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Imaging hemodynamics play an important role in the diagnosis of abnormal blood flow due to vascular and valvular diseases as well as in monitoring the recovery of normal blood flow after surgical or interventional treatment. Recently, characterization of turbulent blood flow using 4D flow magnetic resonance imaging (MRI) has been demonstrated by utilizing the changes in signal magnitude depending on intravoxel spin distribution. The imaging sequence was extended with a six-directional icosahedral (ICOSA6) flow-encoding to characterize all elements of the Reynolds stress tensor (RST) in turbulent blood flow. In the present study, we aimed to demonstrate the feasibility of full RST analysis using ICOSA6 4D flow MRI under physiological conditions. First, the turbulence analysis was performed through in vitro experiments with a physiological pulsatile flow condition. Second, a total of 12 normal subjects and one patient with severe aortic stenosis were analyzed using the same sequence. The in-vitro study showed that total turbulent kinetic energy (TKE) was less affected by the signal-to-noise ratio (SNR), however, maximum principal turbulence shear stress (MPTSS) and total turbulence production (TP) had a noise-induced bias. Smaller degree of the bias was observed for TP compared to MPTSS. In-vivo study showed that the subject-variability on turbulence quantification was relatively low for the consistent scan protocol. The in vivo demonstration of the stenosis patient showed that the turbulence analysis could clearly distinguish the difference in all turbulence parameters as they were at least an order of magnitude larger than those from the normal subjects.
Keywords: magnetic resonace imaging, turbulence measurement, turbulent kinetic energy, turbulence production, hemodynamics
INTRODUCTION
Imaging hemodynamics plays an important role in the diagnosis of abnormal blood flow due to vascular and valvular diseases and monitoring the recovery of normal blood flow after surgical or interventional treatment (Ragosta, 2017; Members et al., 2021). Non-invasive measurement of hemodynamic parameters, such as velocity, pressure loss, and perfusion, has been an important marker for the management and therapy of patients with vascular diseases (Ragosta, 2017; Members et al., 2021).
While echocardiography is still a dominant imaging tool for assessing hemodynamics in clinics, volume acquisition of phase-contrast magnetic resonance imaging, also termed 4D flow MRI, is an emerging technique to characterize multi-dimensional features of hemodynamics (Caruthers et al., 2003; Falahatpisheh et al., 2016; Donati et al., 2017). 4D flow MRI quantifies not only the velocity and flow rate, but also provides various dynamic and kinematic properties of the blood flow, such as wall shear stress (WSS) (Barker et al., 2012; Bissell et al., 2013), turbulent kinetic energy (TKE) (Dyverfeldt et al., 2008; Dyverfeldt et al., 2009a; Dyverfeldt et al., 2013), vorticity (Kim et al., 2015; von Spiczak et al., 2015), pressure gradient (Ebbers et al., 2001; Krittian et al., 2012; Donati et al., 2015), and pulse wave velocity (PWV) (Markl et al., 2010; Markl et al., 2012). In addition, numerous applications of 4D flow MRI for different cardiac and vascular diseases have been introduced, and its clinical implications beyond conventional echocardiography or other diagnostic tools have been successfully demonstrated (Stankovic et al., 2014; Ha et al., 2016d; Soulat et al., 2020; Rizk, 2021).
Characterization of turbulent blood flow in the circulation system has received attention from researchers as it provides additional insights into the extent of spatiotemporal velocity fluctuation and the corresponding stress and energy. The development of turbulent flow dissipates kinetic energy into internal energy by viscous shear stress, which elevates the energy and pressure loss accordingly (Pope, 2001). The elevated viscous shear stress due to the stochastic velocity fluctuation also increases damage to the blood components, promoting hemolysis and thrombosis (Mustard et al., 1962; Smith et al., 1972; Sallam and Hwang, 1983; Lu et al., 2001; Yen et al., 2014). As the mechanical stimuli of turbulent flow are detected and transduced into endothelial cells, the pathophysiology of turbulence on the progression of atherosclerosis and vascular remodeling has also been investigated (Davies et al., 1986; Davies, 1989; Prado et al., 2006).
Although turbulence measurement using medical instruments is still challenging, there has been continuing research on turbulence quantification for developing novel hemodynamic markers. Previously, a catheter-based hot-film anemometer was used to quantify the turbulence level in the aortic flow. The turbulent intensity, frequency, and energy density of the normal and stenotic flows were, thus, successfully analyzed (Stein and Sabbah, 1976; Yamaguchi et al., 1983; Hanai et al., 1991). Since the catheter-based method is currently limited due to its invasiveness, turbulence characterization using non-invasive 4D flow MRI has been widely carried out (Dyverfeldt et al., 2006; Dyverfeldt et al., 2008; Dyverfeldt et al., 2009a; Dyverfeldt et al., 2013).
Conventional velocity measurement from the phase image of 4D flow MRI acquisition does not include turbulent flow features. The MRI sequence fills k-space data from multiple cardiac cycles. The reconstructed velocity field inherently is an ensemble average of many repeated signal acquisitions. As the reconstruction of the MRI signal using a discrete inverse Fourier transform gives the representative value of the whole spin signals within the voxel, the voxel data are also spatially averaged (Brown et al., 2014).
Recently, the application of 4D flow MRI for turbulence estimation has been widely demonstrated by utilizing the changes in MRI signal magnitude depending on intravoxel spin distribution (Dyverfeldt et al., 2006; Dyverfeldt et al., 2008; Dyverfeldt et al., 2009a; Dyverfeldt et al., 2013). Previously, TKE, which is the trace of the Reynolds stress tensor (RST), was estimated using the conventional 4D flow MRI sequence for the non-invasive measurement of turbulence in the aortic blood flow (Dyverfeldt et al., 2008). This 4D flow MRI sequence was further extended with a six-directional icosahedral (ICOSA6) flow-encoding scheme to measure all elements of RST, rather than only three diagonal elements, in turbulent flows (Ha et al., 2016e; Ha et al., 2017b; Haraldsson et al., 2018; Ha et al., 2019). Recently, it was found that multi-point flow encoding with a highly under-sampled acquisition successfully quantified the turbulence within ten minutes of scanning (Walheim et al., 2019).
Although preliminary studies on the quantification of full RST using extended 4D flow MRI have demonstrated its potential in medicine, the practical feasibility of turbulence analysis under physiological conditions has rarely been demonstrated. Most in vitro demonstrations have used the steady flow condition to optimize the experimental environments, such as signal-to-noise ratio (SNR) and scan time. A previous study demonstrating multi-point measurement for full RST analysis in two normal subjects and patients with valvular diseases has been the only in vivo study performed till date (Walheim et al., 2019). Therefore, questions still remain to be answered, for example; whether the turbulence analysis provides robust results and what happens if parameter dependency arises in cases for highly pulsatile flows, particularly for in vivo scan conditions.
This study aimed to investigate the performance of full RST analysis using ICOSA6 4D flow MRI under physiological conditions. First, we confirmed the feasibility of the turbulence analysis at different velocity encoding (Venc) conditions using in vitro experiments with a pulsatile flow condition. Second, a total of 12 normal subjects and one patient with aortic stenosis were scanned with the same sequence. The extent of the turbulence parameters from in vivo measurements was analyzed accordingly.
MATERIALS AND METHODS
In-vitro Experimental Setup
In vitro measurements of 4D flow MRI were performed using an acrylic flow phantom and a cardiovascular-mimicking pulsatile flow pump (Figure 1). The stenotic phantom had a 50% reduction in length, which corresponds to a 75% reduction in area with a rectangular cross-sectional shape. The upstream and downstream diameters, without stenosis, were 25 mm. To minimize the entrance effect, 0.3 m of the straight inlet upstream of the stenosis was used to minimize the entrance effect. In addition, the same length of the outlet part was used downstream of the stenosis. The working fluids were a mixture of 60% water and 40% glycerol by mass. The density was 1,053.8 kg/m3, which corresponded to a dynamic viscosity of 3.72 [image: image] 10–3 kg/m s. The working fluid was circulated through the flow phantom with a physiological pulsatile waveform using an in-house cardiovascular pulse duplication pump (Kim et al., 2020). The in-house pulsatile pump uses a programmable piston pump to replicate human aortic blood flow waveforms at 60 beats per minute (bpm). The corresponding Womersley number [image: image] in the pulsatile flow was 16.7, where D is the diameter, [image: image] is the density, [image: image] is the dynamic viscosity, and f is the frequency. The mean and maximum flow rates of the pulsatile flow were 3.95 L/min and 13.1 L/min, respectively. The corresponding peak Reynolds number, [image: image], at the inlet and stenosis regions were 2,735 and 5,471, respectively, where Q is the flow rate and A is the area (Supplementary Figure S1). The temperature of the working fluid was maintained at 20°C during the experiment to maintain the fluid properties. A 30 ml volume of MRI contrast agent (0.5 mmol/kg, gadofosveset trisodium, VasovistVR, Bayer Schering Pharma AG, Berlin, Germany) was mixed to working fluid (40 L) for better SNR during in-vitro measurement.
[image: Figure 1]FIGURE 1 | A schematic for in-vitro experiments.
Recruitment of Normal Subjects and Patient for In-Vivo Study
Twelve healthy volunteers and one patient with severe aortic stenosis were prospectively enrolled in this study. This study was approved by the Institutional Review Board of the Asan Medical Center (approval number: 2020-1698, Seoul, Korea). Written informed consent was obtained from all the participants. Normal subjects were confirmed to have no severe cardiovascular disease from the cardiology department before they were scanned using 4D flow MRI. One patient with severe aortic stenosis was registered for comparison with normal subjects. Echocardiography showed that the patient had a peak velocity of 4.7 m/s, which corresponds to the mean and peak pressure gradients of 53 and 89 mmHg, respectively. A demographic summary of the in vivo subjects is summarized in Table 1.
TABLE 1 | Demographic characteristics of the in-vivo subjects.
[image: Table 1]4D Flow MRI Measurement
The 4D flow MRI measurements for the in vitro experiments were as follows: A commercial 1.5T MRI scanner (1.5T Philips Achieva, Philips Medical Systems, Best, Netherlands) with a 32-channel torso coil performed the ICOSA6 sequence, which was modified to employ icosahedral flow encoding (six-directional) with a single flow-compensated reference encoding. Various velocity-encoding (Venc) parameter values (100–350 cm/s) were selected for the turbulence analysis, and 350 cm/s was used for velocity measurement. The echo time, temporal resolution, flip angle and matrix size were 2.5 ms, 3.9 ms, 10° and 128 × 128 × 25 (2.0 mm isotropic voxel), respectively. To obtain the shortest TE, a partial echo factor was set to 0.725. The total scan time for the in vitro study was approximately 30 min per case.
The 4D flow MRI parameters for the in vivo study, other than those described below, were the same as those for the in vitro experiments. A dStream Flex coil (Philips Medical Systems, Best, Netherlands) was used with various Venc parameters ranging from 80 to 100 cm/s for the normal subjects and 300 cm/s for the stenosis patient for turbulence quantification. TE and temporal resolution were slightly adjusted according to the scan condition, ranging from 1.9 to 2.7 ms and 3.8–4.4 ms, respectively. The matrix size range was 112–128 × 112–128 × 23–30 voxels (2.5–3.0 mm isotropic voxel). The scan time for the in vivo study was approximately 23 min.
Post-processing of 4D Flow MRI Data
Raw data were exported using Pack’n Go and reconstructed offline using ReconFrame (ReconFrame, Gyrotool LLC, Zurich, Switzerland). A custom MATLAB (The MathWorks, Inc., Natick, MA) code was used to solve the linear equations to recover the velocity vector and RST, as described in previous works (Ha et al., 2017a; Ha et al., 2019). To correct the background phase errors, a no-flow velocity field (flow off) was subtracted from the in vitro data (Ha et al., 2019) and weighted 2nd order fitting to static tissue was used for the in vivo data (Ebbers et al., 2008).
Magnitude and velocity images were imported into the ITK-SNAP software (v.3.8.0, University of Utah, Salt Lake City, UT) to segment the aortic flow region. The aorta was subdivided into the ascending aorta (AA), descending aorta (DA), and aortic arch (arch) by the brachiocephalic artery and the left subclavian artery (Figure 2). Aortic branches were excluded from the analysis.
[image: Figure 2]FIGURE 2 | Representative velocity mapping of ICOSA6 4D flow MRI for in-vivo.
4D Flow MRI Turbulence Quantification
The intravoxel velocity variance (IVVV) of the turbulent flow in I direction [image: image] was calculated by dividing the velocity-encoded signal magnitude Si(kv) from the reference signal magnitude S (0) and as Eq. 1 (Dyverfeldt et al., 2009b):
[image: image]
where [image: image] denotes fluctuating velocity component and ‾ denotes an averaging operation.
Orthogonal components (velocity vectors u, v, and w) and covariance components (Reynolds stress tensor Rij, a six-element symmetric tensor in Eq. 2) can be simultaneously calculated by solving linear equations from six non-orthogonal velocity encodings (Figure 3) (Haraldsson et al., 2018; Ha et al., 2019).
[image: image]
[image: Figure 3]FIGURE 3 | Illustration of Reynolds stress measurement and turbulence parameter analysis.
The turbulent kinetic energy TKE with in the flow can be described from the IVVV of each direction as follows:
[image: image]
where [image: image] is the fluid density. The voxel-wise integration of TKE provides total TKE with units of J or mJ.
The maximum principal turbulent shear stress (MPTSS) was estimated using principal stress analysis. MPTSS can be calculated as follows:
[image: image]
where the [image: image] is the eigenvalues of RST [image: image].
Turbulent production (TP) can directly be computed as follows (Ha et al., 2017a; Ha et al., 2019):
[image: image]
Here, Sij denotes the strain rate tensor of the velocity field. Voxel-wise integration of TP and multiplying the density provides a total TP with a unit of W or mW.
The turbulence parameters near the luminal surface were estimated separately to estimate the impact of turbulence on the vessel wall. Near-wall TKE (nwTKE), near-wall MPTSS (nwMPTSS), and near-wall TP (nwTP) were calculated as previously described (Ziegler et al., 2017). In short, for near-wall estimation, the number of turbulence parameters near the luminal surface was obtained using a convolution kernel with a 3 [image: image] 3 mean filter.
Statistics
A Shapiro–Wilk test was performed to check the normality of the data. The parametric data were described as mean ± standard deviation, while non-parametric data were described as median (1st quartile, 3rd quartile) throughout the manuscript.
RESULTS
In-vitro Turbulence Quantification Under Pulsatile Flow
The ICOSA6 4D Flow MRI successfully visualized the pulsatile flow waveform that generated a strong jet flow through the stenosis (Figure 4). These turbulence parameters exhibited the highest values around the boundary layer of the jet flow. Turbulence parameters (TKE, MPTSS, and TP) started to increase during the early systole phase and reached a maximum at the peak systole phase of the cycle (Figures 4, 5). The mean and peak velocity during the pulsatile cycle were 0.83 m/s and 2.26 m/s and corresponding flow rates were 3.95 L/min and 13.1 L/min, respectively.
[image: Figure 4]FIGURE 4 | Temporal variation of (A) Velocity, (B) turbulent kinetic energy (TKE), (C) maximum principal turbulent shear stress (MPTSS), (D) turbulence production (TP) through the stenosis at Venc of 200 cm/s.
[image: Figure 5]FIGURE 5 | Temporal variation of (A) Flow rate, (B) total TKE, (C) Average MPTSS, (D) total TP, (E) Peak velocity, (F) nwTKE, (G) nwMPTSS, and (H) nwTP at different Venc parameters. Note that the flow rate and peak velocity are only measured at Venc of 350 cm/s.
The quality of turbulence quantification was dependent on the Venc parameter, which determines the SNR of the measurement (Figures 5, 6). The effect of the Venc-dependent SNR on turbulence quantification varied with the turbulence parameters. The measurement with a higher Venc resulted in a higher noise level in TKE (Figures 5, 6A). The maximum difference due to Venc was 26.9 and 10.3% for the mean and maximum total TKE, respectively (Table 2). In contrast, a higher Venc resulted in a noise-induced bias in the MPTSS and TP (Figures 6B,C). Mean and maximum MPTSS at Venc = 350 cm/s were 5.1 and 3.0 folds larger than those at Venc = 100 cm/s. Mean and maximum total TP at Venc = 350 cm/s were 2.4 and 1.4 folds larger than those at Venc = 100 cm/s. The near-wall turbulence parameters exhibited similar behaviors (Table 2).
[image: Figure 6]FIGURE 6 | Effect of Venc on (A) TKE, (B) MPTSS, (C) TP at peak systole.
TABLE 2 | Summary of turbulence parameters from the in-vitro experiments.
[image: Table 2]In-vivo Turbulence Analysis
Twelve normal volunteers were scanned with the ICOSA6 sequence to perform flow and turbulence quantification. The blood flow through the aortic valve developed a high-velocity jet flow in the ascending aorta (Figure 7). TKE, MPTSS, and TP mapping at the peak systole phase clearly visualized the local development of turbulence with a reasonable SNR (Supplementary Figures S2–S5).
[image: Figure 7]FIGURE 7 | Comparison hemodynamics in normal subjects and patient with severe aortic stenosis. Note that representative normal subject (case #1) was used for color mapping. Values for the normal subject are median (1st quartile, 3rd quartile) of the data. Velocity, TKE, MPTSS and TP for all normal subjects are also shown in the Supplementary Figures S2–S5.
Most of the hemodynamic parameters of the normal subjects were within the confined range (Figure 8). The peak velocities of the normal subjects were 1.2 m/s (1.2 m/s, 1.3 m/s). Data are shown as median (1st quartile, 3rd quartile). The total TKE, MPTSS and TP of the normal subjects at the peak systole were 4.6 mJ (3.1 mJ, 5.9 mJ), 71.3 Pa (58.7 Pa, 79.8 Pa), 365.7 mW (263.8 mW, 425.0 mW), respectively. Among them, most of the turbulence was focused on the ascending aorta.
[image: Figure 8]FIGURE 8 | Boxplot of peak systolic (A) velocity, (B) total TKE, (C) average MPTSS, (D) total TP and diastolic (E) velocity, (F) total TKE, (G) average MPTSS and (H) total TP.
The turbulence parameters at the diastolic phase were significantly smaller than those at the peak systolic phase. Total TKE and total TP were at least an order of magnitude smaller than those at the peak systolic phase. The average MPTSS was approximately one-third of that at the peak systole phase (Figure 8 and Table 3). The total TKE, MPTSS and total TP of the normal subjects at the diastolic phase were −0.2 mJ (−0.3 mJ, −0.1 mJ), 19.3 Pa (16.1 Pa, 22.1 Pa), 8.6 mW (6.6 mW, 12.3 mW), respectively. While the total TKE values at the diastolic phase were almost negligible regardless of the vascular region, almost half of the MPTSS and total TP developed at the ascending aorta.
TABLE 3 | Summary of turbulence parameters from the in-vivo normal subjects.
[image: Table 3]The near-wall turbulence parameters were the largest in the ascending aorta (Table3 and Supplementary Figure S6). The nwTKE, nwMPTSS and nwTP of the ascending aorta at the peak systole were 69.0 J/m3 (47.7 J/m3, 78.2 J/m3), 80.4 Pa (72.2 Pa, 94.4 Pa), 5,634.0 W/m3 (4,175.9 W/m3, 6,771.9 W/m3), respectively, while those of the whole aorta were 44.1 J/m3 (34.8 J/m3, 57.4 J/m3), 72.1 Pa (61.2 Pa, 80.9 Pa), 3,620.8 W/m3 (3,160.1 W/m3, 4,627.6 W/m3), respectively. Diastolic nwTKE and nwTP were at least an order of magnitude smaller than those at the peak systolic phase. The nwMPTSS was approximately one-third of that at the peak systole phase (Table 3).
The in vivo demonstration of ICOSA6 turbulence quantification for a stenosis patient with an aortic velocity of 3.6 m/s showed that all turbulence parameters were at least an order of magnitude larger (Figure 7). The total TKE, MPTSS, and total TP of the patient at the peak systole were 27.8, 618.4 Pa and 7,636.4 mW, respectively.
DISCUSSION
This study focuses on demonstrating the performance of full RST analysis using ICOSA6 4D flow MRI under physiological conditions. The key results of the study are as follows:
1) Turbulence quantification from in vitro pulsatile flow experiments can be affected by the SNR of the measurement. The effect of the Venc-dependent SNR on turbulence quantification varied with the turbulence parameters. While total TKE was less affected, MPTSS and TP had a noise-induced bias.
2) An in vivo study of normal subjects showed that most of the hemodynamic parameters were within the confined range. The impact of the subject-variability on turbulence quantification was relatively low for the consistent scan protocol.
3) The in vivo demonstration of the stenosis patient showed that the turbulence analysis could clearly distinguish the differences of all turbulence parameters as they were at least an order of magnitude larger than those from the normal subjects. The discrepancy between the normal and patient was much larger than the effect of SNR.
Validation of novel hemodynamic parameters under various conditions is crucial for the transition of a new biomarker from research to clinical routine. Since the TKE estimation using 4D flow MRI was demonstrated at the in vitro stenotic flow phantom (Dyverfeldt et al., 2006), various subsequent experiments confirmed the feasibility of the method under various measurement conditions (Dyverfeldt et al., 2006; Ha et al., 2016a; Petersson et al., 2016; Ziegler et al., 2017). Based on the results of in vitro experiments, TKE has been widely investigated as a clinical biomarker (Dyverfeldt et al., 2013; Zajac et al., 2015; Fredriksson et al., 2018; Ha et al., 2018). In contrast to TKE, other turbulence parameters from the RST have not yet been investigated. Since full RST measurements were demonstrated (Haraldsson et al., 2018), the following studies have attempted to study the accuracy and robustness of the RST measurement under limited steady flow conditions (Ha et al., 2020; Kim et al., 2021). The present study strengthens the feasibility of full RST analysis by adding the results under physiological pulsatile flow conditions. It is noted that the sample size for the in vivo normal study was small. We added one patient data set to show that the degree of turbulence in the patient is at least an order of magnitude higher than in the normal subjects. Elevated turbulence level in patients with valvular and vascular disease has also been reported previously (Dyverfeldt et al., 2008; Dyverfeldt et al., 2013). Adding a few more patients would not affect the results of the present study. Successful demonstration of RST analysis for a small group of in vivo studies will be an important bridge for upcoming large clinical trials.
The turbulence parameters from the full RST characterize different clinical aspects of turbulent flow. TKE is the kinetic energy associated with eddies in turbulent flow. Physically, TKE is a measure of how much turbulent energy is currently developed due to vascular coactation or valvular stenosis. The MPTSS indicates the extent to which shear stress is developed due to turbulence. Elevation of turbulent shear stress on the vessel wall or blood components can describe the risk of hemolysis (Grigioni et al., 1999). TP indicates how much TKE is produced, which will eventually dissipate. This indicates how much energy is taken from the mean flow to produce turbulence, and how much energy is dissipated into internal energy such as heat (Tennekes and Lumley, 1972). The TP has been investigated to indicate the irreversible pressure loss due to turbulence (Ha et al., 2019). Although conventional 4D flow MRI can also measure TKE, MPTSS and TP, it can only be estimated with full elements of the RST. The ICOSA6 4D flow MRI used in this study provides all turbulence parameters in compensation for three additional flow encodings and corresponding scan times.
The in vitro demonstration shows that the effect of the SNR on the turbulence quantification differs between the turbulence parameters. The Venc-dependent SNR adds the Gaussian noise distribution on TKE unless too much turbulence causes the flow-encoded signal magnitude to be less than the noise level (Dyverfeldt et al., 2009b; Ha et al., 2016a). Therefore, the choice of Venc affects the uncertainty of the TKE, but not the accuracy. The TKE results from the present study agree with those of previous studies. Compared to the measurement at the lowest Venc, higher Venc measurements showed larger noise-induced fluctuations (Figure 5). In contrast to TKE, MPTSS largely varied with the SNR. MPTSS is estimated from the eigenvalues of the RST, which are the solutions of the characteristic equation (Fung, 1977). The coefficients of the characteristic equation are obtained from the summation and multiplication of the RST elements. Therefore, the Gaussian noise distribution on the elements of the RST does not produce the same noise distribution on the MPTSS. When the MPTSS is expressed with the principal stress, it includes the square root of the principal stress squared. Therefore, a higher noise level increases the MPTSS, as shown in Figures 5, 6. The overestimation of MPTSS was also described in a previous study using Monte Carlo simulation (Walheim et al., 2019). While it was less obvious than MPTSS, TP also showed a Venc-dependent bias. The mean and maximum MPTSS at Venc = 350 cm/s were 5.1 and 3.0 folds larger than those at Venc = 100 cm/s, and the mean and maximum total TP were 2.4 and 1.4 folds larger at the same conditions. Considering that the clinical protocol for turbulence quantification using 4D flow MRI usually uses the same or similar parameters for all cohorts, such large discrepancies due to Venc-dependent SNR changes will only be shown in the worst-case scenario (Dyverfeldt et al., 2008; Dyverfeldt et al., 2013).
The subject-variability including subject-dependent SNR-variability played a minor role in turbulence quantification in the in vivo study. Hemodynamic parameters for the normal subjects were relatively similar despite a wide spectrum of age and corresponding height, weight, and cardiovascular indices (Figure 5 and Table 1). This was mostly because consistent scan parameters were used throughout the in vivo study. Venc between 80 cm/s to 100 cm/s and the voxel resolution between 2.5 and 3.0 mm were used for the normal subjects. Despite the in vitro experiments on steady flow, a previous study also showed that the turbulence quantification changes less than 11.5% for TKE and 33.9% for TP when the practical range of Venc between 100 cm/s and 200 cm/s was used (Ha et al., 2020). Walheim et al. also analyzed the effect of the SNR on the turbulence parameters (Walheim et al., 2019). Monte-Carlo simulation from the study also showed that SNR played a minor role in TKE and MPTSS compared to the effect of image resolution.
