

1 t
TAWSS =— / |WSS| dt, (2)
T JiT
1 rt
1 - WSS dt
OSI =—(1 — |1Tftt—T—| ) 3)
2 T ft—T |WSS| dt

For the US and generic cases, the percentual point-wise differences with respect to MRI
were calculated for each quantity according to Eq. 1 [27]. Additionally, the normalized
root-mean-square error (nRMSE) with respect to MRI was calculated using Eq. 4:

\/% Zfil((p/i\/IRl - ¢é[5/gen)2

DMRI

nRMSE = . 100%. (4)

For the nRMSE calculation, the most proximal part of the domain, equal to one diam-
eter, was excluded.
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