The feasibility of ICOSA6 4D flow MRI for patients with aortic stenosis showed that the turbulence analysis could clearly distinguish the differences in all turbulence parameters. TKE, MPTSS, and TP were at least an order of magnitude larger than those in the normal subjects. It is noteworthy that the optimum choice of Venc for 4D flow MRI turbulence quantification is related to the extent of turbulence in the flow. The use of a very small Venc value may result in excessive turbulence-related signal loss, which can lead to the underestimation of turbulence parameters owing to the Rician noise distribution (Dyverfeldt et al., 2009a). For this reason, usually, a larger Venc for stenotic flow than that for normal aortic flow is used (Dyverfeldt et al., 2013). Therefore, the turbulence parameters for the patient can be overestimated, particularly for the MPTSS and TP. Considering that the in vitro study showed that maximum MPTSS and TP at Venc = 350 cm/s were 3.0 folds and 1.4 folds larger than those at Venc = 100 cm/s, the elevation of turbulence parameters in the stenosis patient observed in this study is far beyond the effect of the Venc-dependency effect. However, care should be taken when turbulence parameters from different Venc parameters are to be compared.
It should be noted that turbulence measurement using 4D flow MRI can result in unphysical values, such as negative TKE at some voxels. This phenomenon is mostly due to background noise in the magnitude image. Since, the development of turbulence increases the signal loss in the flow-encoded image, the turbulence level is quantified by determining the signal loss in the flow-encoded image compared to the reference image (Dyverfeldt et al., 2009b). When turbulence-related signal loss is relatively small because the extent of turbulence is negligible or the first moment of bipolar gradient is too small to produce intravoxel dephasing, there are some chances for some voxels of the flow-encoded image have larger intensity than those of the reference image (Ha et al., 2016a). In contrast, the signal loss at the flow-encoded image quantifies the positive IVVV; a larger intensity in the flow-coded image is interpreted as negative IVVV. In general, this noise distribution affects the voxel-wise TKE but has less effect on the total TKE because the noise cancels out during the volumetric integration (Ha et al., 2016b). Despite volumetric integration, some extent of uncertainty may still affect the results, so that total TKE becomes negative when the turbulence is almost negligible (Ha et al., 2016b). To minimize the effect of noise on turbulence quantification, multi-Venc measurements have been used to optimize the results by finding the best possible estimates (Ha et al., 2019). A recent study filtered negative diagonal components of the RST to enforce positive IVVV (Marlevi et al., 2020). Filtering based on the physically realizable states of turbulence was also considered (Andersson et al., 2021).
The increased acquisition time of ICOSA6 4D flow MRI has been an inherent drawback for clinical use. Unlike conventional four-directional encoding, this sequence employs seven flow encodings, which increase the scan time by up to 75%. However, recent developments in various acceleration techniques, including compressed sensing and local low-rank, have been successfully applied to reduce the scan time without sacrificing the critical flow information (Zhang et al., 2015; Ma et al., 2019). In addition, Walheim et al. reported that faster turbulence quantification can be performed within ten minutes using highly under-sampled 5D flow MRI acquisition with locally low-rank image reconstruction (Walheim et al., 2019). We speculate that the scan time of turbulence quantification will become trivial as acceleration techniques are further developed.
It is noted that this study does not include the validation of MRI turbulence measurements against other engineering flow measurements. However, the feasibility and validation of MRI turbulence measurements have been previously demonstrated again laser Doppler anemometer (Dyverfeldt et al., 2006), particle image velocimetry (Knobloch et al., 2014; Ha et al., 2016c), and computational fluid dynamics (Petersson et al., 2016).
One of the limitations of the present study is that the uncertainty level of each measurement has not been presented. This would require multiple measurements of the same flow conditions, which is not feasible for in-vivo subjects due to the long scan time. Instead, the present study investigated the same flow conditions at different Venc and SNR. In addition, a level of uncertainty for in-vivo measurements has been studied by observing the range of the turbulence parameters in the normal cohort.
Another limitation of the present study is that the sample size for the in vivo normal study was small. The current results do not represent the true normal turbulence level. Based on the successful demonstration of turbulence analysis for a small group study, this will trigger upcoming large clinical trials. The atlas of turbulence parameters at different age, sex, and disease groups will be followed in the future.
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The role of wall shear stress (WSS) in atherosclerotic plaque development is evident, but the relation between WSS and plaque composition in advanced atherosclerosis, potentially resulting in plaque destabilization, is a topic of discussion. Using our previously developed image registration pipeline, we investigated the relation between two WSS metrics, time-averaged WSS (TAWSS) and the oscillatory shear index (OSI), and the local histologically determined plaque composition in a set of advanced human carotid plaques. Our dataset of 11 carotid endarterectomy samples yielded 87 histological cross-sections, which yielded 511 radial bins for analysis. Both TAWSS and OSI values were subdivided into patient-specific low, mid, and high tertiles. This cross-sectional study shows that necrotic core (NC) size and macrophage area are significantly larger in areas exposed to high TAWSS or low OSI. Local TAWSS and OSI tertile values were generally inversely related, as described in the literature, but other combinations were also found. Investigating the relation between plaque vulnerability features and different combinations of TAWSS and OSI tertile values revealed a significantly larger cap thickness in areas exposed to both low TAWSS and low OSI. In conclusion, our study confirmed previous findings, correlating high TAWSS to larger macrophage areas and necrotic core sizes. In addition, our study demonstrated new relations, correlating low OSI to larger macrophage areas, and a combination of low TAWSS and low OSI to larger cap thickness.
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INTRODUCTION
Atherosclerosis is a gradually progressing disease of the arteries characterized by vessel wall thickening due to the accumulation of lipids and inflammatory cells. This is referred to as plaque formation. Atherosclerosis is a multifactorial disease that can be aggravated not only by lifestyle factors, such as high caloric diet, physical inactivity, and smoking, but also by genetic factors. The initiation of plaque formation, however, has been strongly linked to a hemodynamic parameter: wall shear stress (WSS). WSS is the frictional force exerted by flowing blood on the vessel wall. Atherosclerotic plaques form at predetermined locations where WSS is low and/or oscillatory, which increases endothelial cell permeability and subsequent retention of lipoproteins (Lusis, 2000) and regulates pro-inflammatory signaling pathways in the endothelium, resulting in an increased influx of inflammatory cells (Gimbrone and García-Cardeña, 2013). The causal role of WSS in plaque initiation is evident (Kwak et al., 2014; Cunningham and Gotlieb, 2005); however, the influence of WSS on plaque progression is less clear. Initial plaque growth is generally accompanied by outward remodeling and preservation of low and/or oscillatory WSS levels. With disease progression, however, plaques will start to intrude the lumen, thereby affecting local hemodynamics. Upstream and at the throat of the plaque, WSS levels are high, while low WSS is found downstream (Slager et al., 2005). Based on their composition and the resulting risk of rupture, plaques are classified as stable or vulnerable. Vulnerable plaques are characterized by a thin cap, covering a large necrotic core (NC), and often present with high inflammatory activity and decreased smooth muscle cell content (Schaar et al., 2004). Intra-plaque hemorrhage (IPH) can also be present (Virmani et al., 2000). The morphology and composition of advanced plaques were shown to be inhomogenous, both in the axial and in the circumferential direction (Richardson et al., 1989; Dirksen et al., 1998; Burke et al., 1999; Wentzel et al., 2003; Cicha et al., 2011), which could indicate a relation between local hemodynamics and plaque composition. In addition, plaque rupture is most often encountered at the high WSS–exposed upstream site (de Weert et al., 2009). The interplay between WSS and plaque composition is a subject of debate: both low and high WSS have been linked to features of plaque vulnerability (Lovett and Rothwell, 2003; Cicha et al., 2011; Eshtehardi et al., 2012; Wentzel et al., 2012; Vergallo et al., 2014; Tuenter et al., 2016; Yamamoto et al., 2019). However, these studies differ in imaging modality used for assessing plaque composition, complicating one-to-one comparison of their results. In addition, studies of the carotid artery are often based on assumed WSS levels (Dirksen et al., 1998; Lovett and Rothwell, 2003; Fagerberg et al., 2010) or used animal models, which are not truly representative (Winkel et al., 2015; Daugherty et al., 2017). Since histology is the gold standard for the assessment of human plaque composition in high resolution, we previously developed a framework for accurate registration of MRI-derived WSS patterns to histological cross-sections (Moerman et al., 2019). In this study, we investigated the correlation between WSS and histologically identified components of plaque vulnerability in a dataset of advanced human carotid atherosclerotic plaques.
METHODS
MR Imaging, Tissue Collection, and Histological Processing
MR imaging, tissue collection, tissue processing, and image registration procedures have been described in detail elsewhere (Moerman et al., 2019). In short, we imaged the carotid bifurcations of 11 patients scheduled for carotid endarterectomy (CEA) surgery in a 3.0-T MRI scanner (GE Healthcare, Milwaukee, United States). The MRI protocol consisted of a 3D black-blood fast spin-echo (3D-BB-FSE) sequence with variable flip angles (TR/TE: 1000/16 ms; FOV: 15 cm; slice thickness: 0.8 mm; matrix: 160 × 160; number of excitations 1; scan time: 190 s), which was optimized for visualizing lumen and outer wall geometry. CEA specimens were collected within 30 min after surgical resection, snap-frozen in liquid nitrogen, and stored at −80°C until ex vivo scans and histology were performed. Upon processing, CEA specimens were thawed, fixed in 4% formaldehyde, and immersed in PBS. Ex vivo MRI scans (T2w fast recovery FSE (frFSE); TR/TE: 2,500/66 ms; in-plane resolution: 0.1 × 0.1 mm; slice thickness: 0.5 mm; matrix: 256 × 256; scan time: ∼20 min; number of slices: 66) were performed using a 7.0-T MRI scanner (7.0T Discovery MR901, GE Healthcare, Milwaukee, United States).
CEA specimens were decalcified and cut into 1 mm thick consecutive axial cross-sections. “En face photos” were taken (IXUS 60, Canon, Tokyo, Japan) of the proximal side of each cross-section. The en face photos contained landmarks to facilitate registration of each en face photo to the photo of the adjacent cross-section, enabling reconstruction of a 3D stack of en face photos. After photographing, the 1-mm-thick axial cross-sections were embedded in paraffin. Each paraffin block was cut into consecutive 5 µm thick sections, which were processed for a series of histochemical staining procedures, that is, Miller’s elastic stain, hematoxylin–eosin, Martius scarlet blue, and Picrosirius red, as well as two immunohistological staining procedures for macrophages (CD68, Abcam, United Kingdom) and endothelial cells (CD31, Abcam, United Kingdom). For each tissue section, compositional characteristics of plaque vulnerability, that is, necrotic core (NC) and the IPH-associated protein fibrin, were delineated in a segmentation image (BioPix iQ3.2). This segmentation was based on the total set of histochemical stains. Based on the immunohistological staining for CD68, we made segmentation masks of the CD68-positive pixels by applying a color deconvolution filter in Fiji (Ruifrok and Johnston, 2001; Schindelin et al., 2012). Tissue areas containing artifacts and NC led to false-positive results and were removed from CD68-positive pixel selection.
Computational Fluid Dynamics for Wall Shear Stress Calculation
Lumen contours of the stenosed bifurcations were delineated on the in vivo MRI scan using ITK-snap (Yushkevich et al., 2006) and exported as surface geometry VMTK (Antiga et al., 2008) was used for surface smoothing and centerline calculation. Clipping of inlet and outlets normal to the centerline was performed in ICEM (ANSYS ICEM 17.1, United States), and flow extensions were applied on the inlet and outlets using the VMTK. The length of the added flow extensions was five times the radius of the inlet or outlets. Subsequently, ICEM was used to generate a volume mesh containing on average 7 million elements. The volume mesh consisted of tetrahedral elements with five layers of prism elements at the wall. On the inlet of the common carotid artery (CCA), we applied a transient flow velocity profile using the theory of Womersley (Xu et al., 2018). This transient profile was based on the average flow waveform over one heart cycle and the heart rate reported by Lee et al. (2008). For each patient, the transient flow waveform was scaled to obtain an average WSS in the common carotid artery of 0.9 Pa (Lee et al., 2009) (Gnasso et al., 1997). As outlet boundary condition, the relative outflow to the internal carotid artery (ICA) and external carotid artery (ECA) was defined based on the stenosis degree (Groen et al., 2010). Blood density was set to 1060 kg/m3, and non-Newtonian fluid behavior was mimicked by the Carreau–Yasuda model using the parameters reported by Seo et al. (2005). The Navier–Stokes equations were solved numerically (ANSYS Fluent 17.1, United States) (convergence criteria: 1E-4 for continuity residual; 1E-5 for x-velocity, y-velocity, and z-velocity residuals; time step was 0.004 s) over 2 heart cycles. Time-dependent time-averaged wall shear stress (TAWSS) and oscillatory shear index (OSI) (Ku et al., 1985) were computed over the second heart cycle to account for initialization effects.
Image Registration of MRI, CFD, and Histology
Image registration was performed according to the methods we described previously (Moerman et al., 2019). In short, via a series of rigid and nonrigid image registrations and transformations, the in vivo MRI lumen and its corresponding WSS map were transformed consecutively to the ex vivo and the en face image domain. Histology images were axially stacked and registered to the en face domain as well, resulting in co-registration of in vivo MRI-derived WSS and histology.
Analysis and Exclusion Criteria
For a detailed description of data selection and analysis procedures, we refer to our previous publication (Moerman et al., 2019). In short, WSS patterns were axially averaged over −0.3 mm to +0.3 mm with respect to the axial location of the nearest histology section. Transversally, the WSS distribution over each lumen was discretized into eight radial bins (bin radius 45°). The points on the centerline of the transformed 3D WSS map were used as center points to create the radial bins. Plaque component measures were averaged in each radial bin. Per bin, we investigated the relation between local WSS and tissue composition of total intima depth. The dataset of 11 CEA samples yielded 183 axial cross-sections, of which 87 (48%) were included in the final analysis, yielding a total of 696 radial bins, of which 511 (73%) were included in the final analysis.
We excluded data, both axial cross-sections and radial bins, based on a set of criteria. Axial cross-sections were excluded if A) a part of the excised CEA lumen showed severe and nonuniform deformation with respect to the rest of the lumen, for example, large lumen collapse in the ICA compared to the CCA. The applied nonrigid lumen registration algorithms act on the global 3D geometry and are not able to correct for local severe tissue deformations; thus, accurate registration was impaired in such cross-sections. B) Lumen diameter on in vivo MRI was <3 pixels and/or showed a very large axial gradient. As discussed previously (Moerman et al., 2019), the applicability of our method should be carefully assessed in these cases since WSS calculations in highly stenotic areas are very sensitive to minor variations in lumen size, and a small mismatch in registration accuracy in regions with large axial gradients has a relatively large effect on the relation found between WSS and plaque composition. C) Low signal-to-noise ratio of the in vivo MRI images, which impaired reliable lumen segmentation. The radial bins were excluded based on the presence of 1) histological processing artifacts, 2) a mismatch in lumen registration between en face and histology images, or 3) a mismatch in lumen registration between in vivo MRI and en face images (Moerman et al., 2019). For the included radial bins, we quantified registration performance by calculating the average Hausdorff distance (HD) and dice similarity coefficients (DSCs) between en face and histology lumen segmentations and en face and in vivo MRI lumen segmentations (Moerman et al., 2019).
Statistical Analysis
The range of absolute TAWSS and OSI values varied per artery. To define low, mid, and high WSS metric regions within each artery, patient-specific TAWSS and OSI tertiles were calculated. Statistical analysis was performed using a linear mixed effects model: WSS tertiles or OSI tertiles were set as a fixed factor and patient as a random factor. In addition, we tested the combination of WSS tertiles and OSI tertiles, including their interaction term, in one model to estimate the various parameters. Bonferroni correction was applied to adjust for multiple comparisons between WSS tertiles. The estimated means and standard error are reported. P-values < 0.05 were considered statistically significant.
RESULTS
Registration Performance
The dataset of 11 CEA samples yielded 183 axial cross-sections, of which 87 (48%) were included in the final analysis. Ninety-six axial cross-sections were excluded; the majority of exclusions (59) were due to severe nonuniform deformation in the excised tissue or processing artifacts. Twenty axial cross-sections were excluded because the in vivo lumen was highly stenotic or had a large axial gradient, impairing accurate lumen segmentation for CFD simulations. Seventeen cross-sections were excluded because of bad signal-to-noise ratio on in vivo MRI. The 87 included axial cross-sections were divided into 8 radial bins, yielding a total of 696 radial bins, of which 511 (73%) were included in the final analysis. The majority of excluded radial bins (111) presented with histological artifacts. After the exclusion procedure, registration accuracy of the remaining dataset was quantified by calculating the dice similarity coefficient (DSC) and Hausdorff distance (HD) between the lumen segmentations of the en face and histology cross-sections and between the en face and the transformed in vivo cross-sections. For the histology-to-en face registration, we found a mean HD of 0.55 ± 0.07 (SEM) mm and a mean DSC of 0.85 ± 0.02 (SEM). The registration performance between in vivo MRI and en face was slightly better: the mean HD was 0.36 ± 0.06 (SEM) mm and the mean DSC was 0.91 ± 0.02 (SEM). These values were in the order of magnitude of previously reported similarity indices, describing registration of images of CEA specimens by multiple imaging modalities (Boekhoven et al., 2013).
Wall Shear Stress Patterns in Advanced Carotid Atherosclerosis
In Figure 1 the TAWSS and OSI patterns on a carotid bifurcation are shown. In all included carotid arteries, relatively high TAWSS was mainly located at the flow divider, at the ECA inlet, and upstream to and at locations of the maximally narrowed lumen. Low TAWSS was mainly found in the proximal CCA, at the lateral side of the carotid bulb, and at sites of relative lumen dilation. High OSI was generally found at the lateral side of the carotid bulb and downstream of stenoses, while low OSI was seen in relatively straight arterial segments, such as the proximal CCA, and at sites of lumen narrowing. The range of absolute TAWSS and OSI values varied per artery. After registration of the WSS maps to histology, WSS values were axially and radially averaged. In Table 1 the patient-specific tertile boundaries and the ranges of average TAWSS and OSI values, after registration and averaging per bin, are reported. In Table 2, the co-occurrences of TAWSS and OSI tertile values are reported. An inverse relation between TAWSS and OSI tertile values was most frequently encountered, but other combinations were also found.
[image: Figure 1]FIGURE 1 | (A) Time-averaged wall shear stress (TAWSS) and (B) oscillatory shear index (OSI) values on a carotid bifurcation included in the dataset.
TABLE 1 | Patient-specific tertile boundaries and ranges of wall shear stress (WSS) metrics averaged on radial bins. TAWSS, time-averaged WSS; OSI, oscillatory shear index.
[image: Table 1]TABLE 2 | Co-occurrence of TAWSS and OSI tertiles.
[image: Table 2]Histologically Determined Plaque Composition in Advanced Carotid Atherosclerosis
In Figure 2, a selection of representative histological cross-sections is shown, along with the segmentation of lumen, fibrin, intima, NC, and macrophages. In general, histological cross-sections originating from the CCA showed a thickened intima with one or more NCs and small, elongated patches of macrophages. Both the NCs and the macrophages were generally located from the lumen up to a depth of half of the intima (Figure 2A). Relatively small fibrin areas could be observed as well. When moving from the proximal to distal region through the bulb, the plaque thickness varied in circumferential direction: plaque area and NC size were larger at the lateral side of the bifurcation (Figures 2B,C). Largest plaque area and eccentric plaque growth were observed in cross-sections harvested from the ICA (Figures 2D,E). Large NCs were present and showed large fibrin-positive areas. In these cross-sections, macrophages were generally distributed around the circumference of the lumen, were present in the cap, and were also seen deeper in the intima and at the edges of the NCs (Figure 2E). The amount of fibrous tissue was relatively low compared to proximal axial locations.
[image: Figure 2]FIGURE 2 | (A–E). Selection of typical histology cross-sections of carotid plaques seen when moving from proximal to distal along the length of the carotid plaque. Cross-sections (A–C) are seen proximal to the flow divider and (D,E) distal to the flow divider. Row 1: Miller’s elastic stain. Row 2: segmentation of the necrotic core (NC), fibrin, and artifact, based on the combination of histochemical staining procedures performed. Row 3: CD68+ immunohistochemical stain. CD68-positive areas are marked in red. Row 4: segmentation of CD68+ stained slides, showing macrophage areas, NC, and artifacts.
Relation Between Wall Shear Stress Metrics and Plaque Composition
For all included radial bins, we compared the average TAWSS and OSI levels, subdivided into patient-specific low, mid, and high tertiles, to the composition of the underlying plaque (NC area, fibrin area, macrophage area, and cap thickness). In Figure 3, the relations between WSS metrics and plaque composition are visualized. When considering the plaque composition of the total intimal area per radial bin, we found significantly larger NC areas in plaque regions exposed to high TAWSS, compared to low TAWSS (p = 0.000) and mid TAWSS (p = 0.004). In addition, we found significantly larger NC areas in plaque regions exposed to low OSI, compared to high OSI (p = 0.000) and mid OSI (p = 0.007). Regarding macrophage area, we found significantly larger macrophage areas in regions exposed to high TAWSS than in regions exposed to low TAWSS (p = 0.007). In addition, we found significantly larger macrophage areas in plaque regions exposed to low OSI, compared to high OSI (p = 0.002) and mid OSI (p = 0.002). When different combinations of TAWSS and OSI tertile values were analyzed, we found a significantly larger cap thickness in plaque regions exposed to both low TAWSS and low OSI, compared to low TAWSS and high OSI (p = 0.013). In the regions exposed to low OSI, a trend is observed for decreasing cap thickness with increasing TAWSS (low vs. mid TAWSS p = 0.076 and low vs. high TAWSS p = 0.060). No relations were found between the WSS metrics and fibrin area.
[image: Figure 3]FIGURE 3 | Relations between WSS metrics and plaque compositional characteristics. In high TAWSS-exposed regions and low OSI-exposed regions, a larger NC area and macrophage area are found. At low TAWSS and low OSI, a larger cap thickness is found. Data are presented as estimated mean +standard error. *p < 0.05.
DISCUSSION
This was the first study that was able to make a direct comparison between local WSS metrics and histologically determined compositional characteristics of plaque vulnerability in a substantial number of human carotid plaques. The applied image registration pipeline allowed for a very accurate, localized assessment of this relation. We were able to take into account not just axial but also rotational matching of WSS and histology. Our cross-sectional analysis showed a relation between NC area and macrophage area with high TAWSS, as well as low OSI in advanced carotid atherosclerosis. Of these correlations, only a relation between presumed (because of the upstream location) high TAWSS and macrophage area was previously reported (Dirksen et al., 1998; Fagerberg et al., 2010). The relations between high TAWSS and cap thickness (Wentzel et al., 2013) in human coronaries and high TAWSS and IPH (Groen et al., 2007; Tuenter et al., 2016) in human carotids (Dirksen et al., 1998; Fagerberg et al., 2010), as previously reported, were not present in this dataset. When analyzing combinations of TAWSS and OSI tertile values, we found a significantly larger cap thickness in plaque regions exposed to both low TAWSS and low OSI, compared to low TAWSS and high OSI. The observed trend for decreasing cap thickness with increasing TAWSS in regions exposed to low OSI confirmed previous findings.12,20
Wall Shear Stress Patterns in Advanced Carotid Atherosclerosis
The TAWSS patterns observed in this set of carotid arteries were in line with findings previously described in the literature (Ku et al., 1985; Kaazempur-Mofrad et al., 2004; Ladisa et al., 2010; Gallo et al., 2016; van Ooij et al., 2018; Vamsi Krishna et al., 2020). That is, low TAWSS was present at the CCA, at the lateral side of the carotid bulb, while high TAWSS was mainly seen at the upstream side of lumen stenoses. Generally, an inverse relation between TAWSS and OSI was found, as described before (Gallo et al., 2016). However, a subset of radial bins showed other relations between these two WSS metrics. As inflow boundary conditions, we did not use measured patient-specific flow profiles but applied estimated patient-specific flow profiles, scaled by inlet diameter, as we previously found that the absolute WSS levels in highly stenotic carotid arteries were affected mostly by the patient-specific geometry rather than the flow (Groen et al., 2010). Yet, large variations in WSS and OSI values were still encountered between patients, which stresses the large influence of geometrical factors on WSS patterns. Because of the large variation in WSS ranges between patients, it would be impossible to draw conclusions on the relation between WSS and plaque composition by using absolute WSS values. Therefore, we calculated patient-specific WSS tertiles. The use of relative instead of absolute WSS levels has the additional advantage of diminishing the sensitivity of the CFD results to the approximated boundary conditions that were applied.
Histologically Determined Plaque Composition in Advanced Carotid Atherosclerosis
The histologically determined composition seen in this set of carotid plaques reflected histology results reported in the literature (Virmani et al., 2006b). That is, the greatest plaque cross-sectional area and smallest lumens were found in the ICA at cross-sections where the largest NCs were present, sometimes accompanied by fibrin-positivity, reflecting IPH. The majority of the excluded axial cross-sections and radial bins presented with processing artifacts, especially in the distal part of the plaque. The relatively “soft” necrotic and thrombotic tissue areas were more prone to deformation than tissue areas containing a higher amount of fibrous tissue. In addition, the tissue structure at areas that contained a high amount of calcium lost rigidity after decalcification, making these regions also susceptible to processing artifacts. The exclusion of these necrotic and calcified areas may have introduced a bias in our dataset toward moderately diseased tissue segments. The effect of this bias on the obtained results is unpredictable.
Relation Between Wall Shear Stress Metrics and Plaque Composition
Our study was designed to assess the correlations between WSS metrics and compositional features of plaque vulnerability in carotid plaques. We found relations between TAWSS and OSI with NC area, macrophage area, and cap thickness. Regarding NC area, we found that NCs were significantly larger at locations exposed to high TAWSS. Besides the existence of a direct correlation between TAWSS and NC size, this finding might be explained by the fact that progression of atherosclerosis is accompanied by plaque growth and subsequent lumen intrusion. This local lumen narrowing will affect TAWSS patterns, inducing a local high TAWSS at the upstream side and at the throat of the stenosis. In addition, plaque area has been shown to be correlated to NC size (Wentzel et al., 2013; Ahmadi et al., 2015), a finding that links the co-existence of high TAWSS and NC size. A positive correlation between TAWSS and NC has been reported before in both carotid plaques (Yang et al., 2010) and in coronary plaques (Samady et al., 2011; Eshtehardi et al., 2012; Wentzel et al., 2013; Park et al., 2016). Similarly, we also found significantly larger NCs at regions exposed to low OSI. The OSI value describes how much the WSS vector deviates from its average direction. Thus, low OSI, indicating a relative constant WSS direction, is mainly expected at regions with high flow velocity and high TAWSS. Although a large NC size has been shown to be associated with rupture (Virmani et al., 2006a; Falk et al., 2013), based on this cross-sectional study, we cannot differentiate whether we are looking at a “true” relation between WSS-induced NC growth and vulnerability or simply at the effect of stenosis-induced altered hemodynamics. In addition to a larger NC area, we found significantly larger macrophage areas in plaque regions where OSI levels were low or TAWSS was high. Our findings confirmed the previously reported relation between presumed (because of the upstream location) high TAWSS and macrophage area (Dirksen et al., 1998; Fagerberg et al., 2010). To the best of our knowledge, we are the first to report a relation between low OSI and macrophage area. We found a new relation between cap thickness and WSS metrics when analyzing combinations of TAWSS and OSI tertile values. In plaque regions exposed to both low TAWSS and low OSI, cap thickness was significantly higher than in areas exposed to low TAWSS and high OSI. In addition, we observed a trend for decreasing cap thickness with increasing TAWSS in regions exposed to low OSI, confirming previous findings.12,20
Implications of This Study
The relation between WSS and plaque vulnerability has been a topic of discussion for many years. Finding a direct association between WSS and risk of rupture might guide diagnostic approaches to identify the patient at risk or drive therapeutic development to stagnate disease progression. A combination of various study designs is necessary for finding evidence to reach these ultimate goals: both longitudinal studies, investigating the in vivo relation between WSS and plaque progression (Kumar et al., 2018; Stone et al., 2018); in vitro assays, investigating the pathways underlying the response of endothelial cells to WSS; and cross-sectional investigations, proving the existence and applicability of these relations.
The variability in results between previous studies and ours might be due to different reasons. First, differences in geometry, size, and/or origin of the vascular bed might influence the nature of the relation between plaque composition and a hemodynamic parameter, such as WSS. This, in combination with the generally small sample sizes in this kind of studies, increases the likelihood of varying outcomes. Second, the degree of disease progression is likely to influence findings in cross-sectional setups. As plaque histology could only be obtained from subjects who are eligible for an endarterectomy procedure, the study population involved elderly patients with advanced disease. As relations between WSS and plaque composition is dynamic and disease stage–dependent, these relations could be less obvious in our study population. Third, the study setup might be of influence. Only one previous study compared TAWSS and OSI to histologically determined vulnerability features in four CEA samples (Kaazempur-Mofrad et al., 2004) and found no correlations. In all other cross-sectional studies, plaque composition was determined by in vivo imaging, or relative WSS levels were assumed based on axial location instead of calculations. Finally, we studied relative differences in WSS parameters, not absolute levels, in a cross-sectional setup. With time, technological improvements regarding higher in vivo imaging resolutions might allow patient-specific flow data and high-resolution compositional information to be obtained. This in combination with a larger study number would be required to analyze whether WSS parameters can be used as a predictor of plaque composition and ultimately rupture risk.
In conclusion, our image registration pipeline can match histology to patient-derived WSS metrics and can be used to investigate the relation between these WSS metrics and features of plaque vulnerability. We found relations between TAWSS and NC area and between TAWSS and macrophage area, which were in agreement with the literature. To our knowledge, our study is the first to show significant relations between OSI and features of human plaque vulnerability. Unlike the general assumption, low OSI areas did not always coincide with high TAWSS. In fact, areas exposed to both low OSI and low TAWSS showed significantly thicker caps.
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Cerebral hemodynamics play an important role in the development of cerebrovascular diseases. In this work, we propose a numerical framework for modeling patient-specific cerebral blood flow, using commonly available clinical datasets. Our hemodynamic model was developed using Simscape Fluids library in Simulink, based on a block diagram language. Medical imaging data obtained from computerized tomography angiography (CTA) in 59 patients with aneurysmal subarachnoid hemorrhage was used to extract arterial geometry parameters. Flow information obtained from transcranial Doppler (TCD) measurement was employed to calibrate input parameters of the hemodynamic model. The results show that the proposed numerical model can reproduce blood flow in the circle of Willis (CoW) per patient per measurement set. The resistance at the distal end of each terminal branch was the predominant parameter for the flow distribution in the CoW. The proposed model may be a promising tool for assessing cerebral hemodynamics in patients with cerebrovascular disease.
Keywords: circle of Willis, hemodynamic model, cerebral blood flow, patient-specific simulation, cerebrovascular disease
1 INTRODUCTION
Fifteen percent of the total cardiac output is distributed to the brain (Burton, 1965). The circle of Willis (CoW) is a circulatory anastomosis at the base of the brain and serves as the central hub that distributes blood flow to the brain. The morphology (Kayembe et al., 1984; Chuang et al., 2008; Krasny et al., 2014) and local hemodynamic flow patterns (Li et al., 2009; Can and Du, 2015; Tuenter et al., 2016) within the CoW are associated with cerebrovascular disease, such as carotid artery stenosis and intracranial aneurysms. Numerical modeling of the blood flow through the CoW can help understand the relationship between hemodynamics in the CoW and cerebrovascular disease. However, due to the complexity of the CoW-structure and the large anatomical variation of the CoW in the population, developing a reliable patients-specific numerical model for assessing cerebral hemodynamics is a great challenge.
Various numerical models have been proposed for investigating the hemodynamics in the CoW. The zero-dimensional (0D) model is the simplest model that can provide great insight into the compensation mechanisms of the CoW (Hillen et al., 1988). One-dimensional (1D) modeling has been widely employed for studying hemodynamic effects in the CoWdue to anatomical variations and occlusions (Alastruey et al., 2007; Huang et al., 2018). The more complex three-dimensional (3D) model became popular in recent decades, thanks to the fast development of computational fluid dynamics (CFD) (Alnæs et al., 2007). Detailed flow patterns in the intracranial aneurysms can be obtained with CFD models, which could be used to investigate the rupture risk of IAs (Asgharzadeh et al., 2020). Although the numerical models are based on the rigorous derivation of the fundamental governing equations of fluid dynamics, it was highly sensitive to the model input, particularly the inlet/outlet conditions (Venugopal et al., 2007; Balossino et al., 2009; Boccadifuoco et al., 2018).
In a recent review by Berg et al. (2019) about the hemodynamics modeling in intracranial aneurysms, it was concluded that the accuracy of the pre-and post-processing (e.g., geometry reconstruction, boundary condition setting, flow field analysis) were crucial in numerical simulation. Although many high-end numerical models have been proposed for cerebral hemodynamic studies with prospective potential for clinical practice, to the best of our knowledge, no existing numerical models have been universally accepted by clinicians to directly serve as clinical tool, due to the great uncertainty in patient-specific simulation. For patient-specific modeling, the required input not only includes patient-specific geometry, but more importantly appropriate physiological parameters, as well as proper boundary conditions per patient.
Many attempts have been made to develop patient-specific cerebral blood flow models. Zhang et al. (2016) proposed a 0D-1D coupling model and iteratively adjusted the peripheral cerebral resistance to match the measurement. They demonstrated that combining multiple sources of measurement by individual patients within the hemodynamic model can provide more comprehensive flow information. Lal et al. (2017) presented a more advanced approach for non-invasive estimation of the blood flow in the cerebral arteries, using an ensemble Kalman filter (EnKF) as an optimization tool. They utilized a 3-point clinical measurement of the transient blood flow to tune 21 input parameters. As such, they provided a feasible approach to assess blood flow at non-accessible locations in the cerebral arterial tree. Helthuis et al. (2020) introduced a patient-specific cerebral blood flow model with a structured tree and a simple auto-regulatory model at the distal boundary conditions. They validated their model with 20 healthy subjects and achieved a good agreement. Although these models can provide valuable hemodynamic information for patients, their clinical applicability was limited. The difficulties are two-fold: 1) This interdisciplinary research needs close collaboration between clinicians, biomedical engineers and computer science engineers. The clinicians commonly lack awareness on the role of hemodynamics but prefer traditional medical indices for clinical decision making (Singh et al., 2009). 2) A patient-specific model requires input that may be difficult to be obtained in clinical practice. Thus, many assumptions have to be made, which reduces the reliability of the hemodynamic assessment.
The objective of this study is to investigate cerebral hemodynamics in patients with cerebral vasospasm following aneurysmal subarachnoid hemorrhage (aSAH). A numerical model of patient-specific cerebral flow simulation is proposed, using clinical data obtained from a previously published study that investigating cerebral vasospasm in subarachnoid hemorrhage (TACTICS) study van der Harst et al. (2019). Our hemodynamic model is based on a lumped model in block diagram, which can be intuitively and easily used by clinicians. TCD measurements and common medical records are integrated to correct the input parameters of the model with a three-steps calibration procedure. The proposed model is applied to reproduce 66 cases of patient-specific hemodynamics at the time that vasospasm usually may occur. The validity of the proposed model is demonstrated by comparing the results with and without calibration procedures. The importance of the parameter calibration for the patient-specific simulation is discussed.
2 METHODOLOGY
The patients’ specific data were collected from the medical record of the prospective TACTICS study, including basic medical file, CTA images and TCD reports. The CTA and TCD were performed within 24 h of each other. The brachial mean, systolic and diastolic blood pressure (Pm, Ps and Pd), and the heart rate HR were obtained from the basic medical file. The geometry of the arterial network of the CoW, e.g., the diameter of arterial segments ϕ, was extracted from CTA images. The measured mean, systolic, and diastolic blood flow velocity (Vm, Vs and Vd) at specific segments were obtained from TCD reports. Figure 1 illustrates the steps to integrate the collected clinical data to assess patient-specific cerebral hemodynamics.
[image: Figure 1]FIGURE 1 | Flowchart of the numerical modelling framework.
The workflow consists of three steps:
(1) determine the peripheral resistance Rp at each terminal branch and the periodical blood flow rate at the heart Qh with a linear steady model of cerebral arterial network;
(2) correct the peripheral compliance of the body artery network and implement the tentative simulation with the Simulink model;
(3) correct the compliance of the cerebral arterial segments by adjusting the Young’s modulus of the cerebral segments and implement the final simulation with the Simulink model.
The first step is to obtain the optimal blood flow distribution at the terminal branches of the cerebral arterial network, which can match the measured blood velocity by TCD. The second step provides the background pulse pressure at the entrance of the cerebral network that is in concordance with the medical record. The third step corrects the pulse waveform from the previous step to match the systolic and diastolic blood velocity by TCD measurement. The three-steps calibration procedure aims to tune the personalized model parameters to improve the fit of model predictions against measured data. The calibration is significantly important, in order to perform patient-specific simulation to reproduce the cerebral hemodynamics at the time of measurement, as will be shown in the result section.
2.1 Physiological Data
From 59 adult patients, diagnosed with aSAH within 4 days after onset, 66 sets of data were obtained. The CTA and TCD measurements have been further detailed in Shen et al. (2020).
In each CTA, the diameters of 17 cerebral segments were measured by semi-automated carotid lumen segmentation. The diameters of begin and end points of each segment were measured, while the simulation was based on an uniform diameter per segment which was calculated based on equivalent circular truncated cone volume. The thickness of arterial wall was assumed to be 25% of its radius. This was not critical, as wall thickness in conjunction with wall elasticity determine the compliance of each segment, while wall elasticity per patient per segment in the model calibration procedure will be adapted.
In each TCD, flow velocities at 11 locations on 9 cerebral segments were measured. Although patients with aSAH are prone to experience cerebral vasospasm, the measured velocity by TCD was thought to reflect the hemodynamics in the CoW at the time of CTA, since the delay between the examinations was short. Thus, patient-specific cerebral hemodynamics under vasospasm condition could be assessed by integrating the TCD and CTA measurements in the hemodynamic model.
For other required but unknown/unavailable physiological properties, such as elastic modulus of the segments, peripheral resistance, and compliance of the terminal branches, we used the same values as that in Alastruey et al. (2007), but would make corrections for each case as described in the following sections.
2.2 Simulink Model
Our hemodynamic model was developed based on Simulink, using Simscape Fluids library, which can provide an intuitive way to model the blood circulation system as a hydraulic system. The model is based on the block diagram environment that allows to easily customize the connectivity of the arterial network, as shown in Figure 2A.In this model, each block consists of a piece of governing equations that represents a simplified hydraulic component. The blocks are linked with connectors that form a complex hydraulic system. The system is interpreted as a set of differential or algebraic equations that are solved through symbolic formula manipulation.
[image: Figure 2]FIGURE 2 | Simulink model of arterial network with 33 segments.
In the present model, the arterial system originates from the heart (the red block) and ends at the green blocks, which depict the terminal branches. Each segment is represented with an individual blue block with the numbering and name referring to Table 1 in Alastruey et al. (2007), while the segments in the CoW are highlighted in yellow. The polylines represents the interconnection between the segments, which passes the pressure and flow rate data in the network.
TABLE 1 | ICC of various celebrate segments under various simulations.
[image: Table 1]A simple heart model directly enforces a periodical inlet flow rate using the “Hydraulic Flow Rate Source” block, which describes a cardiac cycle with a half-sinusoidal flow rate wave (systole) and zero in the rest of the period (diastole) that is expressed as:
[image: image]
where αT is the ratio of systole duration over the duration of heartbeat, αT = 0.3 is chosen in the study; Th is the duration of heartbeat that is obtained from the medical report; Qh,m is the volumetric flux of the heart, as estimated in Section 2.3.
The arterial segments are described with “Segmented Pipeline” block, which accounts its resistance, fluid inertia, and wall compliance, as shown in Figure 2B. In this block, the deformation of the segmental wall is quantified with a static pressure-diameter coefficient Kp, which establishes the relationship between pressure and internal diameter of the arterial segment at steady-state condition. Kp is determined with the common properties of each arterial segment as:
[image: image]
where ϕ is the internal diameter of the artery at the reference pressure, E is the Young’s modulus of the artery, h is the thickness of the artery; σ is the Poisson’s ratio, σ = 0.5. The pressure loss of the segment due to the friction is computed with the flow regime-dependable friction factor, which can take into account the possible flow separation due to the cerebral vasospasm. The friction factor in turbulent regime is determined with the Haaland approximation. In addition, the sensor blocks are used to monitor the pressure and flow rate at both ends of each segment.
A three-element Windkessel model (WK3) is embedded in the terminal branch to minimize the artificial reflection, see Figure 2C. A WK3 consists of two two resistances and a compliance. The “Linear Hydraulic Resistance” block is used to represent the resistance and The “Constant Volume Hydraulic Chamber” block is used to represent the peripheral compliance. Note that describing the peripheral compliance C in “Constant Volume Hydraulic Chamber” block is not straightforward, but using an equilibrium chamber length, which is proportional to the peripheral compliance, described as:
[image: image]
The peripheral compliance and two resistances in WK3 are customized per terminal branch per patient.
From the description above, we can distinguish the present model from other lumped models. The present model directly uses the hydraulic description (pipeline network) instead of the common hydraulic-electrical analogue (electrical network). It is an object-oriented model, so the interpretation of the model layout is straightforward and intuitive. We can easily build patient-specific artery network by modifying the geometrical parameters and the connectivity of the network that makes this model suitable for investigating the cerebral hemodynamics with considerable CoW variation.
The Simulink model uses an arterial network with 33 segments (Alastruey et al., 2007) as the basis. For each patient-specific case, the diameters of the cerebral segments are altered by the measurement from the CTA images. The resistance and the compliance in each WK3 and the wall compliance of each segment are determined by calibration procedure using TCD measurement, as described in Section 2.3, 2.4.
2.3 Peripheral Resistance Correction
Analytical model by Hillen et al. (1988) has shown that the peripheral resistances dominate the flux distribution in the efferent segments and strongly influence the flux distribution in the afferent vessels. Hence, the peripheral resistance should be adapted to reflect the real flow situation at the time of the measurement for the patient-specific simulation. In the present study, a simple linear steady model was used to estimate the peripheral resistance, as shown in Figure 3.
[image: Figure 3]FIGURE 3 | Linear steady model of CoW arterial network.
The model only consisted of the CoW-segments, including three afferent arteries (left-right ICA and BA), six efferent arteries (M1L, M1R, A2L, A2R, P2L and P2R) and their interconnection. Several assumptions were made in this model: 1) The pressure drop between inlet and outlet are assumed to be equal as the difference between the mean blood pressure and the pressure at the entrance of the venous system (ΔP = Pm − Pv, with Pv = 5 mmHg); 2) the flow is fully developed (steady and laminar), the resistance of the arterial segments Ra follows the Hagen–Poiseuille law, Ra = 128η/πϕ4 with η blood viscosity; 3) the peripheral resistance Rp is considered a variable resistance, which may be adapted to alter the blood flow distribution in the CoW. Mathematically, the model is equivalent to an electric circuit with constant resistance and voltage source, which can be solved with node voltage analysis. Given specific peripheral resistance at the efferent arteries, the flow rate in each segment can be numerically obtained. TCD generally measures blood flow velocity of the target segments, while the exact location is unknown. Because the diameter varies along the vessel, the flow rate of the target segment cannot be directly determined. We measured the diameters at the start point ϕs and end point ϕe of the segment on CTA, thus the flow rate of the segment Qm should fall within the interval [image: image], where Vm is the measured mean flow velocity. The peripheral resistance can be obtained by searching for the minimum of the norm of the relative error of the flow rates,
[image: image]
where Rp is a vector of the peripheral resistance of the six outlet arteries, [image: image]; [image: image] is the flow rate obtained by the linear model; N is the number of TCD measurement, N = 9. Due to technical limitations of TCD, e.g., inadequate acoustical temporal bone window, it is possible that there is missing data on part of the locations for some cases. In these cases, N equals to the number of locations with available data. Eq. 4 essentially describes an optimization problem about the cerebral blood flow distribution, based on the measured velocity.
Summing up the flow rate of the three afferent arteries, we can obtain the overall blood flow rate of the CoW QCoW. Assuming 15% of the cardiac output perfuses the head (with 12% in CoW), 5% supplies each arm and 75% supplies to the rest of the body through the thoracic aorta, the mean inlet flow rate of the heart is determined as:
[image: image]
Consequently, the peripheral resistance of the rest terminal branches can be determined by the ratio of the pressure drop and the flow rate. For example, the peripheral resistance of thoracic aorta is calculated by:
[image: image]
To minimize the reflection at the terminal branch, R1 in WK3 is set as the characteristic impedance of the terminal branch,
[image: image]
with c0 is the speed of pulse wave propagation; A0 is the cross-section area of the segment. Then R2 is calculated as:
[image: image]
By using Eq. 4, we observed that for some cases, Rp may be smaller than R1, this may be caused by the uncertainty of TCD and CTA measurement, as well as the possible unexpected reflection due to the cerebral vasospasm. To avoid a negative resistance, we altered the resistance for those cases with:
[image: image]
With optimal peripheral resistance and proper flow rate at the heart, the obtained mean flow rate and mean blood pressure matches the measurement very well.
2.4 Compliance Correction
In a cerebral arterial network system, the mean flux distribution is mainly governed by the peripheral resistance, whereas the oscillation pattern is dominated by wall compliance and peripheral compliance. The wall compliance can be adjusted by varying Young’s modulus of the segment. It is more difficult to determine the peripheral compliance because of the complex wave interaction. In the present study, the objective of the compliance correction is to match the systolic and diastolic blood pressures of the brachial artery and the systolic and diastolic cerebral blood flow velocity. Since Alastruey et al. (2007)’s model is employed as the reference model, the pressure pulse calibration can be achieved by scaling the reference model. Given a volumetric flux of the heart in the model, the amplitude of the pressure pulse is inversely proportional to the peripheral compliance. First, we computed the ratio of mean blood pressure and flow rate between patient and reference model with:
[image: image]
where ΔP is the pressure difference between Ps and Pd, Qref,m and ΔPref are the reference mean flow rate and pressure difference by the reference model, and Qref,m = 92.6 ml s−1 and ΔPref = 55 mmHg that is obtained from the Simulink model. The Young’s modulus and the peripheral compliance of the segments can be altered by equation:
[image: image]
where Eref and Cp,ref represent the Young’s modulus and the peripheral compliance in the reference model. With the first calibrated peripheral compliance and Young’s modulus, the tentative simulation of the Simulink model is implemented. This simulation can result in a good approximation of the pulse in the aorta arteries, but may not derive a satisfactory waveform in the cerebral arteries, i.e., poor agreement with Vs and Vd in CoW, which requires a second calibration. In intra-aortic hemodynamics simulation, multiple TCD measurement can be approached by iteratively adjusting the peripheral compliance with WK3, as demonstrated by Pant et al. (2014), Bonfanti et al. (2019), while wall compliance is kept constant during the iteration. However, the intracranial arteries are stiffer than extracranial arteries, the waveform in the ICA and BA are therefor not sensitive to the peripheral compliance of the terminal branch of the CoW. Hence, the second calibration is carried out by only adjusting the Young’s modulus of the cerebral arteries by an uniform factor α2, which is estimated by:
[image: image]
where ΔQ is the flow rate difference between Qs and Qd, with subscripts m and n refers to the measurement and numerical results respectively. The Young’s modulus and the peripheral compliance of the cerebral arterial segments can be altered by equation:
[image: image]
Although individual calibration per arterial segment can be done with Kalman filter Pant et al. (2014), it required many iterations that made the computation inefficient. We applied an uniform factor because the flow velocity results by the tentative simulation in all cerebral segments was observed having similar trend comparing to the TCD measurement. Satisfactory results can be obtained without any complicated iteration.
2.5 Model Validation Metrics
Model validation is quantified with a number of statistical measures. The intraclass correlation coefficient (ICC) was used to assess the agreement between the results obtained by numerical simulation and the TCD measurement. Following the instruction by McGraw and Wong (1996), we selected the type of ICC(A,1) in the study, which assessed the degree of absolute agreement among simulation and measurement. The Taylor diagram (Taylor, 2001) is used to evaluate the validity of the proposed calibrations by comparing the numerical results to that by conventional boundary condition. Taylor diagram is a mathematical diagram to quantify the degree of correspondence between the modelled and observed behavior with three statistics: the Pearson correlation coefficient ρ, the centred-root-mean-square error E′, and the standard deviation σ, which was intensively used in climate study (Kärnä and Baptista, 2016). Based on the definition of the three statistics, they have the following relation:
[image: image]
where n demotes the variable by the numerical model; m demotes the measured counterpart. Making use of the law of cosines, Eq. 14 can be interpreted as geometrical relationship of a triangle, with E′, σm, and σn are the length of the sides of the triangle, and ρ is the angle between sides σm, and σn. In order to compare the data sets at multiple arterial segments in the one diagram, the normalized Taylor diagram was employed by scaling Eq. 14 with σm. Thus, the measurement perfectly locates at [image: image]. The numerical results are displayed in polar coordinate with radial coordinate r = σn/σm and angle θ = arccos ρ.
3 RESULTS
3.1 Validation of Simulink Model
The Simulink model was firstly validated by comparing the results with that of 1D model by Alastruey et al. (2007), as presented in Figure 4.
[image: Figure 4]FIGURE 4 | Comparison of flow velocity at brachiocephalic bifurcation (top) and in CoW (bottom) by Simulink model (solid lines) and 1D model (dash lines).
The same parameters as that in Alastruey et al. (2007) were applied in the Simulink model. The flow velocity at the brachiocephalic (BrA), right subclavian (SCA) and right common carotid (CCA) showed very good agreement with that by 1D model. Some discrepancy can be found for the flow velocity in CoW. There may be two main causes: 1) wave propagation in the CoW was complex and the waveform was vulnerable to wave interference; 2) the Simulink model is a lumped model, which can be regarded as the first order discretisations of 1D systems (Milišić and Quarteroni, 2004), omitting the (nonlinear) convective acceleration term. Nevertheless, the Simulink model can capture the main waveform similar to that by 1D model, and the waveform can be further calibrated with the TCD measurement. Hence, the Simulink model can be used to investigate the patient-specific cerebral hemodynamics.
3.2 Patient-specific Simulation
In this study, 66 sets of patient-specific simulation were implemented. Figure 5 presents the log-log scatter plot of the optimized peripheral resistance obtained by Eq. 4 against the diameter of afferent segments of CoW, with the black line showing the log-log regression.
[image: Figure 5]FIGURE 5 | The log-log scatter plot of the optimized peripheral resistance against the diameter of the afferent segments of CoW.
It can be seen that the optimized peripheral resistance showed a trench of inverse-proportional to the diameters (Rp ∝ ϕ−0.995 3), but it was highly scattering. Alastruey et al. (2007) assumed that the peripheral resistance was inverse-proportional to the cross-sectional areas (Rp ∝ ϕ−2). This suggested that this simple assumption was not valid for the patient-specific simulation as the peripheral resistance dominated the flow distribution in the CoW. In addition, the resistance of A2 segment was larger than that of P2 with similar diameter, implying that the resistance in the anterior cerebral circulation was larger than that in the posterior cerebral circulation, that was not surprise as the blood velocity in ICA was commonly larger than that in BA. Figure 6 showed the comparison of blood pressure after the first compliance correction, i.e., Eq. 13.
[image: Figure 6]FIGURE 6 | Comparison of diastolic, systolic and mean blood pressure at brachial artery by simulation and measurement, the cases were sorted in order of low to high measured mean blood pressure.
The excellent agreement was obtained between the numerical and measured Pm, and the very good agreement was observed for Ps and Pd. Since these three parameters were commonly used to sketch the blood pressure waveform, we considered that the obtained pressure waveform by the Simulink model at the entrance of CoW represented the hemodynamic condition at the time of TCD measurement.
Figure 7 showed the comparison of flow rate in the afferent and efferent arterial segments between the measurement and the results by three simulations. The measured flow rate is indirectly obtained by solving the optimization problem of peripheral resistance, i.e., Eq. 4. In the “non-calibrated” simulation, we calculated the peripheral resistance and compliance in CoW of each patient based on the assumption that the blood flux of each part in the body followed a given flow distribution, and the outflow of the CoW was proportional to their initial cross-sectional areas. The agreement between the measurement and the “non-calibrated” simulation was poor, indicating that the simple assumption was not valid for the patient-specific study. The customized parameter must be applied per patient to represent the patient’s hemodynamics at the time of measurement. In the “first calibrated” simulation, the calibrated peripheral resistance and compliance in the body segments was applied in the simulation. The mean flow rate in CoW by simulation agreed well with the measurement, and the results of the efferent segments outperformed that of the afferent segments. The simulation slightly underestimated the diastolic flow rate while overestimated the systolic flow rate, implying that the amplitude of the waveform was lower in simulation. In the “second calibrated” simulation, the compliance of the cerebrate segments were calibrated based on the first calibrated results. The calibration did not alter the mean flow rate in the previous simulation, while the agreement of the diastolic and systolic flow rate was improved. Since TCD-measurement has been used to calibrate the model as well as to validate the model output, it is not surprising that the flow rate by the “calibrated” simulation yields the best agreement. Based on the calibrated model, we can reproduce the cerebral hemodynamic condition for the patient at the time of measurement and provide more comprehensive cerebral hemodynamics for the clinician.
[image: Figure 7]FIGURE 7 | Comparison of diastolic (1st row), mean (2nd row) and systolic (3rd row) flow rate of various cerebral segments by measurement and various simulations.
The statistic of the results in Figure 7 were summarized in Table 1. The agreement of the second calibrated results was good (0.75 < ICC < 0.90) to excellent (ICC > 0.90), except the BA. The current arterial network did not take into account the minor branches on the CoW that would introduce more error on the BA than that other segments as the BA is a relatively short segment but has the most minor branches. Qm always presented better agreement comparing to Qd and Qs, this was because Qm was strongly dominated by the peripheral resistance (the peripheral resistance was generally two order larger than the segmental resistance of the CoW). Qd and Qs was not only influenced by the peripheral compliance but also the compliance of the segment in CoW. Nevertheless, the agreement was satisfactory, particularly considering that only twice calibration were applied, which was significantly less iteration than using EnKF.
Figure 8 presented the normalized Taylor diagram of various segments that gave an impression of importance of the calibration procedures. The results by the three simulations were plotted in different colour, and three marker symbols were used to distinguish the results of Qd, Qm and Qd. In the Taylor diagram, good results were indicated by having relatively high correlation coefficient and low RMSE (as close to the measured point as possible). The agreement of the “un-calibrated” simulation was poor as it has very low correlation coefficient and very high RMSE, while the first and second calibrated results are much closer to the measurement.
[image: Figure 8]FIGURE 8 | Normalized Taylor diagram of various celebrate segments by three simulations.
The improvement by the calibration procedures can be seen from Figure 9, the normalized Taylor diagram of flow rate at 9 cerebral locations per patient. The data points cluster of the second calibrated results located at around the [image: image] RMSE circle, while the first calibrated results shifted further from the measurement, indicating that the second calibration can describe the waveform pattern better than the first calibration.
[image: Figure 9]FIGURE 9 | Normalized Taylor diagram of each patient by three simulations.
4 DISCUSSION
When mentioning patient-specific cerebral simulation, many studies refer to the patient-specific geometry of arteries but do not take patient-specific boundary conditions into account. Our results have demonstrated the importance of boundary conditions and wall properties. Comparison by three simulations confirmed the findings of Hillen et al. (1988) that the peripheral resistance plays a predominant role in the flow distribution of the efferent arteries of the CoW. The blood flow waveform in segments in the CoW is not significantly influenced by the peripheral compliance, but would be adapted to any change of the segmental elasticity in the cerebral arterial network. To reproduce the hemodynamic environment in cerebral vasospasm, including the pulse waveform, patient-specific boundary conditions and wall properties must be corrected by integrating flow measurement. On the other hand, the model calibration relies on flow measurement on cerebral segments, which may be missing in retrospective studies, sometimes difficult to be obtained for some patients. The uncalibrated model cannot derive a reliable absolute blood flow rate, as shown in Figure 8 that the correlation coefficient is too low. Therefore, the absolute quantitative comparison should be avoided in the statistical analysis. Alternatively, using the flow rate ratio between the segments may alleviates some of this problem and yield more meaningful results, as it can be seen from Figure 9 that although the universal boundary condition leads to the worst results, there is not any significant difference of the correlation coefficient by three simulations. This idea is similar to the study by Lindegaard et al. (1988) that used the ratio of blood velocity in MCA and ICA by TCD to diagnose vasospasm.
The present model with personalized calibration has potential clinical applications. The model integrates the patient’s morphology information and available flow measurement to provide the comprehensive cerebral hemodynamics, which may help the clinician to establish the correlations between hemodynamic indices and cerebrovascular disease. Since cerebral vasospasm due to the aSAH can result in delayed cerebral ischemia, the model can provide insight in cerebral hemodynamic development during the course of vasospasm. It may also be easily employed to predict the improvement of the blood supply after intracranial bypass operation or treatment of the carotid artery stenosis, thanks to the intuitive Simulink model. In addition, the model can also provide the boundary conditions for a patient-specific CFD model to investigate the detailed local flow in the CoW, such as the flow pattern in intracranial aneurysms. We consider the present work as the first step toward a numerical computational framework serves as a clinical decision-making tool for hemodynamic related cerebrovascular disease. The major advantage of the present model is that the model was developed with a block diagram, which is also user-friendly to the clinician. Also, the required patient’s data are provided by CTA and TCD, which is commonly accessible clinical data. As such, it is easy to build up a patient-specific simulation. The calibration procedure is implemented to correct the model input with a moderate computational burden.
The present study also has limitations. The most significant limiting factor of the model is the use of indirectly obtained flow rate for calibration and validation. TCD measures flow velocity at unknown location of the target segment, the flow rate is numerically determined with a linear model of the CoW network. On one hand, the linear model obeys the law of conservation of mass and integrates the TCD velocity and dimension of segments by CTA, which estimates the flow distribution in the CoW network with minimal mass conservation error. On the other hand, the linear model uses simplified CoW network omitting the less important branch, which introduces uncertainty into the model. Finally, while we have identified the importance of the calibration procedure for patient-specific simulation, additional patient information (arterial blood pressure, TCD records) is required for calibration, which may limit its application. Nevertheless, we assume that the required data is commonly available for patients with cerebrovascular disease.
5 CONCLUSION
This paper presents a three-steps approach for implementation of a patient-specific cerebral blood flow simulation based on commonly available clinical datasets. The new approach integrates TCD and CTA data to correct the input parameters of an object-oriented hemodynamic model. Simulation with 66 sets of patient data was carried out to evaluate the validity of the model. The results demonstrated the importance of the peripheral resistance in the patient-specific cerebral blood flow simulation, and the satisfactory pulse waveforms can be reconstructed by the personalized model calibration.
The proposed method can reproduce the blood flow in the CoW where the blood flow in afferent and efferent segments was in good agreement with the TCD measurement. The model is potentially a promising tool for developing clinical understanding of cerebrovascular disease. The obtained results will be further investigated by clinical researcher to find the potential relationship between the vasospasm and the configuration of the CoW.
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A striking feature of atherosclerosis is its patchy distribution within the vascular system; certain arteries and certain locations within each artery are preferentially affected. Identifying the local risk factors underlying this phenomenon may lead to new therapeutic strategies. The large variation in lesion prevalence in areas of curvature and branching has motivated a search for haemodynamic triggers, particular those related to wall shear stress (WSS). The fact that lesions are rich in blood-derived lipids has motivated studies of local endothelial permeability. However, the location of lesions, the underlying haemodynamic triggers, the role of permeability, the routes by which lipids cross the endothelium, and the mechanisms by which WSS affects permeability have all been areas of controversy. This review presents evidence for and against the current consensus that lesions are triggered by low and/or oscillatory WSS and that this type of shear profile leads to elevated entry of low density lipoprotein (LDL) into the wall via widened intercellular junctions; it also evaluates more recent evidence that lesion location changes with age, that multidirectional shear stress plays a key role, that LDL dominantly crosses the endothelium by transcytosis, and that the link between flow and permeability results from hitherto unrecognised shear-sensitive mediators.
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INTRODUCTION
A striking feature of atherosclerosis is its non-uniform distribution within the arterial system. Some arteries, and some regions within individual arteries, remain free of disease even when others have developed it to a life-threatening extent (Mitchell and Schwartz, 1965). This feature implies the existence of powerful local risk factors. The identification of global risk factors such as hypertension and hyperlipidaemia has led to the development of therapies that significantly reduce the prevalence of the disease and its sequelae. The identification of local risk factors has been mired in controversy and currently no therapies are based on them.
An early hypothesis (Anitschkow, 1933) was the causal chain:
mechanical factors→enhanced uptake of circulating lipids into the wall→inflammation→disease.
A more modern addition to this insudation theory or lipid hypothesis is that the lipid needs to be modified in some way—perhaps by oxidation, aggregation or both (Quinn et al., 1987; Williams and Tabas, 1995; Javed et al., 1999; Wen and Leake, 2007; Wen et al., 2019)—before an inflammatory response occurs. These ideas underlie the use of statins to control the development of the disease, and an extensive search for therapeutic effects of dietary antioxidants.
Despite apparent acceptance of the insudation theory, there has been debate about where lesions occur, the stresses responsible, the direction of lipid transport that is critical, the mediators linking mechanical stresses to transport, and the nature of the transport pathway. In order to derive new therapies that confer on disease-prone arteries the properties of disease-resistant ones, resolution of these controversies is required. Misidentification of, say, the mechanical triggers or the relevant transport route could lead to the design of ineffective interventions targeting inappropriate pathways. This review provides an overview of the debates and introduces recent developments in the field that suggest novel targets. It is structured and summarised as follows:
Historical Background

- Early studies showed that cholesterol-fed rabbits develop lesions downstream of aortic branch points; the pattern was explained by high haemodynamic wall shear stress (WSS) elevating endothelial permeability to circulating lipoproteins. In people, lesions were later found to occur upstream of branches; the human pattern was attributed to low and oscillatory WSS and could not be explained by elevated permeability.
Contradictions Can Be Resolved by Taking Age Into Account

- Patterns of lesions in rabbits and people switch location with age, and in the same way. The previous contradiction is attributed to immature rabbits being inappropriately compared with mature people. Age-related patterns of insudation can explain both patterns.
The Emergence of Other Disease Patterns

- Lesions occur not only upstream and downstream of branches: intermediate patterns are seen and there may be a series or continuum of changes with age.
Underlying Mechanisms

- Many other types of mechanical stresses have been implicated in atherogenesis. Is it the relation between mechanical forces and atherogenesis that changes with age, or is it the mechanical forces themselves that change? Flow-dependent NO release and its effect on permeability appear to change with age, supporting the former, but the pattern of endothelial morphology also changes, supporting the latter.
Computational Studies of Flow

- Numerical simulations have been used to further investigate if flow patterns change with age. They provide little evidence that time average or oscillatory WSS change substantially.
Potential Importance of Multidirectional Flow

- A systematic review showed that the strength of evidence for the low WSS theory is not as strong as widely supposed. The pattern of an alternative WSS metric, the transverse WSS, changes with age and correlates much better with lesion location and elevated permeability.
Further Investigation of Mechanisms Relating Flow to Permeability

- In vivo studies employing modern techniques suggest that “hotspots” of high endothelial permeability account for only a small fraction of uptake, at least for albumin-sized molecules, and in silico studies that take into account the presence of the glycocalyx suggest that concentration polarisation at the endothelial surface also has a limited effect. Recent in vitro studies suggest transendothelial transport of the largest macromolecules occurs by transcytosis and that it is increased by multidirectional flow.
Proposal of a Secreted Mediator

- Endothelial cells exposed to uniaxial flow in vitro release a soluble mediator that suppresses transcytosis of LDL. Cells exposed to multidirectional flow do not. The mediator also has anti-inflammatory effects.
The review finishes with three sections that 1) discuss limitations to the above synthesis, 2) present perspectives and suggest future work, and 3) draw conclusions.
HISTORICAL BACKGROUND
Statements about mechanical stresses and atherosclerosis appear in the 19th century (Rindfleisch, 1872) but the experimental study of localising factors began in the early 20th century with the work of Anitschkow (alt.—Anichkov, Russian—Ани́чков) and his colleagues. A retrospective review of that work (Anitschkow, 1933) remains of interest today for its scientific content, as well as for its historical significance.
The first step by the St Petersburg group was the development of the cholesterol-fed rabbit model. The Russian school at that time held that atherosclerosis was a natural consequence of aging, and also that aging was accelerated by eating meat. Rabbits fed meat did indeed develop an atherosclerosis-like disease (Steinberg, 2013). Anitschow showed, however, that it was the cholesterol in the meat that was responsible: rabbits fed diets supplemented only with cholesterol also developed lesions.
Anitschkow (1933) drew particular attention to the remarkable pattern of lipid staining seen around the ostia of side branches of the aorta. Lesions occurred in an arrowhead pattern surrounding the downstream half of the origins of the intercostal arteries (Figure 1A). These branch points have subsequently received much study and are the main focus of the present review. (Supplementary Material Figure S1 shows the location of each arterial region discussed in this review; the large-scale structure of the normal and diseased artery wall (Pang et al., 2021b) is shown in Supplementary Material Figure S2.)
[image: Figure 1]FIGURE 1 | (A) Watercolour from Anitschkow (1933) of lipid staining (red) near four intercostal branch ostia in a cholesterol-fed rabbit. The thoracic aorta is viewed en face and mean aortic flow is from top to bottom. (B) Conceptualisation of velocity vectors and velocity profiles in a 2-D model of a branching artery, after Fry (1969). (C) Uptake of Evans’ Blue Dye (shaded areas) in the aorta of a pig (Somer and Schwartz, 1971). Note that pigs have unpaired intercostal ostia, unlike the paired ostia in human and rabbit aortas. The aorta is viewed en face and mean aortic flow is from top to bottom. (D) Uptake of rhodamine-labelled albumin into the aortic wall of rabbits up to approximately one branch diameter upstream (positions 1→4) and downstream (positions 5→8) of 12 intercostal ostia (positions 4→5), 3 h after the tracer was administered (Weinberg, 1988).
It had been known since the 1850s, when microscopes were applied to pathology, that the lipid deposition in atherosclerosis occurs within the wall rather than on its surface. Anitschkow reasoned that the dietary cholesterol entered the bloodstream and that the patchy nature of the disease resulted from a patchy entry of circulating “lipoids” into the wall, as part of a process similar to the one in which lymph is formed by filtration of plasma across capillary walls. This hypothesis was supported by experiments that introduced the intravital dye Trypan Blue into the circulation of frogs. Trypan Blue, like its isomer Evans’ Blue Dye (EBD), binds to circulating proteins, particularly albumin, and is carried into the wall when they enter it, leading to a blue colouration in areas where entry is particularly rapid. Petroff (1922) observed blue patches on the flow divider of branch points in large mesenteric vessels. Anitschkow (1933) suggested that mechanical forces led to this spatial variation in wall transport properties, but did not speculate further.
It was Fry (1969) who extended this view by proposing that the mechanical trigger is a pathologically elevated level of haemodynamic wall shear stress, the force per unit area acting parallel to the endothelium as a result of the flow of blood. His fluid mechanical argument is shown in Figure 1B. For simplicity, blood was assumed to be a continuous fluid with Newtonian rheology, flow to be steady, walls to be rigid and the geometry to be two-dimensional. Upstream of the side branch, the velocity profile is at least partially developed—that is, layers at considerable distances from the wall are slowed by viscous drag—and WSS, which is proportional to the near-wall velocity gradient, is therefore relatively low. It is the slower moving blood near the wall that enters the branch, while more rapidly moving blood, previously near the centre of the vessel, impinges on the flow divider of the branch. This fast-moving blood itself gets slowed by viscous interactions as it moves downstream but, in the region before this occurs, the velocity gradient and hence WSS are elevated. WSS would, by the same argument, be relatively high on the flow divider of a symmetrical bifurcation and lower on the outer (“lateral”) walls, especially if separation were to occur.
Fry (1969) acutely exposed the luminal surface of arteries to various fluid mechanical stresses and found that WSS magnitudes above 400 dyn/cm2 injured and, at a sufficiently high level, even removed the endothelial cells, leading to elevated influx of EBD-labelled albumin and, it was assumed, the larger lipoproteins.
Subsequent publications from Fry and colleagues recognised greater complexity: that different endothelial responses might occur over different time courses, that the structure of the underlying wall might influence the response, and that subtle features of branch geometry might have profound influences on the distribution of WSS (e.g. Fry, 1973). Nevertheless, the original hypothesis was intuitively satisfying and became the consensus view. It was supported by much subsequent data. Quantitative mapping of lesions in rabbits fed a high cholesterol diet for short periods or a lower cholesterol diet for longer periods, or in rabbits that were hypercholesterolaemic as a result of genetic mutations, all confirmed the Anitschkow pattern of lipid deposition in the aortic wall around ostia of side branches (Cornhill and Roach, 1976; Roach et al., 1978; Forster et al., 1996). Studies with intravital dyes confirmed that elevated uptake occurrs in the equivalent regions in the pig (Somer and Schwartz, 1971; Figure 1C). Such studies can be criticised: EBD binds to elastin (Adams, 1981) and collagen (Heinle and Lindner, 1984) once in the wall and its concentration may therefore be affected by variation in wall structure as well as in transport, whilst a fraction of the dye circulates in its free form (Lindner and Heinle, 1982) and may enter the wall by routes not available to macromolecules. However, quantitative measurements of transport using radiolabelled low-density lipoprotein (LDL) (Schwenke and Carew, 1988) or albumin covalently labelled with a fluorescent dye (Weinberg, 1988) showed that net uptake of these circulating macromolecules was likewise elevated downstream of branches in the rabbit aorta (Figure 1D), even though elevated EBD accumulation is hard to demonstrate in this species (Friedman and Byers, 1963).
Despite this wealth of evidence, issues arose in applying Fry’s high-shear hypothesis to human disease. Mitchell and Schwartz (1965) had already noted a different distribution of lipid staining in post mortem human specimens: Sudanophilia occurred in a dorsal streak in the descending thoracic aorta but there was striking sparing around and immediately distal to the ostia of the intercostal arteries (Figure 2A). Caro et al. (1971) subsequently quantified the distribution in the initial segment of the large branches of the human abdominal aorta, finding that fatty streaks were less prevalent in the quadrant containing the flow divider than in other quadrants. These distributions of human disease were confirmed and extended by Svindland and Walloe (1985; Figure 2B) and by Cornhill et al. (1990). Disease was again found in the inflow tract of large abdominal branches but it was also shown in the aortic wall upstream of the branches. In the thoracic segment, lipid staining was found to be maximal upstream of intercostal ostia and low distal to them.
[image: Figure 2]FIGURE 2 | (A) Lipid staining (black) near four intercostal branch ostia in an adult human aorta, viewed en face with mean aortic flow from top to bottom (Mitchell and Schwartz, 1965). (B) Contour map of lesion prevalence in the human aorta, opened ventrally and viewed en face with mean aortic flow from top to bottom. Flow dividers on the dorsal wall are indicated by bright “horseshoe” shapes. Prevalence is high at point A and low at point X (Svindland and Walløe, 1985).
From Figure 1B, it is apparent that WSS should be elevated on both the aortic and the branch side of the flow divider. Caro et al. (1971) therefore concluded from their study of lesions in the initial segment of branches that high WSS protects against the development of human disease, which instead occurs in areas of low WSS. Note that the disagreement with the high WSS hypothesis of Fry concerns the location of lesions, not the nature of local blood flow.
The low shear hypothesis of Caro et al. has been modified somewhat. Ku et al. (1985) compared the distribution of intimal thickening in the human carotid bifurcation with laser Doppler measurements of flow in anatomically realistic models of the same specimens. This work showed that intimal thickening was highest in regions where not only was time average WSS low but values of a metric called the Oscillatory Shear Index (OSI) were high. Indeed, the correlation with the OSI was stronger than with mean WSS.
Despite its name, the OSI captures any instantaneous WSS vector that is not aligned with the mean WSS vector and not just those that are at 180° degrees to it, as in oscillatory flow. As later defined by He and Ku (1996):
[image: image]
and [image: image] represents the instantaneous WSS vector, [image: image] the time and [image: image] the duration of the cardiac cycle.
The OSI tends to be high where time average WSS is low and vice versa. The two hypotheses have thus been conflated to some extent.
Today, the low/oscillatory WSS hypothesis is the consensus view; the paper of Caro et al. (1971), now 50 years old, is a citation classic. However, the hypothesis took many years to become widely accepted. This probably reflects the contradiction with the results of experimental studies in animals, particularly rabbits, where the location of lesions is not only different but correlates with the pattern of elevated uptake of plasma macromolecules by the wall. Caro et al. (1971) assumed that the same pattern of uptake occurred in people. To account for the discrepancy in lesion location, they had to assume different mechanisms: that plasma cholesterol concentrations were higher than wall concentrations in the rabbit, and disease therefore occurred where transport between the two compartments was fastest, whereas concentrations of cholesterol or a modified, atherogenic version of it were higher in the wall than in plasma in people, meaning that disease would occur where transport between the two compartments was slowest. This concept predicts mirror-image patterns of disease in the two species.
A corollary of the proposal, developed in a mathematical appendix to the paper, is that the level of disease in people must be independent of plasma cholesterol concentrations. Although that might have been tenable in 1971, many subsequent studies have demonstrated a link and the more recent success of cholesterol-lowering statins has made the connection practically incontrovertible. Thus there is a fundamental flaw at the centre of our understanding of atherogenesis: the accepted haemodynamic explanation for the localisation of the disease is incompatible with the most widely used therapy and the insudation theory on which it is based.
Rabbit models of atherosclerosis have been superseded to a large extent by genetically modified mouse models. Furthermore, although Anitschkow’s introduction of the cholesterol-fed rabbit is eulogised by many (e.g. Steinberg, 2004), it has been anathematised by others (e.g. Stehbens, 1999). Patterns of disease and transport obtained in the rabbit are not widely discussed at present and the central inconsistency emphasised above is rarely mentioned. However, rabbits are phylogenetically the closest species to human beings outside of the primate order. Also, many haemodynamic stresses and non-dimensional groups obey allometric scaling laws and the discrepancy in their value between mice and people is therefore much greater than the discrepancy between rabbits and people. Aortic WSS, for example, depends on body mass raised to the inverse 3/8ths power (reviewed in Weinberg and Ethier, 2007) and is thus 20-fold higher in mice than in people. Ignoring findings obtained in rabbits may be unwise.
Caro and colleagues themselves made an attempt to resolve the discrepancy. To understand their reasoning, it is first necessary to introduce some fundamentals of wall mass transport. There is a pressure gradient from the arterial lumen to the adventitia, driving a constant convective flow across the wall. Dissolved macromolecules will be advected in the same direction, but may be filtered at various interfaces though which water can move more readily than the solute. At such points, solute concentration will rise, like a filter cake, until it drives sufficient diffusion in the reverse direction to match the forward advective flux. This phenomenon is known as concentration polarisation. There have been many studies of its putative occurrence at the endothelial surface, but additional concentration polarisation may occur within the wall. For example, LDL concentrations in the arterial intima appear to be higher than those in plasma and this has been attributed to filtering by the internal elastic lamina (Smith and Staples, 1980).
Caro and Lever (1983) suggested that intimal trapping might also arise if the arterial media restricted transport of large solutes more than water. A corollary is that the degree of trapping might depend on the tone of medial smooth muscle cells, and hence could vary according to the mix of vasoactive agents present. Medial tone, by affecting porosity, would also influence the space available for solutes and hence the amount of solute present in each volume of wall tissue. Thus it is conceivable that the intimal concentration of an atherogenic macromolecule could be high in areas where the level averaged over the thickness of the wall is low; both could be caused by low medial porosity.
A phenomenon of this type might explain an apparent inverse relation between local wall uptake of plasma macromolecules and the predilection for lesions, avoiding the need to invoke transport from the wall into the lumen, with its attendant problems. However, it cannot be a complete solution to the incompatibilities noted above. First, the binding of EBD to elastin means that it should be an excellent indicator of the rate of entry of proteins into the wall, and that it should be little affected by the space available for macromolecules in the media. Second, the different sites of lesions in rabbit and human arteries remain unexplained. Like the first mechanism of Caro et al. (1971), this second attempt has not entered the mainstream. We are thus left with a paradigm in which low shear stress leads to dysfunctional, leaky endothelium and hence to disease, even though the predicted patterns of shear stress and measured patterns of permeability in the rabbit contradict it.
CONTRADICTIONS CAN BE RESOLVED BY TAKING AGE INTO ACCOUNT
A potential resolution of the apparent contradictions described above arises from the observation that anatomical patterns of transport and disease change with age. The fundamental suggestion is that immature rabbits have been inappropriately compared with mature people. Rabbits tend to be used when young because it is costly to house them for long periods. Post mortem human arteries generally derive from older, or at least mature, populations. When age is taken into account, there is a strong spatial correlation between sites of rabbit permeability, rabbit lesions and human lesions.
The first study (Sebkhi and Weinberg, 1994a) in the development of this concept, conducted nearly 30 years ago, showed that net uptake of circulating albumin by the aortic wall was greater downstream than upstream of intercostal branch ostia in immature rabbits, but greater upstream than downstream in mature rabbits. The transition occurred at around 6 months of age (Figure 3A). Mean uptake did not change, so uptake must have been decreasing downstream and increasing upstream with age. (There was a sharp drop in mean uptake shortly after weaning.)
[image: Figure 3]FIGURE 3 | (A) Difference between uptake of albumin downstream and upstream of intercostal branch ostia, expressed as a percentage of the mean uptake in both regions. Uptake is greater downstream in young rabbits and greater upstream in older rabbits (Sebkhi and Weinberg, 1994a). (B) Maps showing the prevalence of spontaneous lipid deposition around intercostal branch ostia in weanling (left) and aged (right) rabbits fed a normal diet. The centre of the ostium is marked with an “X,” mean aortic flow is from top to bottom and increased lesion prevalence is indicated by numbers (% of branches affected at each site) and by darker shading (Barnes and Weinberg, 1998). (C) Similar maps of lesion prevalence in immature and mature rabbits fed a cholesterol-enhanced diet (Cremers et al., 2011). (D) Average extent of lesions from the lip of intercostal ostia (shaded circle) in human fetuses, neonates and infants up to the age of 1 year. Arrow shows mean flow direction (after Sinzinger et al., 1980).
This study assessed uptake 3 h after tracer administration. At this time, levels of labelled albumin in the wall are approaching a steady state, where they should resemble those of the native protein. Steady-state levels of an inert particle reflect three properties: the ease of entry into the wall (here termed permeability, regardless of the mechanism of entry), the ease of egress from the wall, and the space available for the particle within the wall.
A subsequent study (Sebkhi and Weinberg, 1996) examined uptake 10 min after tracer administration. After such a short period, concentrations of tracer in the space available to it are much lower than concentrations in plasma, and will be dominantly determined by ease of entry. The same age-related patterns were found, supporting the view that permeability is the limiting factor. Murphy and Lever (2002) similarly found that short-term uptake of labelled albumin was greater downstream than upstream of the renal artery in immature rabbits and showed the reverse pattern in mature ones. (However, they were unable to demonstrate a parallel pattern of quasi-steady uptake in mature animals.)
Spontaneous lipid deposition in rabbit arteries is rare, but it can be detected in weanling and old animals. A study (Barnes and Weinberg, 1998) mapping lipid deposition in rabbits of these ages found an arrowhead distribution downstream of intercostal branch ostia in the weanlings and sparing of this area in old animals, where lipid staining instead occurred further downstream and at the sides of the branch (Figure 3B). A trend from a downstream arrowhead to a pattern with more lateral and upstream lipid deposition was also seen at the origin of the coeliac artery. (The fact that disease developed at all in the mature animals is a challenge to the insudation theory because their average plasma cholesterol concentration was only 18 mg/dl).
The patterns in cholesterol-fed rabbits proved harder to elucidate. A small study (Sebkhi and Weinberg, 1994b) of quasi-steady albumin uptake showed that feeding mature rabbits 0.2% cholesterol for 1 week reversed the usual pattern of transport, so that uptake became greater downstream than upstream of intercostal branch ostia, as in immature animals. However, after a further week of feeding, the pattern reverted to normal. This made it uncertain whether to expect the downstream pattern of lesions if mature rabbits were fed cholesterol, or one where the area downstream of branches was spared.
In fact, both patterns—and intermediates between them—were observed. In a first trial (Barnes and Weinberg, 1999), lesions occurred in the classical Anitschkow arrowhead around the downstream margin of intercostal branch ostia in the aortas of both immature and mature animals. In a second trial (Barnes and Weinberg, 1999), mature animals had lesions lateral to the branch ostia with areas upstream and downstream of the branch being spared. The discrepancy was attributed to differences in the diet, especially since adding vitamin E to the diet in the second trial, with the aim of preserving the nitric oxide pathway, increased disease upstream of the branch.
This idea was explored in a third trial (Barnes and Weinberg, 2001) by additionally giving the cholesterol-fed rabbits either vitamin E, or L-arginine or L-NG-nitro-arginine methyl ester (L-NAME) which are, respectively, the precursor and an inhibitor of NO production. All the diets gave a pattern that was intermediate between the two previously observed: lesions occurred downstream of the branch except along a line extending axially from the branch centreline, as if the downstream arrowhead were splitting into two lobes. A fourth trial (Barnes and Weinberg, 2001) examined the dietary fundamentals by using either of the two base diets and either of the two cholesterol regimens (0.2% for 15 weeks or 1% for 8 weeks) previously employed. Both the downstream and the lateral pattern were observed, but neither base diet and neither cholesterol regimen consistently gave one or the other.
The fourth trial was the first in which lesion patterns differed substantially between and within groups and was also the first in which it had not been possible to obtain all the rabbits from a single supplier. This motivated a retrospective analysis (Barnes and Weinberg, 2001) of mature animals from all four trials; it showed that the discrepancies could be explained completely by which strain of rabbit had been used. Although all rabbits were New Zealand Whites and >11 months old, one strain consistently showed the downstream triangle, a second consistently showed the lateral pattern, and two gave the intermediate pattern. A subsequent trial (Cremers et al., 2011) in which immature and mature rabbits of the second strain were given the same diet for the same length of time unequivocally gave the arrowhead pattern at intercostal branch ostia of the immature animals and a more lateral pattern in the mature ones (Figure 3C).
To confirm that this unexpected effect of strain applies to the pattern of transport as well as lesions, short-term uptake of albumin was examined in two strains of rabbit (Staughton and Weinberg, 2004a). Both showed a gradual change with age from uptake being greater downstream of the branch to it being greater upstream of the branch, as before. However, the age at which the pattern switched—i.e. at which uptake was equal in both regions—was approximately 650 days in one strain and 1,300 days in the second. These values were significantly different, and both were markedly different to the approximately 180 days observed in the initial studies described above, which used a third strain of rabbit. Hence the switch does not necessarily occur at the age of sexual maturation, as originally supposed.
An interesting additional finding of this study was the existence of a circadian effect: the pattern of uptake was consistently biased towards the upstream pattern in the morning, compared to the afternoon. This suggests that the pattern depends in part on a physiological property that can vary over a matter of hours, in addition to any influences of more time-invariant properties such as arterial geometry.
Do parallel age-related changes occur in people? There is one quantitative study mapping the distribution of lipid deposits in post mortem aortas of human fetuses, neonates, and infants below the age of 1 year (Sinzinger et al., 1980). Sudanophilia was found exclusively around the downstream margins of branch ostia in the youngest aortas, and all around the branches but with highest prevalence downstream, in the older ones (Figure 3D). Although the authors explicitly noted that this pattern is at variance with the one obtained in adult vessels and is similar to data for the cholesterol-fed rabbit, the work has received only 5% of the citations of the paper of Caro et al. (1971), presumably because it does not fit the current consensus.
The important result of Sinzinger et al. is consistent with qualitative data from much earlier studies. Zinserling (1925) noted the presence of small, distinct spots of lipid staining, one below each intercostal ostium, and lesions in the form of a Y-shaped fork, with two stripes that join under the ostium, in children. Thus there appears to be a switch with age in the distribution of lipid deposits in the human aorta that parallels the one observed in the rabbit. It is interesting to speculate that, as with rabbits, different populations may undergo the swich at different ages.
Conclusion
The data described in this section eliminate the need to regard the cholesterol-fed rabbit model as aberrant in some way. On the contrary, both spontaneous and diet-induced lesions in the rabbit seem to replicate closely an age-related switch, largely ignored, that occurs in human vessels. Furthermore, the rabbit provides a mechanism: wall uptake of circulating macromolecules shows the same age-related switch. The permeability of the wall appears to be the critical property.
There is no need to postulate that transport out of the wall is critical, with the attendant problem in accounting for the dependence of disease on plasma cholesterol concentrations: regions downstream of branches can be diseased or spared in animals consuming diets supplemented with the same high level of cholesterol for the same duration (Cremers et al., 2011). Equally, there is no need to postulate that disease is triggered by variation in intimal macromolecule accumulation that has an undetected anatomical distribution opposite to that seen in the wall as a whole. Indeed, when uptake of albumin measured over the entire intima-media is higher downstream of branches than upstream, then the same is true for uptake in the innermost layers of the wall; there is no indication of a reversed pattern in the innermost layers that could account for an upstream distribution of lesions (Sebkhi and Weinberg, 1996).
Provided that age is taken into account, the simple insudation theory can account for the pattern of human lesions, as well as rabbit lesions. Indeed, the fact that patterns of transport and lesions remain correlated despite both changing with age greatly strengthens the insudation theory; there are many properties that vary around arterial branches, but presumably far fewer that show the necessary switch with age. The changes with age add complexity but, paradoxically, make it easier to identify localising factors.
THE EMERGENCE OF OTHER DISEASE PATTERNS
In the preceding sections, lesion prevalence and permeability have been discussed largely in a binary fashion: are they greater upstream or downstream of branch ostia? However, the patterns are more complex and more numerous than this, which has implications for the mechanisms involved.
Sloop et al. (1998) demonstrated the existence of two patterns of fatty streaks in adult human aortas. In one pattern, lesions occurred lateral to intercostal branch ostia, and in longitudinal streaks joining those areas. In a second pattern, lesions extended proximally from the inflow tract of intercostal ostia. Occasionally, both patterns were seen in a single aorta (Figure 4A). The average age of subjects with the first pattern was significantly lower than those with the second pattern, although the difference was remarkably small (20.5 ± 3.5 vs 25.8 ± 1.3 years, p = 0.004). Subjects with equal prevalence of both patterns had an intermediate age (23.5 ± 2 years). The only other variable associated with the switch was the serum isothiocyanate level, indicative of smoking.
[image: Figure 4]FIGURE 4 | (A) Human thoracic aorta, viewed as in Figure 2A, showing two patterns of lipid staining at intercostal branch ostia (Sloop et al., 1998). (B) Lesions in an aged human aorta, viewed as in Figure 2A. Fibrous caps of raised lesions appear white and can be seen completely surrounding the dark holes of branch ostia (Mitchell and Schwartz, 1965). (C) Spontaneous lipid deposition (red) extending upstream of the coeliac branch ostium in the abdominal aorta of an aged rabbit fed a normal diet (Barnes and Weinberg, 1998). (D) Maps of lesion prevalence, displayed as in Figure 3C, in mature rabbits of four different strains. The maps are arranged in an order that gives the impression of a trend from the downstream arrowhead to the lateral pattern of disease (Barnes and Weinberg, 2001).
Mitchell and Schwartz (1965) found that raised lesions in human aortas completely surround branch ostia, giving the appearance of a volcano (Figure 4B). The discrepancy with the pattern of lipid deposition was used to argue that fatty streaks are not precursors of raised lesions. Sloop et al. (2002) have made the same argument based on the development of raised fibroproliferative lesions in synthetic dialysis access grafts, without prior fatty streaking. This view has not been widely reported or accepted.
Thus in people, there are downstream, lateral, and upstream fatty streaks, and raised lesions that surround ostia. There appears to be a progression in that order with increasing age. The first two have been demonstrated unequivocally in immature and mature rabbits, while the third may occur spontaneously at the coeliac branch ostium in aged animals (Figure 4C). The fourth has not been quantified in rabbits but example images of raised lesions in hares fed cholesterol-supplemented and normal diets, alternating every week for up to 18 months (Imai and Lee, 1983), do appear to show disease at several points around aortic branches.
Is there a continuous change in lesion pattern or a series of discrete switches from one to another? Although upstream streaks are visible at distal branches of the human aorta shown in Figure 4A, and lateral streaks at the proximal branches, branches at the centre of the image appear to show transitional forms. Similarly, the patterns of lesions observed in mature, cholesterol-fed rabbits of different strains, described above, can be arranged in a sequence (Figure 4D) that—although not corresponding to chronological age—supports the view that there is a smooth transition from the downstream to the lateral pattern rather than an abrupt switch.
Extending the argument made above, the multiplicity of lesion patterns should make the identity of a mechanism, if there is a single one, even more secure. Can permeability of the arterial wall account for all the patterns? In the studies discussed above, uptake of fluorescently-labelled albumin by the wall upstream and downstream of branches was measured in histological sections cut along the aortic axis, through the centreline of the branch. Such measurements cannot rigorously be compared to the various patterns of lesions. Indeed, the centreline through the branch defines a plane of symmetry that may behave quite differently from planes displaced even a short distance to either side.
A study (Ewins et al., 2002) that laboriously cut serial longitudinal sections across the width of the branch ostium indicated that the “downstream greater than upstream” pattern of permeability in immature rabbits was in fact a downstream arrowhead, whereas the “upstream greater than downstream” pattern in mature rabbits actually had highest uptake at the lateral margins of the branch and in streaks extending upstream and downstream from this location.
The subsequent development of rapid detection techniques based on confocal microscopy (Clarke et al., 2012) allowed 3-dimensional mapping of tracer uptake around the branch at a range of ages (Bailey et al., 2015). Maps showed a transition from the downstream triangle via an intermediate form to a lateral pattern, and then to an upstream pattern in animals >5 years old (Figure 5). (A reduced analysis of these four patterns showed a continuous increase in the ratio of transport directly upstream of the branch to that directly downstream.) The agreement with the distribution of fatty streaks in rabbits and people seems excellent. The mechanism underlying the development of raised lesions requires further investigation; note that such disease may affect its own progression by disturbing blood flow. An interesting feature of the data is that branches on the left and right side of the aorta showed slightly different patterns of uptake, consistent with the patterns being determined not just by the branch itself but also by larger-scale flow features.
[image: Figure 5]FIGURE 5 | Maps of 10-minute albumin uptake by the aortic wall of rabbits around intercostal branch ostia. The four panels represent, from top to bottom, rabbits aged 9 weeks, 6 months, 16–22 months and >5 years (Bailey et al., 2015). Uptake is expressed as mass transfer coefficients (cm/s), mean aortic flow is from top to bottom and dimensions are in μm.
UNDERLYING MECHANISMS
Anitschkow (1933) attributed the non-uniform pattern of transport and lesions to variation in mechanical forces. Three putative triggers have already been mentioned. They all concern WSS, although they differ as to whether it is high (Fry, 1969), low (Caro et al., 1971) or oscillatory shear (Ku et al., 1985) that is critical. Other putative triggers involving flow include turbulence (Wesolowski et al., 1965), fluctuating WSS (Fry, 1973), pulse WSS (Friedman et al., 1981), temporal WSS gradient (Bao et al., 1999), WSS harmonic content (Himburg and Friedman, 2006), spatial WSS gradient (Lei et al., 1995), WSS angle gradient (Kleinstreuer et al., 2001), the WSS angle deviation (Hyun et al., 2000), multidirectional WSS at stagnation points (McMillan, 1985a; McMillan, 1985b), multidirectional WSS generally (Peiffer et al., 2013a; Mohamied et al., 2015), particle residence time (Moore Jr et al., 1992) and relative residence time (Himburg et al., 2004). The plethora of hypotheses may explain why vascular biologist frequently use the vague and hence undesirable term “disturbed flow” to indicate atherogenic stresses.
Spatial variation in pressure, the stress normal to the wall surface, has been invoked less often. Texon (1957) suggested that the presence of lesions on the lateral walls of bifurcations could be explained by Bernoulli-type reductions in pressure. Such hypotheses have not gained acceptance, perhaps because the maximum dynamic pressure associated with the flow of blood is only around 10 mmHg (Caro et al., 1971) and hence point-to-point variation in pressure, scaled by the average value, will be much smaller than variation in WSS, similarly scaled.
Changes in blood pressure occur during each cardiac cycle and, because arteries are elastic, lead to cyclical changes in the dimensions of the wall. This strain my vary from site to site as a result of variation in wall stiffness or as a result of expansion being prevented by structures outside the wall. There is a segmental distribution of disease in the vertebral arteries, lesions occurring where the artery is free to expand, but not where it passes through the bone canal (Moossy, 1966; Solberg and Eggen, 1971). The internal carotid artery is protected from disease where it passes through the canal at the base of the skull (Glagov et al., 1988) and lesions are absent where coronary arteries pass under constraining “myocardial bridges” (Nakaura et al., 2014). Thubrikar et al. (1988) showed that lesion formation downstream of the renal artery ostium in cholesterol-fed rabbits can be prevented by restricting aortic expansion with an external cuff.
A fundamental problem with the evidence implicating arterial strain is that preventing a vessel from expanding will change not only strain but WSS as well—the time-average diameter will be smaller and hence WSS will be higher. The pattern of WSS may also be altered, if the geometry is complex. The same issue applies to in vitro studies examining effects of cyclic strain on cultured endothelium: when cells are stretched on a deformable membrane and there is static fluid above them, the stretch creates a relative motion with the fluid and thus generates fluid shear stresses. New techniques (e.g. Rowland et al., 2021) are required to look at more subtle, natural variations in strain, with the aim of determining whether it or WSS best explains the pattern of disease.
This summary understates the number and complexity of putative mechanical triggers. For example, there are hypotheses that depend on the temporal relation between WSS and strain (Dancu and Tarbell, 2007). What needs to be addressed is their relation to the change with age that occurs in the pattern of permeability and lesions. Broadly speaking there are two possibilities: 1) the distribution of mechanical stress is constant with age and it is the relation between mechanical stress and atherosclerosis that changes, or 2) the distribution of mechanical stress changes with age and the relation between mechanical stress and atherosclerosis remains constant.
(i) The relation between mechanical stress and atherosclerosis changes with age
A hypothetical example if this kind of mechanism would be that lesions develop at sites of high shear in immature aortas but at sites of low shear in mature aortas. That would require a change in the pathways between WSS and disease, such as in the relation between shear and permeability.
In the first study of age-related pathways (Forster and Weinberg, 1997), nitric oxide (NO) was chosen for examination because it can modify transport properties of blood vessel walls (Kubes and Granger, 1992; Yuan et al., 1992) and is influenced by age (Liu et al., 1992; Aliev et al., 1995), blood flow (Holtz et al., 1984; Rubanyi et al., 1986) and hyperlipidemia (Minor et al., 1990; Cooke et al., 1991). It was investigated in rabbit thoracic aortas; they were perfused with physiological buffer in situ to avoid indirect effects caused by the influence of NO on blood pressure, aortic flow, or interactions of blood cells with the vessel wall. Flow was steady. In this preparation, short-term uptake of albumin was greater downstream of branch points in immature aortas and upstream in mature aortas, as in vivo. That is itself interesting; it suggests that neither pattern is determined by unsteady components of luminal pressure or flow, interactions of blood cells with the vessel wall, or components of plasma, or that they are determined by these things via effects lasting longer than the 1.5 h that it took to conduct the surgery.
When NO production was inhibited with L-NG-monomethyl arginine (L-NMMA), starting 15–25 min before the administration of tracer, the mean of uptake upstream and downstream of intercostal branches in immature aortas increased by a factor of three but the pattern was unaffected. In mature aortas, mean uptake was unaffected but the pattern was reversed—uptake became greater downstream than upstream of branches and the difference was as large as that seen in the youngest immature rabbits (Figure 6A). This suggests a change in endogenous NO production (e.g. from basal production to flow-dependent production) and/or a change in the effects of NO on permeability with age.
[image: Figure 6]FIGURE 6 | (A) The effect of the NO inhibitor L-NMMA on the pattern of albumin uptake upstream and downstream of intercostal branch ostia in the in situ-perfused rabbit aorta. Positive values indicate greater uptake downstream and negative values indicate greater uptake upstream, as in Figure 3A. L-NMMA reversed the normal mature pattern of uptake but had no effect on the pattern in immature rabbits (Forster and Weinberg, 1997). (B) A similar but smaller effect was seen in mature rabbits in vivo (Staughton and Weinberg, 2004b). (C) The same trend was seen in mature rabbits when the intercostal arteries were occluded in anaesthetised mature rabbits, whereas sham operation had no effect (Staughton et al., 2001).
Parenthetically, it is noted that EBD inhibits acetylcholine-stimulated relaxation of preconstricted aortic rings (Forster and Weinberg, 1997), the paradigmatic property associated with the NO pathway, and studies in which this intravital dye circulates for prolonged periods may therefore give results that do not truly reflect transport of native macromolecules in vivo.
A follow-up study examined the effects of L-NMMA on transport and cholesterol-induced lesions in rabbits in vivo (Staughton and Weinberg, 2004b). Only mature animals were used. The upstream pattern of short-term albumin uptake was seen in control animals, as expected. This pattern was abolished in the rabbits administered L-NMMA. The change was statistically significant, but uptake after L-NMMA was only slightly greater downstream of the branch than upstream and the difference between regions did not reach significance (Figure 6B). This is markedly different from the large effect seen in perfused vessels.
Lesions in the control cholesterol-fed group clustered around the lateral margins of the branch, and in areas extending upstream and downstream from these locations, as expected. The pattern was broadly similar in animals administered L-NMMA chronically during the trial, and pilot studies with a wide range of alternative NO inhibitors also failed to give the downstream pattern of lesions in mature animals.
The discrepancy between the in vivo and the in situ-perfused transport data could reflect the influence of NO on pressure, flow and blood cell-wall interactions, which are only present in the former. Alternatively, the discrepancy could represent a difference in transport mechanisms. Albumin has a size that gives approximately equal transport via “small pores” and “large pores” in capillary endothelium in vivo (Levick, 1991). These pores may represent intercellular junctions and vesicular routes, respectively (see below). Permeability to albumin was elevated up to five-fold in the perfused vessels compared to in vivo, most likely due to an increase in transport through intercellular junctions. The junctions may be more susceptible than vesicles to the influence of NO. On the other hand, the similarity of patterns of permeability in vivo and in perfused vessels argues that their determinants should be broadly similar. A simpler possibility is that the discrepancy may reflect an unknown technical issue; for example, NO synthesis could be harder to inhibit in vivo.
Further studies (Staughton et al., 2001) investigated whether there is a change with age in the sensitivity of the transport patterns to flow. This was achieved by tying off some intercostal arteries but not others in anaesthetised rabbits; fluorescently-labelled albumin was administered 20 min after the occlusion, and was allowed to circulate for 15 min before the aorta was fixed, sectioned and imaged. Uptake was greater upstream than downstream of control branches in mature animals, as in vivo, but the reverse pattern was seen at occluded branches, uptake being greater downstream, while mean uptake was unchanged (Figure 6C).
This is the same switch that was seen when NO was inhibited in perfused vessels (Forster and Weinberg, 1997), when hypercholesterolaemia (a known inhibitor of the NO pathway) was induced for 1 week (Sebkhi and Weinberg, 1994b), and when fixation was inadvertently delayed after death in in vivo experiments, which left vessels exposed to tracer in the absence of pressure and flow (Sebkhi and Weinberg, 1996). A partial effect in the same direction was seen when an NO synthase inhibitor was administered in vivo (Staughton and Weinberg, 2004b). All these data are consistent with an underlying downstream pattern being changed to an upstream pattern in mature animals when flow-dependent synthesis of NO occurs. Since mean uptake was not altered in these experiments, shear-dependent NO production—if it is responsible—increases transport upstream of the branch and decreases it downstream. The effect is rapidly reversible. (The latter point suggests that the presence of the normal mature pattern in vessels perfused with a steady flow of physiological buffier is not a lingering effect of the pulsatile flow of blood 1.5 h earlier.)
An unexpected result in the branch occlusion experiments (Staughton et al., 2001) was the absence of the downstream pattern in immature animals: uptake was equal in upstream and downstream regions. Furthermore, the pattern was unaffected by occluding the branches. An additional aberration was that mean uptake at branch points was three-fold higher in the immature animals than in the mature ones, contrary to the finding in perfused vessels and in conscious animals. These results may be indicative of some important mechanism underlying the immature pattern (for example, that the pattern is dependent on strain and therefore abolished by the hypotension arising from anaesthesia) or they may reflect some trivial experimental variable; the explanation is currently unclear.
A similar experiment that examined uptake of EBD over 20–30 min at the aorto-renal branch in a small sample of anaesthetised immature animals (Murphy, 1998) did find the normal pattern—greater uptake downstream of the branch than upstream—at control branches and showed that it was unaffected by partial ligation of the branch for 1.5 h. This suggests that the immature pattern does not depend on flow. Thus, different mechanisms appear to determine the uptake of albumin at immature branch points: not only is the pattern unaffected by inhibiting NO production but it also appears not to depend on flow, at least in the short term.
(ii) The distribution of mechanical stress changes with age
The data presented above strongly suggest that there is a change with age in the mechanism linking flow with patterns of transport near branches. There is no need to propose that the flow itself also changes with age. The first study (Al-Musawi et al., 2004) to test whether the pattern of flow is indeed constant exploited the relation between endothelial morphology and applied flow. Endothelial cell elongation and orientation, nuclear elongation and orientation, and the distribution of cytoskeletal F-actin all change when the direction and magnitude of the flow are modified in vivo (Levesque et al., 1986; Walpola et al., 1993) or in vitro (Dewey Jr et al., 1981; Levesque and Nerem, 1985); they have been widely used to assess WSS.
The study of Al-Musawi et al. found that endothelial cell nuclei were more elongated downstream than upstream of intercostal branch points in the aortas of immature rabbits. Lateral regions had intermediate elongations. In mature rabbits, by contrast, nuclear elongation was higher upstream than downstream; elongation in lateral regions was unchanged. This suggests that the distribution of WSS does reverse with age. The orientation of nuclei, putatively indicating the direction of near-wall flow, did not change.
This finding motivated a second study (Bond et al., 2011) in which elongation and orientation of endothelial nuclei were measured using automated methods. This permitted many more branches to be examined, and hence allowed the nuclear properties to be determined in smaller areas of the endothelium without incurring excessive variation. The resulting maps could be compared directly with maps of lesion prevalence. The study confirmed that the pattern of nuclear elongation, measured in rabbits aged 6–7 weeks and 11–22 months, reversed with age and that the pattern of nuclear orientation did not (Figure 7). The maps of elongation were remarkably similar to the maps of spontaneous disease in rabbits aged 4 weeks and 25–77 months (Figure 3B). Importantly, if cells and their nuclei elongate with increasing WSS, as commonly assumed, then this positive correlation suggests that both patterns of spontaneous rabbit lesions—and, by implication, the similar patterns of human disease—occur in regions of high rather than low WSS.
[image: Figure 7]FIGURE 7 | The pattern of endothelial nuclear elongation (left pair of maps) and alignment (right pair) around intercostal branch ostia (white) for immature (A) and mature (B) rabbits. Colour coding represents length-to-width ratios (left) or angles between the nuclear long axis and the aortic axis (right, with negative angles indicating the proximal end of the nucleus is displaced to the anatomical right). Maps show an en face view with mean flow from top to bottom (Bond et al., 2011).
Additional findings of note, observed in the descending thoracic aorta as a whole, were: 1) a broad streak of high elongation along the dorsal surface, 2) many minor streaks of high elongation, also in the axial direction, bearing a strong resemblance to fatty streaks (which derive their name from this linear appearance), and 3) nuclear orientations that suggest counter-rotating, Dean-type vortices.
Thus, in addition to the evidence for a change in response to flow, described in the preceding section, these two studies suggest that the pattern of flow around branch points also changes with age. Only one of these mechanisms is required to account for the changing pattern of lesions. Biological systems are not selected by Occam’s razor, but the finding is unexpected—nothing about the flow profiles in Figure 1B suggests that it should occur—and it is therefore useful to examine assumptions underlying the nuclear elongation method.
First, most studies showing that elongation depends on WSS have examined cellular rather than nuclear morphology. Nevertheless, the study of Bond et al. (2011), just described, did include validation against a smaller series of measurements concerning elongation of the whole cell; a good correlation was obtained with nuclear elongation regardless of whether the cell outline was analysed manually or by using an automated technique based on machine learning (Iftikhar et al., 2011).
Second, there are other influences on cell elongation. For example, it is affected by flow pulsatility and reversal (Helmlinger et al., 1991) and by strain (Zhao et al., 1995). There also seems to be compensation for the increased WSS associated with smaller body size; endothelial cells know in some way the size of the body they are in (Weinberg and Ethier, 2007) and adjust their elongation accordingly. However, the effect of stretch is smaller than the effect of shear when both are applied at physiological levels (Zhao et al., 1995), the adjustment for body size should not influence local differences around branch ostia, and the influence of pulsatility and reversal do not contradict the view that the pattern of flow changes with age, only how it changes.
Third, the elongation of endothelial cells and their nuclei is a response to WSS. Evidence has been presented above that responses to shear can change with age. Hence it is feasible that endothelial elongation represents different flow features at different ages. The possibility that patterns of elongation reverse with age despite an unchanging flow pattern seems unlikely but cannot be ruled out a priori.
COMPUTATIONAL STUDIES OF FLOW
In the 1960s and early 1970s, when Fry and Caro et al. proposed their high- and low-shear hypotheses, the distribution of WSS had to be obtained by applying fundamental principles of fluid mechanics to simplified geometries or by using physical models. Over the years, models and associated measurement techniques became more advanced (e.g. Ku et al., 1985) and methods for characterising flow in vivo have also progressed (e.g. Riemer et al., 2021). However, current experimental methods still cannot reliably assess WSS around branch ostia.
The application of computational fluid dynamics (CFD), which occurred almost 40 years ago (Friedman and Ehrlich, 1984), was a big advance not only because it allows such assessment but also because it permits “experimental” manipulation of boundary conditions to determine their effect on the distribution of WSS; this is particularly valuable when attempting to understand effects of age.
An initial study with this aim (Kazakidi et al., 2009) determined influences of Reynolds number and side branch flow on the distribution of WSS around an ostium. The geometry was simplified by representing the branch as a cylindrical tube emerging perpendicularly from a flat surface. This assumption is justified where the parent vessel is much larger than the branch, as at an aorto-intercostal junction. The use of steady flow was justified by the desire to obtain time-average WSS and an assumption of quasi-steady flow. To examine effects of the branch alone, no attempt was made to incorporate the geometry of the aortic arch or its branches.
The objective was to confirm that WSS is high downstream and low upstream of the branch, and to examine whether this pattern can be modified. The numerical simulations showed, however, that shear is highest upstream of the branch (Figure 8A). This arises because it is easiest for slow-moving fluid near the wall to change direction; contrary to the impression given by 2-D representations (Figure 1B), flow therefore enters the branch not only from near-wall regions that lie directly upstream of the ostium but also from other near-wall regions, spread over a wider region, and less from regions further away from the wall, even if they do lie directly upstream of the branch. The near-wall streamlines converging on the branch mouth indicate accelerating fluid and the higher velocity leads to higher WSS. This effect gets stronger as Reynolds number is raised, since the increased inertia makes it even harder for fluid away from the wall to enter the branch. It also gets stronger when side branch flow rate is increased, since more fluid needs to enter the branch. A patch of high shear stress upstream of the branch is visible in the physical models of Caro et al. (1971), although not discussed by them.
[image: Figure 8]FIGURE 8 | (A) Maps of the effect of Reynolds number and the ratio of branch to aortic flow rate on computed WSS around the ostium (white) of an idealised branch emerging from a flat plate, viewed en face with mean flow from top to bottom (Kazakidi et al., 2009). Surface streamlines are also shown. (B) Patterns of WSS (Pa) around a pair of aorto-intercostal junctions, computed for steady flow in a realistic representation of the rabbit anatomy and viewed from outside the vessel, with mean flow from top to bottom (Vincent et al., 2011). (C) Maps of WSS around intercostal ostia (white) computed for steady flow in realistic representations of an immature and a mature rabbit anatomy, viewed en face with mean flow from top to bottom (Peiffer et al., 2012).
WSS was low lateral to the branch (Kazakidi et al., 2009) (Figure 8A). In this region, some flow turned to enter the branch while neighbouring elements continued down the parent vessel, leading to diverging surface streamlines. This effect increased with Reynolds number and side branch flow rate, as above. WSS was generally elevated downstream of the branch, presumably because the development of a new boundary layer overcame the effect of the diverging streamlines in this region, but at sufficiently high branch flow rates and low Reynolds numbers shear was actually lowest downstream.
This model therefore contradicts the assumptions on which both the high- and low-WSS hypotheses were predicated. Furthermore, no low- or high-shear region had a shape that particularly resembled any of the patterns of lesions described above. The closest resemblance was between the lateral pattern of lesions and the distribution of low shear at physiological Reynolds numbers (500 for the rabbit, 1,500 for people) and side-branch flow rates (0.16% or 0.39% of the aortic flow for each intercostal) (Figure 8A), but even it is not striking. Resemblances were not markedly improved by modelling branches in pairs or by using more realistic geometries for the inflow tract and flow divider.
A follow-on study (Kazakidi et al., 2011) introduced unsteady flow. Adding pulsatile but non-reversing side-branch flow whilst maintaining steady flow in the aorta produced only minor changes. However, if the side-branch flow reversed direction during part of the cycle, as may occur in vivo, WSS patterns were substantially disrupted: in the period of reverse flow, shear was reduced rather than elevated in a small region upstream of the branch. During the subsequent switch to forward side-branch flow, shear was reduced in substantial areas both upstream and downstream of the branch, and was high at the lateral margins, a pattern that was almost the reverse of the steady-flow case. A similar pattern could be induced during certain parts of the cycle in a case with reversing aortic flow and pulsatile but non-reversing side-branch flow, as could other patterns at other times. Despite this wide variety of instantaneous WSS patterns, once again none of them resembled lesion patterns particularly closely, and neither did the patterns of time average WSS or OSI.
Vincent et al. (2011) then examined WSS patterns at aorto-intercostal junctions in a realistic rabbit aortic geometry, obtained by micro-computed tomography of a cast that was created by infusing resin into the vessel in situ and at pressure, allowing it to set, and then dissolving away the tissue. This method gives spatial resolution on the order of 10 μm; disturbances in WSS caused by the ductus scar, for example, were easily visible. Viewing the branch mouth en face, high WSS was again apparent upstream and downstream of the ostium, with low WSS laterally. Values were generally higher downstream than upstream and the shapes of these patches were stretched circumferentially, or compressed axially, compared to the simpler models. When the simulations were viewed from outside the vessel (Figure 8B), a fine ring of much lower shear was observed around most of the circumference of the first part of the side branch. There was still no downstream triangle or upstream streak of low shear. The anatomy of the arch produced longitudinal streaks of low and high shear in the descending segment at Reynolds numbers relevant to the rabbit and human aorta, which may reflect Dean vortices formed in the arch. When these streaks intercepted a branch, their effects on WSS were additive with the patterns produced locally by the ostium.
In the final study focusing on high and low WSS, Peiffer et al. (2012) simulated steady flow in geometries derived from corrosion casts of young and mature rabbit aortas. The anatomy changed with age: aortic curvature and torsion did not differ significantly between the groups but there was more taper between the root and first intercostal artery in mature than immature rabbits. Increased taper led to greater persistence of arch-generated Dean vortices down the descending thoracic aorta, and this in turn led to higher WSS on the dorsal wall of the mature rabbits. Despite this, the pattern around intercostal branches remained constant with age—high WSS upstream and, even more so, downstream of the branch, and low WSS laterally—therefore disagreeing with the age-related pattern of endothelial nuclear elongation (Figure 8C). (The results were broadly similar to an earlier study by Buchanan et al. (1999) that mapped WSS at the rabbit aorta-coeliac junction.) In a subsequent statistical comparison (Peiffer et al., 2013b) of the WSS distributions with lesion patterns obtained in cholesterol-fed rabbits (Cremers et al., 2011), the correlation was of borderline significance for immature animals and not significant for mature ones. Even where borderline significance was obtained, the relation was positive; that is, high lesion frequencies were associated with high WSS.
POTENTIAL IMPORTANCE OF MULTIDIRECTIONAL FLOW
The lack of resemblance between WSS and lesion patterns in these four CFD studies motivated a re-examination of the low WSS hypothesis. With the aim of assessing the strength of the spatial correlation in previous studies, a systematic review (Peiffer et al., 2013c) examined all papers identified with the search terms atherosclerosis, shear and computational fluid dynamics, or synonyms of them. Twenty-seven papers remained of the original 406 after applying various pre-defined inclusion and exclusion criteria (e.g. the geometry had to be anatomically realistic, but not include severe disease that would itself have affected flow). Of these studies, 22 stated that their results agreed with the low WSS theory and only 5 (<20%), all examining thickening of human arteries, did not. That appeared to be strong evidence for the low WSS hypothesis.
However, a different picture emerged when the studies were subdivided according to the degree of data reduction and level of quantification they had employed to compare the patterns of WSS and disease. Studies that used descriptive analysis, visual comparison, simple thresholding or preselected areas unanimously supported the hypothesis. Studies that were quantitative but used substantial data reduction (circumferential or axial averaging) were evenly divided for and against the hypothesis. And all studies that conducted a quantitative, point-by-point comparison rejected the hypothesis. The fact that the most rigorous studies were the ones that rejected the hypothesis is even more striking when it is recognised that standard statistical techniques tend to over-estimate significance, due to problems with autocorrelation (Peiffer et al., 2013b; Rowland et al., 2015).
Although discussion about mechanical factors in atherogenesis has been dominated by consideration of high, low and oscillatory WSS, many other triggers have been proposed (see above). Some are physically unrealistic and no longer under active investigation, but others are based on comparison between lesion patterns and maps derived from numerical simulations of flow. Multidirectional WSS, occurring where near-wall flow changes direction over the cardiac cycle, has been the subject of several recent studies, and is discussed further here.
One metric defining multidirectional shear is the transverse WSS (transWSS) (Peiffer et al., 2013a):
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where [image: image] represents the normal to the arterial surface.
It averages over the cardiac cycle those components of the instantaneous WSS vectors that are perpendicular to the mean WSS vector.
Subsequent, related metrics include the ratio of the magnitude of circumferential and axial WSS projections (Morbiducci et al., 2015) or the tangent and binormal directions (Arzani and Shadden, 2016), and the anisotropy ratio (Vamsi Krishna et al., 2020). There is also some relation to the earlier Directional Oscillatory Shear Index (DOSI) (Chakraborty et al., 2012), which captures the relative oscillatory character of flow along orthogonal axes, and the aneurysm formation indicator (AFI) (Mantha et al., 2006), which is the cosine of the angle between the instantaneous and mean WSS vectors and hence does not consider WSS magnitude; it gives more weight to reverse flow than to flow perpendicular to the mean vector.
The Cross Flow Index (CFI) (Mohamied et al., 2017) is defined in a similar way to the transWSS but, like the AFI, does not take into account the magnitude of the instantaneous vectors. The minimised transverse WSS (transWSSmin) (Ghim et al., 2017) is also defined in a similar way to the transWSS but uses as the reference not the mean WSS vector but the orientation that minimises the calculated transWSS. It is not clear that in vivo experiments will ever be able to discriminate between effects of these different metrics. The focus here is on transWSS and transWSSmin because they are defined with regard to endothelial biology: they describe the WSS occurring across the long axis of endothelial cells that are aligned with the mean WSS vector or that align so as to minimise such transverse WSS, respectively.
A metric characterising transverse flow is required because the OSI is increased by instantaneous WSS vectors that are aligned with the axis of the mean WSS vector but point in the opposite direction, as well as by vectors that have components at right angles to the mean vector. Hence the same value of OSI can be obtained for flows that are entirely different in character (Figure 9A). Uniaxial but reversing flow must occur in many straight segments of conduit arteries and should probably not be regarded as atherogenic. True multidirectionality, on the other hand, would be expected at bends and branches. It is not restricted to stagnation points, contrary to the hypothesis of McMillan (1985a,b).
[image: Figure 9]FIGURE 9 | (A) Sketch showing that the same time average WSS (TAWSS) and OSI can occur for markedly different types of flow, therefore justifying the need for the transWSS metric capturing the directionality of flow. Dark arrows represent instantaneous flow vectors and the large grey arrow represents time throughout one cycle (Peiffer et al., 2013a; Mohamied et al., 2015). (B) Examples of diet-induced lesions (left) and computed transWSS (right) around intercostal branch ostia in the aortas of immature (top) and mature (bottom) rabbits, viewed en face with mean flow from top to bottom. (Peiffer et al., 2013a). (C) Coefficients (mean and confidence interval) for the correlation between patterns of lesions and patterns of each of the three WSS metrics, in immature and mature rabbits. Correlations are significant if the confidence interval does not include zero (Mohamied et al., 2015).
The fundamental pattern of transWSS produced by a branch was investigated using the highly idealised model of a cylindrical tube emerging from a flat surface, described above (Peiffer et al., 2013a). Under pulsatile non-reversing or reversing side-branch flow, or with pulsatile aortic and branch flow, transWSS was always elevated in a four-lobed “butterfly” pattern, with high values at the proximal left, proximal right, distal left, and distal right regions around the ostium. The pattern was strikingly different from those for time average WSS, the OSI or the relative residence time.
Long, axial streaks of high transWSS were seen in anatomically realistic models of the rabbit aorta, derived from corrosion casts (Peiffer et al., 2013a). They occurred at different anatomical locations from streaks of low WSS, high OSI and high residence time, all of which coincided with one another. The streaks of high transWSS lay closer to the ostia of the intercostal branches. (There was a strong resemblance to the streaks of disease observed in mature rabbits by Cremers et al. (2011)). Of critical importance, the interaction of these streaks with the branch-dependent patterns of transWSS was not simply additive, contrary to the behaviour of WSS discussed above: the pattern around branches was changed. In cases where the ostium lay within a streak, a downstream arrowhead of high transWSS was seen, whereas when the ostium lay at the edge of a streak, high transWSS was seen at the lateral margins of the ostium, and in regions extending upstream and downstream from these locations. The patterns bore a striking resemblance to the age-related patterns of lesions seen in cholesterol-fed rabbits (Figure 9B).
The pattern of transWSS around branches could change with age if the streaks of high transWSS move relative to the branches, perhaps as a result of changes in aortic geometry. Patterns of transWSS were therefore computed for geometries derived from the corrosion casts of young and mature rabbit aortas (Mohamied et al., 2015), even though time average WSS itself was already known not to change. The results for transWSS, as well as for time average WSS and OSI, were compared with the earlier study of lesion patterns in cholesterol-fed rabbits (Cremers et al., 2011) using more powerful, “bootstrapping” statistical methods.
TransWSS correlated significantly with lesion prevalence in mature animals, but time average WSS and the OSI did not (Mohamied et al., 2015). TransWSS also correlated significantly with lesion prevalence in immature animals and, although the other two metrics also did so (positively for time average WSS and negatively for the OSI), the correlation with transWSS was significantly stronger. Indeed, the correlation coefficients for transWSS were approximately three times those observed for the other metrics at both ages, exceeding 0.8 for immature rabbits. No significant correlations supported the low, oscillatory WSS theory. Thus the data are consistent with lesions being triggered by high transWSS in both immature and mature aortas, and with the pattern of this metric changing with age (Figure 9C).
Large-scale features of the pattern of transWSS in the thoracic aorta appear to be generated during the acceleration, peak systolic and deceleration phases of the cardiac cycle; the reverse flow and subsequent diastolic phases are short or characterised by WSS magnitudes that are close to zero, respectively, and hence do not make a significant contribution (Mohamied et al., 2017). The features are insensitive to the inflow waveform but sensitive to geometry. The curvature of the arch and descending aorta produce vortical structures that are responsible for the streaks of high transWSS; streaks in the descending segment can be decoupled from those in the arch and thus appear to depend at least in part on local curvature. Non-planarity is responsible for asymmetries in the streaks and taper determines their persistence down the aorta, as with time average WSS (Mohamied et al., 2017).
The mechanisms by which the pattern of transWSS around branches is generated, and by which it changes with age, remain under investigation but, as already noted, changes in the location of the large-scale streaks may be responsible and these could in turn be determined by alterations of geometry. Changes with age in the taper of the rabbit aorta have been discussed above. Human aortas are known to “unfold” with age—the arch gets longer and its radius of curvature increases (Redheuil et al., 2011; Rylski et al., 2014)—whilst the angle of kyphosis, indicating curvature of the upper back, increases (Fon et al., 1980). Note that the parallel change with age in rabbit and human lesion patterns does not require that geometric changes are the same, only that vortices are shifted in the same way. Note also that the sensitivity of branch patterns to geometric features means that the results of CFD simulations could depend on subtleties such as the posture of the rabbit during the aortic casting process (see below); this may explain why changes with age in the average transWSS patterns are not as dramatic as changes with age in lesion patterns (Mohamied et al., 2015), or as the examples shown in Figure 9B.
Interactions between branch and large-scale patterns of transWSS may help answer another long-standing issue concerning the distribution of disease, which is that the influence of branches on lipid deposition appears to propagate further from the ostium than any conceivable influence branches have on flow (Weinberg, 2002). Previously, this anomaly has been attributed to the migration of activated endothelial cells towards the heart (Weinberg, 2002) but it may more plausibly be explained by the merging of branch-dependent and vortex-dependent regions of high transWSS.
Conclusion
CFD simulations were run with the aim of resolving whether the pattern of WSS around intercostal branch ostia changes with age in a way that can explain the age-related pattern of lesions, as suggested by patterns of nuclear elongation, or whether the pattern of WSS is static and therefore a change in the response to WSS is a more likely explanation, as suggested by experiments that altered NO synthesis and flow. The simulations showed that patterns of WSS did not change markedly between immature and mature rabbits. However, they did not support the idea that a change in response was responsible either, because the patterns were not those expected from early theoretical or physical models and did not strongly resemble the pattern of lesions at any age. The CFD simulations introduced a third possibility: they showed that the pattern of a new metric—the transWSS, capturing multidirectional WSS—changed with age and showed a much stronger resemblance to the pattern of lesions at both ages.
The discrepancy between the pattern of endothelial nuclear elongation and the pattern of WSS derived from CFD was striking. Not only did the former change with age whilst the latter did not, but the pattern of elongation did not strongly resemble computations of the pattern of WSS on which it is supposed to depend. Assumptions and simplifications are always involved when computing flow but the parametric studies suggest that only a fundamental error in specifying the side-branch flow waveform would have a large enough influence to annul the discrepancy. Doppler ultrasound data of Sloop et al. (1998) are consistent with an age-related change in waveform, reverse flow disappearing in people between the ages of 30 and 40 years. However, children were not examined. Further investigation is required.
The two data sets could be resolved if endothelial cells elongated in response to high transWSS rather than to high WSS. However, several studies which applied multidirectional flow to endothelial cells in vitro have shown the contrary (Dardik et al., 2005; Chakraborty et al., 2012). This topic also requires further investigation. For example, the same elevated value of transWSS can be produced by high WSS with small changes in flow direction, or by low WSS with large changes in direction. It is conceivable that different combinations occur in vivo and in vitro and have different effects on elongation.
The emergence of a possible role for transWSS introduces yet another factor into the interpretation of the experimental studies that appeared to show a change with age in the response to flow. Inhibiting NO synthesis had a dramatic effect on the mature but not the immature pattern of transport, but the data were obtained in aortas perfused in situ with a steady flow of buffer (Forster and Weinberg, 1997). There is zero transWSS everywhere when flow does not vary cyclically. Under such conditions, other fluid mechanical stresses may assume an importance in controlling transport into the wall that they do not have when significant transWSS is present. The fact that transport was measured only in regions directly upstream and downstream of branches could have hidden changes in pattern produced by such a shift.
Limitations imposed by measuring only directly upstream and downstream may also be relevant to the studies where NO was inhibited by giving L-NMMA to mature rabbits in vivo (Staughton and Weinberg, 2004b); the normal pattern of uptake—transport greater upstream than downstream—was abolished, but it was not dramatically reversed, as it was in the perfused vessels. This issue was reinvestigated in the studies (Bailey et al., 2015) where transport around branches was mapped en face by confocal microscopy. Some rabbits were administered high dose heparin for 1 h, which is known to inhibit the synthesis of NO (VanTeeffelen et al., 2007). Only very subtle changes were seen in the map of albumin uptake for 16–22-month-old animals but, although they were visually hard to discern, they were sufficient to change the pattern directly upstream and downstream of the branch from being ≈8% greater upstream to ≈3% greater downstream; these numbers are identical to the earlier study and, as before, the change was significant. The implication is that measurements restricted to the branch centreline may give an unrepresentative view and that inhibiting NO may do very little in conditions where transWSS is present. The same argument could also apply to the effect of side-branch ligation in mature animals, which appeared to reverse the normal pattern of transport (Staughton et al., 2001): the size of the effect may similarly have been incorrectly estimated.
A final point arising from the CFD studies is that the putative effects of aortic curvature on the large-scale distribution of transWSS, and hence on its pattern around branches, mean that the posture of the animal (or human subject) may be of importance. The in situ perfusion experiments, the side-branch ligation experiments and the casting of the aorta were done with the rabbits supine, whereas rabbits were upright during tracer administration in the in vivo experiments, including when NO was inhibited. Long-term responses, such as those responsible for endothelial nuclear elongation or lesion development, involve integration over different postures.
FURTHER INVESTIGATION OF MECHANISMS RELATING FLOW TO PERMEABILITY
In the following, it is assumed that the pattern of flow changes with age. That would be consistent with an age-independent set of mechanisms linking flow, via transport, to disease. Such mechanisms have been sought in vivo, in silico and—for more molecular mechanisms—in vitro.
(i) In vivo
The two-pore theory of transendothelial transport was discussed above. The normal intercellular junction cannot be the large pore because it is too narrow to allow passage of particles such as LDL (diameter 23 nm). However, the cell turnover leaky junction hypothesis of Weinbaum et al. (1985) proposes that the width of intercellular junctions temporarily increases when endothelial cells divide or die, and that large particles might then cross by this route. Consistent with this hypothesis, “hotspots” of high permeability have been observed for a range of macromolecular tracers (reviewed by Chooi et al., 2016). They are associated with enhanced entry of LDL and often, although not exclusively, with mitosis or apoptosis (Stemerman et al., 1986; Lin et al., 1988; Lin et al., 1989; Lin et al., 1990; Truskey et al., 1992; Malinauskas et al., 1995); in rabbits weighing <3 kg, they occur at high frequency downstream of aortic side branches (Barakat et al., 1992; Herrmann et al., 1994). Mitosis and apoptosis are both thought to depend on blood flow.
One study (Chooi et al., 2016) has investigated whether the pattern of hotspots and mitosis changes with age around rabbit intercostal branch ostia. EBD pre-mixed with albumin was used as the tracer; it was allowed to circulate for only 10 min in order to limit any inhibition of the NO pathway. Hotspots of high uptake, as well as normal uptake, were quantified by en face confocal microscopy of tracer fluorescence, and mitosis occurring over several days was mapped by adding bromodeoxyuridine to drinking water and then staining it in endothelium with a fluorescent antibody. These methods should give better quantification and higher sensitivity than was possible in some earlier studies.
The main finding was that the pattern of hotspots switched with age. Hotspots were more frequent and more leaky downstream of branches in immature animals, and in longitudinal streaks at the sides of branches in mature animals. The patterns resemble those seen for disease and for uptake of other tracers except that areas immediately lateral to the branches had few hotspots. This may have resulted from a relative paucity of elastin and collagen in such regions, since EBD binds to these proteins on entering the wall.
Despite the detection of two patterns of hotspots, closer examination of the data did not provide much support for the cell turnover leaky junction hypothesis. First, there was no discernible pattern of mitosis and no spatial correlation between the number of mitosing cells and any hotspot metric. Second, hotspots accounted for only 5% of total uptake. Third, the non-hotspot uptake showed exactly the same patterns, and so did uptake through only the largest hotspots. These observations suggest that there is a continuum of local permeability values, and that the majority of uptake does not reflect the occurrence of an aberrant event. (Hotspots may have been caused by apoptosis, which was not assayed, and hotspots might have played a more significant role if a larger tracer had been used.) The relation between mitosis or apoptosis and shear stress is also not straightforward. The paper most often cited to show that DNA synthesis depends on flow—Davies et al. (1986)—showed an effect of turbulence, but there was actually no difference between static, low shear and high shear conditions. Furthermore, shear decreases rather than increases apoptosis (Dimmeler et al., 1996).
(ii) In silico
Concentration polarisation at the luminal surface of the arterial wall has been investigated by both computational and experimental methods. However, the experimental studies have been conducted under conditions where concentration polarisation is expected to have been unphysiologically high (reviewed in Vincent and Weinberg, 2014), so the focus here is on in silico work.
Concentration polarisation is expected because the arterial wall is two orders of magnitude more permeable to water than to large particles such as LDL. It will occur at the luminal surface if the endothelium provides the major barrier to LDL entry. A number of processes would act to reduce such LDL accumulation. First, LDL does cross the endothelium into the wall at a measurable rate; this process will accelerate as the concentration of LDL increases, unless it occurs by a saturable mechanism. Second, LDL can diffuse away from the endothelium, back into the bulk of the plasma; this is the classical effect that limits polarisation. Third, the flow of blood within the lumen could advect the LDL away from the wall. Because it would influence the near-wall concentration of LDL, and hence the transport of LDL into the wall, this mechanism provides a potential link between near-wall blood flow and uptake by the wall of large molecules (Colton et al., 1972; Keller, 1974).
Considering the case of flow down an infinitely long, straight artery in which concentration polarisation has already occurred, luminal flow would have no influence on the concentration of LDL at the wall sufficiently far from the entrance. The fluid would be shifted axially at each location, by an amount that depended on the distance from the wall and on the global flow rate, but that would not affect the concentration profile within the boundary layer, which varies only in the radial direction. An effect of blood flow rate and wall shear stress on surface LDL concentration was seen in a straight artery in the computations of Wada and Karino (1999) because the LDL concentration was assumed to be uniform across the diameter at the entrance of the artery, and the segment was only 20 diameters long; hence, the concentration profile in the boundary layer was not the same at all lengthwise locations.
A second study by the same authors (Wada and Karino, 2002) examined flow in a geometry with a double bend, where flow recirculation occurred. In this case, the presence of blood flow with radial components would be expected to modify the concentration boundary layer even in the absence of entrance effects. Local variation in the surface concentration of LDL was seen in the simulation, although the proportion due to entrance effects was not established.
It is interesting to speculate that a branch could also modify near-wall concentrations, if it were located sufficiently far from the inlet that momentum and concentration boundary layers had developed. Considering, as a simplified example, the 2-D model described in Figure 1B, in which the near-wall blood upstream of the branch leaves the aorta, and the wall downstream of the branch is exposed to blood that had been closer to the aortic centreline, a lower near-wall LDL concentration would be expected downstream than upstream of the branch.
How big might such effects be? Wada and Karino (2002) obtained surface LDL concentrations 35% above the bulk concentration in their model of a double bend, albeit at Reynolds numbers below those appropriate for the human or even rabbit aorta. The model assumed that the wall is uniformly permeable to water, and that there is a sharp boundary between the blood and the wall. Neither assumption is correct. Fluid flow across the endothelium occurs principally through intercellular junctions, which occupy ∼0.1% of the surface area. Fluid fluxes need to be confined to these areas in computational models, and to be increased by three orders of magnitude to maintain the same global hydraulic conductance. The luminal surface of the endothelium is covered with a coat of glycoproteins, proteoglycans and adsorbed plasma macromolecules; the thickness of this glycocalyx layer is debated, but current estimates are in the micron range (van den Berg et al., 2003). The layer has a higher resistance to diffusion than blood and shields the wall from convection in the blood phase. The first effect increases concentration polarisation and shear dependence, but only by small amounts at physiological parameter values (Vincent et al., 2009). The second effect amplifies the influence of the first on concentration polarisation because of the decrease in LDL diffusion (Vincent et al., 2010). On the other hand, it reduces the influence of luminal blood flow (Vincent et al., 2010). Overall, the predicted entry of LDL into the wall is essentially independent of the applied shear.
(iii) In vitro
Molecular mechanisms linking flow and endothelial permeability have been extensively investigated in vitro. However, there are four common issues with such studies.
The first is that they usually investigate responses to acute changes in flow—most often, a step change from zero flow to some steady level. This is convenient experimentally; many methods for applying shear stress to endothelial cells do not permit long-term culture. But the responses may be different—in fact, opposite—to those caused by chronic exposure to flow, and the mechanisms also differ. In a study by Warboys et al. (2010), exposure of endothelium to shear for 1 h increased permeability to albumin whereas exposure for 1 week decreased it, compared to static culture. The effect of chronic but not acute shear was reversed by inhibiting phosphatidylinositol-3-OH kinase, NO synthesis or soluble guanylyl cyclase.
Chronic in vitro effects are likely to prove more relevant than acute ones to endothelial behaviour in vivo. It could be argued that the transient effects are relevant to the inability of endothelial cells ever to adjust to constantly changing “disturbed flow,” but a control involving chronic shear would still be required in order to determine effects of such flow.
If only studies of chronic shear are admissible, then the field is a small one. To make matters worse, a second issue is that most investigations have focused on unidirectional flow or, at best, flow that is oscillatory or pulsatile along one axis. If transWSS elevates permeability, then studies of uniaxial flow are insufficient. Unfortunately, it is difficult to apply multidirectional flows in vitro. The standard parallel-plate flow chamber has been adapted for this purpose. Kataoka et al. (1998) added inlet and outlet ports on the sides of the chamber, allowing flow to be switched between conventional and orthogonal directions, whilst Wang et al. (2012) grew endothelial cells on a glass slide within the chamber that could be manually rotated by any angle. The flow is predictable and controllable with both methods but throughput is low, chronic exposure is challenging and the frequency of directional change is many orders of magnitude lower than in vivo.
An alternative is the orbital shaker or swirling well method, in which endothelial cells are grown in conventional dishes or multi-well plates placed on a horizontal platform that translates in a circular orbit in the plane of the platform. The translation induces a wave that swirls around the well, producing multidirectional flow in the centre and uniaxial flow at the edge. The method (reviewed by Warboys et al., 2019) is low cost, high throughput, and permits chronic application of multidirectional flow at an appropriate frequency. The flow can be altered by changing the orbital radius and velocity, the dish radius and the depth of medium, but it is difficult to separate the effects of different shear metrics, several of which change with increasing radial distance from the centre. Furthermore, although different flow regimes have been identified and approximate analytical methods devised (Alpresa et al., 2018a; 2018b), accurate description of the shear acting on the base of the well requires CFD models that include the orbital forcing, the free surface of the gravitational wave (Berson et al., 2008) and, in some cases, the surface tension (Arshad et al., 2022).
Over twenty studies have used the method to determine effects of shear on endothelial cells; they demonstrated more homeostatic behaviour in endothelial cells located near the edge (uniaxial flow) and more pathogenic behaviour towards the centre (multidirectional flow) (Warboys et al., 2019). An interesting recent observation (Arshad et al., 2021) is that endothelial cells can align so as to minimise the transWSS they experience; an observation of this type could not have been made with conventional devices producing unidirectional or uniaxial flows. It suggests that the effects of transverse flow on endothelial cells are sufficiently harmful that the cells have evolved mechanisms for minimising it. The adverse effect may be as simple as the higher shear stresses, or shear stress gradients, experienced by regions of the cell membrane that cover the nucleus and protrude into the lumen (Barbee et al., 1995; Hazel and Pedley, 2000; Yamaguchi et al., 2000), or they may involve more complex events (Wang et al., 2013). In either case, the behaviour justifies using the transWSSmin metric, described above.
A third issue is that endothelial permeability to albumin is two orders of magnitude higher in culture than in vivo (Albelda et al., 1988). A parallel phenomenon is seen in organs or vessels that are perfused with buffer rather than blood. Many groups have searched for ways to reduce this hyperpermeability; recent studies have identified the lack of sphingosine-1-phosphate (S1P) as a key issue. In blood, S1P is chiefly carried by erythrocytes and platelets; adding it to cell culture and to perfused organs or vessels dramatically reduces paracellular permeability (Schaphorst et al., 2003; Curry et al., 2012; Warboys et al., 2012; Zhang et al., 2016). In its absence, factors controlling permeability may be misidentified.
The fourth issue is that studies of mechanisms linking flow and transport need to examine the relevant transport pathway. If, for example, it is LDL transport that is of interest, then examining effects of flow on normal intercellular junctions may have little value. Unfortunately, routes are difficult to determine because transit times are short, and because tracers that cross the endothelium via junctions can move laterally to appear under the cell body and those that cross via vesicles can similarly appear under junctions. For LDL transport, the consensus view has swung back and forth between junctions and vesicles.
A significant breakthrough was the development by Dubrovskyi et al. (2013) of a method in which endothelial cells are grown on biotinylated gelatin and a tracer comprising avidin (approx. 66–69 kDa, similar to albumin) labelled with fluorescein isothiocyanate (FITC) is added to the medium above the cells. When this tracer crosses the endothelium, it immediately binds to the substrate. Its distribution, imaged by fluorescence microscopy, can be compared with overlying structures to identify the transport route. FITC-avidin was unequivocally found under intercellular junctions.
Ghim et al. (2017) extended this concept. Using other fluorophores can give larger tracers whilst retaining the essential biotin-binding property. Labelling avidin with a phycobiliprotein gives a tracer around the size of high density lipoprotein (HDL) whilst labelling it with a quantum dot (Qdot800) gives a tracer the size of LDL. Three pathways were observed. The albumin-sized tracer crossed the endothelium via junctions between two or more cells. (The fraction crossing where two rather than three or more cells meet depends slightly on experimental conditions; human endothelial cells cultured in appropriate medium form a tighter barrier than porcine aortic endothelial cells cultured in DMEM, and less FITC-avidin is then transported through bicellular junctions (Ghim et al., 2021a).) The HDL-sized tracer crossed only where three or more cells came together. And, despite the elevated paracellular transport expected in vitro, the LDL-sized tracer crossed only through the cells (Figure 10A).
[image: Figure 10]FIGURE 10 | (A) En face view of the uptake of avidin based tracers that have crossed cultured endothelium and then immediately bound to the biotin-labelled substrate. From top to bottom: albumin-, HDL- and LDL-sized tracers comprising avidin labelled with FITC (green), phycobiliprotein (purple) and quantum dots (yellow), respectively. Endothelial cells are visible in phase contrast and their nuclei are stained red (DRAQ-5) in the top two images. Bar = 10 µm (top and middle) or 20 µm (bottom) (Ghim et al., 2017). (B,C) Conditioned medium (CM) from cells at the centre or edge of swirled or static wells had no effect on the permeability of target cultured endothelium to FITC-avidin, but CM from cells swirled at the edge reduced permeability to quantum dot-labelled avidin. RFU = relative fluorescence units (Ghim et al., 2021b) (D,E) Exogenous recombinant FSTL1 reduced permeability of cultured endothelium to quantum dot-labelled avidin and to LDL (Ghim et al., 2021b).
Accumulation of the LDL-sized tracer under the cells was reduced in the nuclear region and was not enhanced near cell junctions even after prolonged incubation (Ghim et al., 2017). Furthermore, Ghim et al. (2021b) subsequently showed that the subendothelial accumulation of the tracer, but not of FITC-avidin, was reduced by Dynasore, which is an inhibitor of the fission of clathrin-coated vesicles from the plasma membrane (Macia et al., 2006) and also of fluid-phase endocytosis and micropinocytosis (Park et al., 2013). These observations are consistent with transport by a vesicular pathway of some type. The three pathways identified by Ghim et al. (2017) are different from the three—normal junctions, transiently widened junctions and vesicles—deduced by Cancel et al. (2007); for LDL transport under convective conditions, they determined that leaky junctions were the dominant route.
Strong evidence for vesicular transport of LDL has also arisen from studies identifying receptors—scavenger receptor class B type 1 (SR-B1) (Armstrong et al., 2015; Ghaffari et al., 2018; Huang et al., 2019) and activin receptor-like kinase 1 (ALK1) (Kraehling et al., 2016)—that mediate its passage in coronary artery and aortic endothelia, and from studies showing reduced LDL transport in caveolin 1 deficient mice (Ramírez et al., 2019). (Receptor mediated transcytosis of albumin has also been proposed (Schnitzer, 1992)). The influence of receptors may have been over-estimated in some of these investigations. For example, the concentration of labelled LDL was often far below physiological levels, which would have favoured high-affinity routes. It is unlikely that a receptor exists for quantum dots, so fluid phase transcytosis seems the most plausible mechanism at least for this tracer, and perhaps also for LDL itself (Vasile et al., 1983).
The swirling well method was used to investigate effects of different types of flow on transendothelial transport of the three avidin-based tracers. The choice of culture plate, medium depth and orbital parameters gave a large difference in the directionality of WSS from the centre to the edge of the well, but a negligible change in time average WSS, according to numerical simulations that incorporated surface tension (Arshad et al., 2022). Transport of the small and medium-sized macromolecular tracers through intercellular junctions was increased in the centre of the well (multidirectional flow) and decreased at its edge (uniaxial flow) compared to static controls (Ghim et al., 2017). However, transcellular transport of the LDL-sized particle was uniformly lowered across the well.
PROPOSAL OF A SECRETED MEDIATOR
Why there should be a uniform change in LDL transport despite spatial variation in the type of flow? One possibility is that a soluble mediator was being secreted by cells in one region, exposed to one type of flow, and that it became well-mixed in the medium, thus affecting all regions equally, overcoming any effects of local flow on LDL permeability (Ghim et al., 2017). If correct, this would mean that the directionality of flow affects transport of both small and large macromolecules, but through different mechanisms; that might explain why transport patterns for albumin (Weinberg, 1988) and LDL (Schwenke and Carew, 1988) are similar in vivo even though transport might be occurring through different pathways.
To test the concept that secreted mediators could obscure the true relation between flow and endothelial phenotype, methods were developed to passivate parts of the base of the swirling well so that cells would grow only at the edge or only at the centre, even in chronic experiments (Ghim et al., 2018; Pang et al., 2021a; Ghim et al., 2021b). When the whole well was seeded with cells and swirled, there was no difference in tumor necrosis factor α (TNF-α)-induced intercellular adhesion molecule 1 (ICAM-1) or vascular cell adhesion protein 1 (VCAM-1) expression between the centre and the edge (Ghim et al., 2018). When only the centre or only the edge was seeded, expression was unchanged at the edge but elevated in the centre (Ghim et al., 2018). This demonstrates that an anti-inflammatory mediator is released from cells at the edge (uniaxial flow). When the whole well is seeded or when only the edge is seeded, the mediator limits adhesion molecule expression by all the cells. When cells are not present at the edge, there is increased expression by cells in the centre.
The method can be extended by collecting medium from fully seeded wells, or from wells where cells grow only at the centre or edge, and then applying the conditioned medium to target cells. This technique was used to unmask the true relation between flow and LDL transport across cultured endothelium (Ghim et al., 2021b). Medium conditioned by cells sheared at the edge of the well (uniaxial flow) reduced transcellular transport of the LDL-sized tracer in target cells but did not affect transport of the smaller, FITC-avidin tracer (Figures 10B,C). Medium conditioned by cells sheared at the centre of the well (multidirectional flow) or by static cells had no effect.
Effects of heat treatment and size filtration, an unbiased proteomic analysis and ELISA of the medium identified follistatin-like 1 protein (FSTL1) as a likely mediator (Ghim et al., 2021b). Addition of recombinant FSTL1 reduced transport of quantum dot-labelled avidin across target endothelium in a concentration dependent manner (Figure 10C). It also reduced transendothelial transport of LDL itself (Figure 10D). (The fact that LDL and the quantum dot tracer were affected in same way is additional evidence that LDL is transported by receptor-independent, fluid-phase transcytosis.) It had no effect on transport of the smaller FITC-avidin tracer. FSTL1 and medium conditioned by cells swirled at the edge of the well also had anti-inflammatory effects, probably accounting for the results of the study of Ghim et al. (2018).
A preliminary investigation of signalling events downstream of FSTL1 (Ghim et al., 2021b) focused on the role of Bone Morphogenetic Protein 4 (BMP4) because this molecule is known to be expressed more highly in atheroprone than protected regions of the arterial tree, to be expressed more highly in the centre than the edge of swirling wells, and to be inhibited by FSTL1 (Sorescu et al., 2003; Geng et al., 2011; Souilhol et al., 2020). Exogenous recombinant human BMP4 increased transcytosis (Ghim et al., 2021b). FSTL1 blocked this barrier-disrupting effect, as did the BMP4 inhibitor noggin. However, FSTL1 was more effective: it reduced transport of the LDL-sized tracer below baseline levels, whereas noggin did not. Thus there appears to be at least one other pathway, in addition to blocking effects of BMP4, by which FSTL1 reduces permeability.
Conclusion
The swirling well method in combination with substrate-binding tracers of different size and segmentation of cell growth has demonstrated that transWSS increases both paracellular and vesicular transport across endothelium, but by different mechanisms. The effect on LDL-sized particles may be caused by a lowered secretion of FSTL1 from the endothelium, which in turn causes a disinhibition of transcytosis.
LIMITATIONS
The data and arguments presented in this review suffer from a number of limitations:
(i) There are no relevant transport data in people
It is difficult to measure transport of circulating macromolecules into the human arterial wall. Even when it has been accomplished (Tanimura et al., 1980), the fact that lesions are inevitably present makes the data of doubtful value: any spatial variation could be a result rather than a cause of disease, contrary to the situation in rabbits, where spontaneous disease is uncommon and vanishingly rare at the ages of greatest interest.
(ii) The non-human in vivo data derive from one site in one experimental model
The non-human in vivo data discussed above were obtained at side branches of the aorta in rabbits. White Carneau pigeons, which were once a popular model of atherosclerosis, and genetically modified mice, which are currently the most widely used, do not show the same age-related changes in lesion pattern at these anatomical locations (Richards and Weinberg, 2000; McGillicuddy et al., 2001).
Most conduit artery branches are bifurcations, where the parent vessel splits into two approximately equal daughter vessels, rather than T-branches like those seen in the aorta. TransWSS has been computed at the human carotid bifurcation (Gallo et al., 2016). There was no explicit comparison with disease, but high transWSS was seen on the flow divider and low transWSS was seen in the carotid sinus of many subjects, whereas disease prevalence shows broadly the opposite pattern (Grøttum et al., 1983). A formal evaluation of the spatial correlation is required.
Flow and LDL transport have been measured at the aorto-iliac bifurcation of mature rabbits by Berceli et al. (1990). LDL uptake was elevated in the lateral walls of the proximal segment of the daughter branches; high values of the OSI occurred in these segments when the vessels were perfused in vitro. McMillan (1985a,b) has speculated that highly multidirectional flow occurs at such locations, but the study of Berceli et al. assessed flow by Doppler techniques that could only measure velocity along the beam axis.
The relation of transWSS and disease has been assessed in coronary arteries, although not at branch points. A prospective study of human coronary arteries by Kok et al. (2019) found that transWSS was not significantly correlated with change in total plaque, fibrous tissue or fatty-fibrous tissue over time. TransWSS was significantly correlated with the increase in necrotic cores and dense calcification, but autocorrelation was not taken into account in the statistical analysis and significance will therefore have been overestimated. In a prospective study of porcine coronary arteries by Hoogendoorn et al. (2020), it is again clear that there was no relation between transverse WSS and disease progression (their Figure 1D). The association of lesion growth with other metrics such as the OSI and relative residence time may therefore reflect the fact that these metrics capture simple reversing flow as well as multidirectional flow. Neither study included cyclical motion of the coronary arteries when computing flow, and this may have introduced significant errors.
The pattern of albumin uptake around the left coronary bifurcation in rabbits showed significant changes with age but not the major reversal seen at aortic side branches (Staughton et al., 2007).
(iii) There is evidence for more than one mechanism and the evidence is self-contradictory
This limitation has been discussed at various points throughout the review. Briefly, some evidence suggests that there is a change with age in the mechanisms linking flow to transport, whilst other evidence suggests that the flow patterns themselves change with age. The former studies have largely supported the view that there is a change in the role of flow and nitric oxide, but there are inconsistencies; in particular, the effect of inhibiting NO production was unexpectedly small in mature rabbits in vivo (Staughton and Weinberg, 2004b), and the disappearance of the downstream pattern of transport in one study of anaesthetised rabbits (Staughton et al., 2001) is unexplained.
One set of studies suggesting a change with age in the pattern of flow is based on measuring nuclear elongation (Al-Musawi et al., 2004; Bond et al., 2011) while another is based on computational simulations of transWSS, a metric of multidirectionality (Peiffer et al., 2013a; Mohamied et al., 2015). However, elongation is not thought to depend on transWSS. The putative role of transWSS is questioned by the finding of apparently normal patterns of permeability in aortas perfused with a steady flow of buffer (Forster and Weinberg, 1997), where transWSS will everywhere be zero.
The discrepancies may be explained by technicalities: the restriction of early studies to measuring transport in a thin axial slice along the branch centreline; the use of tracers based on albumin, which likely enters the wall by both paracellular and transcellular routes but in different proportions in different preparations; and the incomplete understanding of the cause of endothelial nuclear shape.
(iv) Proteins other than FSTL1 may mediate effects of transWSS on transcytosis of LDL
An internal inconsistency in the in vitro study (Ghim et al., 2021b) identifying mediators is that although exogenous recombinant FSTL1 and medium conditioned by cells at the edge of the well both reduced transport of the LDL-sized tracer, much higher concentrations of exogenous FSTL1 were required than could be detected in the conditioned medium. This may reflect aberrant folding of the recombinant FSTL1 or differences in the experimental protocol (for example, cells were exposed to conditioned medium for longer than they were exposed to exogenous FSTL1), but another possibility is that additional mediator(s) were missed in the proteomic analysis. The cells used to condition medium were isolated from porcine aortas and the porcine proteome is less well annotated than the human one.
PERSPECTIVES AND FUTURE WORK

1 TransWSS is the mechanical factor that currently best explains the age-related patterns of permeability and lesion prevalence around side-branch ostia in the aorta. Further work is required in the following areas:
i) to understand whether the same is true in other vessels. In particular, numerical simulations of coronary arteries that take into account cyclic variation in geometry may give different results from published studies that used static geometries, given the likely relation between radius of curvature, vortical structures and flow direction.
ii) to refine the age-related maps of transWSS. Boundary conditions used in current studies may be insufficiently precise, given the probable dependence of transWSS patterns on posture and age-related changes in geometry.
iii) to ascertain whether other shear metrics might show comparable age-related patterns. A key question is whether altering the extent of reverse flow in the side branch might give patterns of time average WSS similar to those already obtained for transWSS.
2 The age-related patterns of aortic permeability and lesion prevalence also strongly resemble patterns of endothelial nuclear elongation around branch ostia. That is currently unexplained, since high transWSS is not expected a priori to cause endothelial elongation. Important points are:
i) are these expectations correct? the influence of transWSS on endothelial morphology needs systematic investigation.
ii) does the apparent relation with nuclear elongation but not with time average WSS suggest that the pattern of time average WSS (commonly thought to determine elongation) has been mischaracterised in the simulations? This is related to point (1.iii), above.
3 TransWSS appears to suppress the endothelial secretion of atheroprotective mediators. A candidate mediator—FSTL1—has anti-inflammatory effects and reduces transcytosis, including fluid-phase transcytosis; it reduces permeability to LDL but not to albumin-sized tracers. This raises a number of issues:
i) why does the pattern of disease correlate in vivo with the pattern of albumin transport, if albumin and LDL are transported by different routes, altered by different mediators? One solution to this, again requiring investigation, is that transWSS increases permeability to both types of macromolecule but through different pathways. Based on in vivo studies, transWSS might be affecting transport of albumin through an NO-dependent mechanism.
ii) through which signalling pathways and by what effects on vesicle movement does FSTL1 alter LDL transport? A role for BMP4 has been demonstrated but there is also evidence that other pathways are involved. Studies of vesicular mechanics may require the development of new methods of dynamic, super-resolution microscopy.
iii) are mediators other than FSTL1 involved? At present, it is known that any such mediators are likely to be proteins and to have sizes between 3 and 100 kDa. Use of human rather than porcine endothelial cells would permit more detailed proteomic studies to resolve this point.
CONCLUSION
The relation between mechanical forces, transport properties of the arterial wall, and the localised occurrence of arterial disease has been investigated for over 100 years, and there has been intensive investigation of the role of WSS for over 50 years. The studies summarised above are consistent with 1) excessive net uptake of circulating macromolecules leading to a high prevalence of lesions, 2) excessive net uptake resulting from an excessive rate of influx into the wall, and 3) the pattern of influx and disease changing with age, explaining apparent discrepancies between human disease, animal disease and permeability. The data do not appear to support the simple low WSS hypothesis. However, the WSS characteristic that is responsible and the mechanisms linking WSS to transport have not been fully resolved. The problem is not that we do not have an explanation but that we have too many.
There may not be a single trigger. It is conceivable that endothelial cells have a “comfort zone” for a number of WSS metrics (and perhaps for other mechanical stresses as well), with disease developing when one or more metrics falls outside this range—for example, if WSS is too high or too oscillatory. That would complicate the establishment of causes, although at some point the pathways should converge on a single or small number of key properties, such as the transcytosis of LDL across endothelial cells.
An alternative to the comfort zone hypothesis is that the important WSS metric may be a complex or unexpected one, not revealed by early studies. Evidence has been presented that at least for aortic side branches, highly multidirectional near-wall flow is a trigger. Preliminary studies have identified a mediator—there may be others—linking this mechanical property to transcytosis of LDL. An interesting feature of this mediator is that it appears able to influence inflammatory pathways as well as permeability.
The view that atherogenesis is triggered by excessive entry of lipoproteins into the wall has been labelled the “response to influx” hypothesis (Weinberg, 2004). There is evidence that atherosclerosis develops as a “response to retention” of lipoproteins in the wall (Williams and Tabas, 1995), but the lipoproteins first have to get into the wall. The spatial correlations presented above suggest that it is the entry of the lipoproteins that is the rate-limiting step, and that any retention is simply proportional to it.
Statins have been successful at limiting the development of arterial disease. They work chiefly by lowering plasma cholesterol concentrations and, therefore, the entry of cholesterol into the wall. The same effect could be achieved by reducing permeability. An encouraging phenomenon is that the downstream lesions present in children regress with increasing age; the response to influx hypothesis attributes this to a decrease in permeability at that location, in the absence of marked changes in plasma cholesterol levels through the transitional years. A corollary is that reducing permeability could on its own be able to reduce adult disease. The two approaches—reducing plasma cholesterol concentrations and reducing arterial wall permeability—should have a multiplicative effect. A particular advantage of identifying a pathway that mediates between atherogenic flow and elevated permeability, rather than one which affects permeability globally, is that it could be used to reduce transport only where it is inappropriately elevated, and not to alter it in regions where permeability is instead matched to physiological need and sufficiently low that lesions do not develop.
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Background: Recent studies suggest that blood flow in main arteries is intrinsically disturbed, even under healthy conditions. Despite this, many computational fluid dynamics (CFD) analyses of aortic haemodynamics make the assumption of laminar flow, and best practices surrounding appropriate modelling choices are lacking. This study aims to address this gap by evaluating different modelling and post-processing approaches in simulations of a patient-specific aorta.
Methods: Magnetic resonance imaging (MRI) and 4D flow MRI from a patient with aortic valve stenosis were used to reconstruct the aortic geometry and derive patient-specific inlet and outlet boundary conditions. Three different computational approaches were considered based on assumed laminar or assumed disturbed flow states including low-resolution laminar (LR-Laminar), high-resolution laminar (HR-Laminar) and large-eddy simulation (LES). Each simulation was ran for 30 cardiac cycles and post-processing was conducted on either the final cardiac cycle, or using a phase-averaged approach which utilised all 30 simulated cycles. Model capabilities were evaluated in terms of mean and turbulence-based parameters.
Results: All simulation types, regardless of post-processing approach could correctly predict velocity values and flow patterns throughout the aorta. Lower resolution simulations could not accurately predict gradient-derived parameters including wall shear stress and viscous energy loss (largest differences up to 44.6% and 130.3%, respectively), although phase-averaging these parameters improved predictions. The HR-Laminar simulation produced more comparable results to LES with largest differences in wall shear stress and viscous energy loss parameters up to 5.1% and 11.6%, respectively. Laminar-based parameters were better estimated than turbulence-based parameters.
Conclusion: Our findings suggest that well-resolved laminar simulations can accurately predict many laminar-based parameters in disturbed flows, but there is no clear benefit to running a HR-Laminar simulation over an LES simulation based on their comparable computational cost. Additionally, post-processing “typical” laminar simulation results with a phase-averaged approach is a simple and cost-effective way to improve accuracy of lower-resolution simulation results.
Keywords: aorta, computational fluid dynamics, magnetic resonance imaging, laminar, turbulence, large-eddy simulation, wall shear stress, viscous energy loss
1 INTRODUCTION
Patient-specific computational fluid dynamic (CFD) analysis has been widely adopted in the biomedical community. Simulation outputs can be used in several ways including evaluation and design of medical devices; informing clinical decisions; and understanding disease progressions to name only a few (Saloner et al., 2006; Ge et al., 2008; Borazjani et al., 2010). Haemodynamic parameters, such as wall shear stress (WSS), are used to investigate the mechanical shearing force exerted by blood flow on the inner arterial wall and thereby endothelial cells which are in direct contact with blood. WSS is one of the factors which determine endothelium homeostasis and WSS extremes affect endothelial cell response, promoting vascular remodelling and pathologies (Cunningham and Gotlieb, 2005; Dolan et al., 2013). More specifically, prolonged exposure to high WSS is associated with aortic growth, extracellular matrix dysregulation and elastic fibre degeneration (Guzzardi et al., 2015; Bollache et al., 2018), and a recent study into ascending aortic aneurysms concluded that high WSS is associated with wall degradation in the ascending aorta (Salmasi et al., 2021). Fluctuations in WSS which occur in disturbed flows induce endothelial dysfunction (Davies et al., 1986; Chiu and Chien, 2011). Similarly, laminar and fluctuating viscous shear stresses within a fluid can be used to evaluate energy losses and haemolysis (Yen et al., 2014). Wall and viscous shear stresses are important biomarkers and it is therefore crucial that CFD models are accurate and simulation outputs are correctly processed.
There are numerous CFD studies into aortic haemodynamics, however the majority of these studies made the assumption of laminar flow. In recent years, there have been studies of aortic flows which do not assume laminarity and have shown disturbances to be present in aortas with and without pathologic conditions (Lantz et al., 2012; Lantz et al., 2013; Miyazaki et al., 2017; Xu et al., 2018; Xu et al., 2020; Manchester et al., 2021). A recent study considered flow in the healthy aorta, deducing that physiological blood flow is non-laminar and displays blood flow disturbances (Saqr et al., 2020). Recent literature suggests that the widely accepted theory of laminar flow in large arteries by the scientific community may need to be revisited. A computational study into aorta flows compared modelling capabilities of different simulation types including laminar, large-eddy simulation (LES) and the renormalisation group (RNG) k − ϵ model, although it was uncertain which modelling approach performed the best (Miyazaki et al., 2017). Lancellotti et al. (2017) considered a patient-specific stenotic carotid artery which produced a high shear and transitional flow. LES simulations with various Sigma and Smagorinsky-type subgrid-scale (SGS) models were compared to a higher-resolution simulation without SGS modelling, akin to direct numerical simulation (DNS). The static Sigma model performed best and was more robust than dynamic and mixed Sigma models. All Smagorinsky-type models were unstable and caused simulation blow-up. Similar to Lancellotti et al. (2017), Mancini et al. (2019) compared LES simulations using static Smagorinsky, dynamic Smagorinsky and static Sigma SGS models against an under-resolved DNS simulation in a stenotic carotid artery. They found that both static Sigma and dynamic Smagorinsky models could produce reliable results under pulsatile conditions, and the static Sigma model had lower computational costs than dynamic Smagorinsky. Andersson and Karlsson (2021) evaluated model-related errors in LES simulations of an aortic coarctation model. Turbulence-related tensor characteristic sensitivities to spatiotemporal resolution and phase-averaging sample size were assessed. It was found that phase-averaging errors associated with too few cardiac cycles could outweigh spatiotemporal resolution errors. Xu et al. (2020) compared laminar and LES simulations of patient-specific aortas with dilation and different aortic valve morphologies. Large-scale flow parameters were in good agreement although larger differences occurred in disturbed flow regions. Despite progression in our understanding of blood flow states, as well as efforts towards modelling guidelines in disturbed cardiovascular flows, it is still unclear which modelling approach should be selected in aortic computational simulations. This is especially true considering the high computational costs associated with LES; which are not always practicable. Understanding the capabilities of other simulation approaches without turbulence models (e.g., laminar simulation-types) in predicting both laminar and turbulence-based parameters of interest will help inform appropriate model selection in future studies.
The objective of this research is to evaluate the performance of different computational approaches used in simulations of patient-specific aortic flow. A patient with aortic valve stenosis was selected for this study as it showed blood flow disturbances (Manchester et al., 2021) and is thus expected to provide a challenging case for the various computational approaches. Three simulations are conducted including low-resolution laminar, high-resolution laminar and large-eddy simulation, and detailed comparisons are made in terms of both laminar and turbulence parameters.
2 MATERIALS AND METHODS
2.1 Data Acquisition and Magnetic Resonance Image Processing
A patient-with aortic valve stenosis was recruited from St Bartholomew’s Hospital (London, United Kingdom) and underwent cardiac magnetic resonance imaging (MRI) and 4D flow MRI at Hammersmith Hospital (London, United Kingdom). The study received ethical approval from the Health Research Authority and Regional Ethics Committee (17/NI/0160) and was sponsored by the Imperial College London Joint Research and Compliance Office, as defined under the sponsorship requirements of the Research Governance Framework (2005). MRI was used to reconstruct the aorta geometry consisting of the ascending aorta down to the descending thoracic aorta and inclusive of the three supra-aortic branches. At the inlet, 4D flow MRI was used to derive a 3D velocity profile over a cardiac cycle. At the three-branch outlets the pressure-based 3-element Windkessel model is applied, with parameters determined using flow waveforms derived from 4D flow MRI and central aortic pressure measurements acquired using a brachial cuff. At the descending thoracic aorta outlet, a mass flow waveform is prescribed based on a fixed flow-split which was estimated from 4D flow MRI. The arterial wall is assumed rigid with a no-slip boundary condition. Full details on data acquisition and image processing can be found in our previous study (Manchester et al., 2021).
2.2 Computational Approaches
Two different computational approaches were considered including laminar and large-eddy simulation (LES). For a true laminar state of flow, competently executed laminar simulations can provide accurate results which rival measurements. Laminar simulations do not explicitly include a turbulence model meaning they are computationally less demanding compared to other simulation approaches. For disturbed flows, LES is better suited owing to its capabilities in modelling laminar, transitional and turbulence features. An implicit LES utilises the computational mesh to distinguish between different length scales of the flow whereby eddies larger than the mesh are directly resolved and eddies smaller than the mesh are accounted for using a subgrid-scale model. In this study, the wall-adapting local eddy-viscosity (WALE) subgrid-scale model is used (Nicoud and Ducros, 1999), with model coefficient Cw = 0.325. The LES methodology was previously validated in both idealised and patient-specific settings, and full details on the LES implementation can be found in our previous publications (Manchester and Xu, 2020; Manchester et al., 2021).
In this study, three different simulation types were considered including low-resolution laminar (LR-Laminar), high-resolution laminar (HR-Laminar) and LES. The naming conventions (LR- and HR-Laminar) refer to both spatial discretisation and temporal discretisation resolutions; where LR-Laminar indicates a lower resolution simulation with coarser mesh and larger time-step, and HR-Laminar indicates a higher resolution simulation with finer mesh and smaller time-step. In the case of laminar-type simulations of non-laminar flows, the length and time-scales of flow which are greater than the spatial and temporal discretisation of the domain are directly resolved. This means that the HR-Laminar simulation is effectively an implicit LES simulation without a subgrid-scale model, meaning the large-scale turbulence features are directly resolved and the influence of the small-scales are not included. The HR-Laminar simulation can essentially be viewed as an unresolved or quasi-direct numerical simulation. The LR-Laminar simulation is designed to be representative of “typical” laminar aortic simulations reported in previous studies (Cheng et al., 2016; Pirola et al., 2017) and both mesh size and time-step are selected accordingly. Similarly to the HR-Laminar simulation, large-scale turbulence features are resolved and the influence of the small-scales are not included. Therefore, in a coarser mesh (LR-Laminar), fewer turbulence scales are resolved.
2.2.1 Computational Mesh and Time-Step
A structured meshing approach was used with meshes generated in ANSYS ICEM (v17.0, ANSYS Inc., Canonsburg, PA). Octagonal multi-block structures were used for greater user control and to allow proper near wall treatment, ensuring y+ < 1. The LES and HR-Laminar simulations used the same mesh and time-step, and LR-Laminar used a coarser mesh and larger time-step. For all meshes, the default ICEM quality metric was above 0.35. The LES and HR-Laminar mesh has a quality metric greater than 0.7 for 97% of the fluid domain, and the LR-Laminar mesh quality metric is greater than 0.7 for 96% of the fluid domain. Full mesh and time-step details used in the different simulations included in this study are provided in Table 1. Mesh and time-step sensitivity tests were conducted at peak systole. The LR-Laminar mesh used in this study consists of 1.8 million cells and a mesh sensitivity test was performed by refining the mesh by a factor of 1.3 in all directions, resulting in a finer mesh of 3.9 million cells. In typical laminar simulations of aorta flows, turbulence-based parameters are not included in sensitivity tests, therefore only mean kinetic energy and mean wall shear stress were considered in the mesh sensitivity analysis. Compared to the 3.9 million cell mesh, differences between 1.2% and 3.7% were observed. For the LES and HR-Laminar mesh, mean and turbulence-based parameters were converged including mean kinetic energy, turbulence kinetic energy, mean wall shear stress and turbulent wall shear stress. Full details on the mesh sensitivity can be found in Manchester et al. (2021). Two-point correlations were also used to evaluate streamwise and radial spatial resolutions in regions of elevated turbulence. The two-point correlation estimates the number of cells which resolve the largest turbulence scales and it is recommended that 8 cells or more are sufficient for LES simulations (Davidson, 2009). The mesh used for the LES and HR-Laminar simulation used at least 20 cells to resolve the largest scales in the streamwise directions and 8 cells in the radial directions, suggesting a well resolved mesh. The complete two-point correlation results can be found in Supplementary Material.
TABLE 1 | Numerical, mesh and time-step details.
[image: Table 1]2.2.2 Numerical Details
Simulations were performed in OpenFOAM and ran on Cirrus UK National Tier-2 HPC with 216 cores. The fluid was assumed incompressible and Newtonian, with fluid properties representative of blood (ρ = 1060 kg/m3 and μ = 0.0035 Pa s). Temporal discretisation was achieved using a second order implicit backwards Euler scheme. For LES and HR-Laminar simulations, spatial discretisation was achieved using a second-order central differencing scheme (Gauss) and for LR-Laminar, spatial discretisation was achieved using a bounded second-order upwind scheme. Simulations were converged to a normalised residual of 1e-5 at each time-step for velocity and pressure. Pressure and velocity coupling was achieved using the PIMPLE algorithm. 30 cardiac cycles were simulated to ensure convergence of the phase-averaged parameters, as is discussed in the following section.
2.3 Post-Processing
Both laminar and turbulence-related parameters are presented including velocity, wall shear stress, viscous dissipation, and turbulence kinetic energy. Parameters are calculated using two different methods based on the expected flow state. The first implements an approach typically used to post-process laminar simulations of periodic arterial flows, and the second corresponds to an approach used to post-process simulation results of unstable or turbulent flows. In the first approach, it is assumed that the flow is laminar and pulsating, meaning flow reaches a periodically steady state, i.e., that cycle-to-cycle variations do not occur. Once a sufficient number of cardiac cycles have been simulated to reach a periodic solution, the simulation is stopped and post-processing is conducted on results obtained in the final cycle only, using instantaneous parameters. This method of post-processing is used for laminar-based parameters of the LR-Laminar simulation only using the final cardiac cycle. All parameters post-processed using this approach are referred to as ILR-Laminar (instantaneous LR-Laminar).
The second approach assumes that flow is unstable, and cycle-to-cycle variations may occur. In this case, an instantaneous variable can be decomposed into phase-averaged and fluctuating components:
[image: image]
The phase-average operator, ⟨.⟩ acts to average a given variable at a fixed point in time (e.g., peak systole) over all simulated cardiac cycles:
[image: image]
where N is the total number of cardiac cycles, T the period of the cardiac cycle and t is a specified time within a cycle. For disturbed pulsatile flows, the phase-average provides the correct mean representation of a variable at any given time in the cardiac cycle.
The phase-averaged fluctuating component is given by the root-mean-square (RMS) of the instantaneous and phase-average variables:
[image: image]
This method of post-processing is applied to the LR-Laminar, HR-Laminar and LES simulations. Integrating any variable over the full cardiac cycle results in a cycle-average, referred to as the time-average:
[image: image]
Equation 4 represents the time-average of an instantaneous variable, as used in ILR-Laminar. Replacing ϕ with ⟨ϕ⟩ gives the time-average of a phase-averaged mean variable, and replacing ϕ with ⟨ϕ′⟩ gives the time-average of a phase-averaged turbulent variable. The latter substitutions are used in LR-Laminar, HR-Laminar and LES simulations. All results presented in this paper represent the phase-average, unless indicated as ILR-Laminar. Using two common methods of post-processing allows to not only assess resolution-based performance but also understand the effects of the post-processing approach.
2.3.1 Haemodynamic Parameters
Wall shear stress (WSS) is the instantaneous shearing force exerted by a fluid on the inner surface of the arterial wall. WSS can be decomposed into phase-averaged WSS, ⟨τwall⟩, using Eq. 2, and decomposed into turbulent-WSS, [image: image], using Eq. 3. Applying Eq. 4 to the phase-averaged WSS gives the time-averaged wall shear stress (TAWSS). Similarly, applying Eq. 4 to the turbulent-WSS gives the turbulent time-averaged WSS (turbulent-TAWSS). All the wall shear stress-related parameters used in this study are provided in Table 2. Oscillatory shear index (OSI) is given by:
[image: image]
TABLE 2 | Wall shear stress parameter definitions.
[image: Table 2]For ILR-Laminar, ⟨WSS⟩ is replaced with the instantaneous WSS.
Turbulence kinetic energy (TKE) is associated with eddies in disturbed flows and can be used to quantify the level of turbulence. TKE is calculated from fluctuating velocity components:
[image: image]
where ρ is the fluid density and i = 1, 2, 3.
Viscous dissipation is used to quantify frictional losses, which is a measure of the work done by a fluid on its adjacent layers due to shearing forces. The rate of laminar viscous energy loss can be estimated from the velocity gradient tensor by integrating the viscous dissipation function over the aortic volume:
[image: image]
Similarly, the rate of turbulent viscous energy loss is calculated using the fluctuating velocity gradient tensor:
[image: image]
Integrating the rates of laminar and turbulent dissipation over a cardiac cycle gives the net laminar viscous energy loss and net turbulent viscous energy loss per cardiac cycle, respectively.
2.3.2 Analysis and Comparison of Results
To allow quantitative regional comparisons, the aorta was split into four regions of interest (ROIs) including the ascending aorta (AAo), aortic arch, proximal descending thoracic aorta (DAo), and distal DAo as shown in Figure 1. For each region, selected haemodynamic parameters are spatially integrated over each ROI, providing a spatial average.
[image: Figure 1]FIGURE 1 | Four regions of interest (ROIs) used for quantitative regional comparisons.
In this study we used the LES simulation results as the baseline, meaning ILR-, LR- and HR-Laminar simulation results are compared directly to LES. Accuracy of the LES approach was previously evaluated in an idealised case (Manchester and Xu, 2020) and in the same aorta case used in this study (Manchester et al., 2021). The 4D flow MRI data acquired for this patient provides three-component velocities over the aortic volume, at 20 time points in a cardiac cycle. 4D flow MRI has limited spatiotemporal resolutions (compared to LES) which may compromise accuracy, especially for parameters derived from spatial gradients (e.g., wall shear stress) (Petersson et al., 2012). Turbulence statistics were not acquired with MRI, therefore it is only possible to make direct comparison of velocities between the computational results and 4D flow MRI measurement. All wall shear stress and turbulence-related measures are compared with those calculated from the LES results.
3 RESULTS
3.1 Simulation Comparisons
Table 3 includes details on simulation lengths and time-step convergence. The LR-Laminar simulation took [image: image] days to complete 30 cardiac cycles and both the HR-Laminar and LES have comparable simulation times taking [image: image] days for 30 cardiac cycles. On average, 32 iterations per time-step were required to achieve convergence of pressure and velocity in the LR-Laminar simulation. In the HR-Laminar and LES simulations an average of 23 and 21 iterations per time-step were required to achieve convergence of pressure and velocity. Convergence was achieved at all time-steps for all simulation types. Further analysis showed that HR-Laminar required more iterations throughout systolic deceleration.
TABLE 3 | Simulation times and convergence details.
[image: Table 3]3.2 Comparison with 4D Flow Magnetic Resonance Imaging
The three simulated velocity fields are quantitatively compared to 4D flow MRI using the Pearson’s correlation method which gives a normalised measure of the covariance of two variables, quantifying the linearity between two data-sets Mukaka (2012). The Pearson’s product-moment correlation coefficient (R) for each velocity component is calculated over the entire aortic fluid domain, providing a point-by-point comparison. CFD velocity fields are down sampled to match 4D flow MRI resolution, as recommended in Puiseux et al. (2019). Values are given in Table 4 and correlation plots for the velocity components are provided in Supplementary Material. R [image: image] 0.7 indicate a high positive correlation and R [image: image] 0.5 indicate a moderate positive correlation (Mukaka, 2012). For each of the three velocity components, all simulations show a high positive correlation with 4D flow MRI velocities, except ILR-Laminar. ILR-Laminar post-processed with instantaneous velocities showed a high positive correlation in the x and y-components of velocity and a moderate positive correlation in the z-component of velocity. All simulations can accurately model velocities at peak systole–regardless of numerical or post-processing approach.
TABLE 4 | Pearson correlation coefficients (R) for the three components of velocity, calculated using the entire aortic fluid domain. R is calculated using instantaneous velocities in ILR-Laminar, and phase-averaged velocities in LR-, HR-Laminar and LES.
[image: Table 4]3.3 General Flow Features
Velocity magnitude streamlines at two systolic time-points are visualised in Figure 2 for the three simulations. For LR-Laminar, both instantaneous and phase-averaged velocities are presented. For HR-Laminar and LES simulations, only phase-averaged velocities are shown. LR-Laminar and HR-Laminar velocity streamlines show good qualitative agreement with LES streamlines throughout the aorta, regardless of the post-processing approach (instantaneous or phase-average). Furthermore, there is good agreement at both peak systole and systolic deceleration. Primary flow features are well predicted, including the high velocity and skewed aortic valve flow which impinges on the anterior vessel wall. LR-Laminar instantaneous velocity streamlines (ILR-Laminar) are more chaotic, particularly in the deceleration phase.
[image: Figure 2]FIGURE 2 | Velocity magnitude streamlines at peak systole (top row) and systolic deceleration (bottom row) for ILR-Laminar, LR-Laminar, HR-Laminar and LES simulations.
3.4 Turbulence Kinetic Energy
Volume renderings of turbulence kinetic energy (TKE) at three time-points in the cardiac cycle are shown in Figure 3. Turbulence production is primarily attributed to the stenosed aortic valve which produces a high velocity and skewed jet. This jet enters the lower velocity fluid in the dilated AAo and impacts on the arterial wall, with the dilated AAo providing space for turbulence to develop. Highest TKE values are found in the AAo and aortic arch, with smaller values in the descending thoracic aorta. Visually, TKE patterns are relatively well predicted by both LR- and HR-Laminar simulations, although TKE values are notably higher near the computational model inlet. These locations of largest differences are highlighted with circles in Figure 3.
[image: Figure 3]FIGURE 3 | Turbulence kinetic energy (TKE) volume renderings for LR-Laminar, HR-Laminar and LES simulations at three time-points. Top-to-bottom: systolic acceleration, peak systole and systolic deceleration. Locations of largest differences are circled.
Figure 4 shows TKE spatially averaged over the entire aorta and each ROI, plotted over the entire cardiac cycle. Upon visual inspection all three simulations show similar trends over the cardiac cycle although values differ. Relative to LES, HR-Laminar predicts spatially averaged TKE values well, except in the AAo near peak systole and in the aortic arch during systolic deceleration. In the arch, HR-Laminar underpredicts spatially averaged TKE by up to 12.2 Pa (18.7% relative error). The LR-Laminar simulation typically overpredicts turbulence levels throughout the aorta, especially during systolic deceleration and diastole. In the AAo, spatially averaged TKE is underpredicted by 13.5 Pa (36.3% relative error) and in the arch, spatially averaged TKE is overpredicted by 17.9 Pa (38.4% relative error). Largest differences are indicated by red markers in Figure 4.
[image: Figure 4]FIGURE 4 | TKE spatially averaged over the entire aorta and each ROI, plotted over the cardiac cycle. Largest differences relative to LES are indicated by red markers. Key times throughout the cardiac cycle are indicated by grey markers and refer to maximum acceleration, peak systole, maximum deceleration, end systole and mid-diastole.
3.5 Wall Shear Stress
3.5.1 Laminar Wall Shear Stress
Phase-averaged WSS is averaged over the cardiac cycle to give the time-averaged wall shear stress (TAWSS) for each of the three simulations. For the LR-Laminar simulation, the TAWSS is also calculated using instantaneous wall shear stresses from the last cardiac cycle. TAWSS contours are shown in Figure 5, alongside absolute differences in TAWSS between ILR-, LR- and HR-Laminar simulations and the LES simulation. Upon visual inspection, similar TAWSS patterns are seen in all simulations, regardless of post-processing approach. Largest differences occur along the left wall of the ascending aorta, near to the inlet (Figure 5, circled). This is likely an artefact of the inlet velocity contours which can artificially impose high near wall velocities. Excluding these regions (of potentially artificially high TAWSS), highest TAWSS’s occur in the ascending aorta along the anterior wall and are in excellent agreement, reaching peak TAWSS values of 14.9, 14.7, 15.0 and 14.9 Pa in the ILR-Laminar, LR-Laminar, HR-Laminar and LES simulations, respectively. Locations of peak TAWSS are denoted by the asterisks in Figure 5. Relative to LES, the ILR-, LR- and HR-Laminar peak TAWSS values correspond to absolute errors 0.3%, 1.4% and 0.5%, respectively.
[image: Figure 5]FIGURE 5 | Top row: Time-averaged wall shear stress (TAWSS) contours for ILR-Laminar, LR-Laminar, HR-Laminar and LES simulations. Bottom row: Absolute difference in TAWSS values for ILR-, LR- and HR-Laminar simulations, relative to the LES simulation. Locations of interest are circled and asterisked.
Figure 6 shows a schematic of TAWSS spatially averaged over each ROI, for each simulation. Each ROI is colour-coded using the average value of TAWSS in that section. HR-Laminar and LES values are in excellent agreement in all ROIs showing identical values correct to 1 decimal place. In the LR-Laminar simulation, values are underpredicted in the AAo and arch. Largest differences up to 0.4 Pa are observed in the AAo (10.6% relative error to LES). In the ILR-Laminar case, values are overpredicted in the AAo, arch, and proximal DAo. Differences are less than 1 Pa in all ROIs, with largest differences observed in the aortic arch (44.6% relative error).
[image: Figure 6]FIGURE 6 | Regional analysis visualisation. Time-averaged wall shear stress (TAWSS) spatially averaged over regions of interest for ILR-Laminar, LR-Laminar, HR-Laminar and LES simulations.
Figure 7 shows WSS spatially averaged over the entire aorta and each ROI, plotted over the entire cardiac cycle. ILR-Laminar results are based on instantaneous WSS from the final cardiac cycle and LR-, HR-Laminar and LES results are based on phase-averaged WSS. Compared to the LES simulation, HR-Laminar shows excellent agreement over the cardiac cycle in all regions. All differences are less than 0.6 Pa, with largest differences seen in the aortic arch near end systole. Both ILR- and LR-Laminar simulation results capture similar WSS trends over the cardiac cycle in all regions. Good agreement is seen in the proximal and distal DAo regions (differences less than 0.6 Pa in both simulations), with larger differences seen in the AAo and aortic arch. For ILR-Laminar, largest differences of 3.0 Pa occur in the aortic arch near end systole, and in LR-Laminar, largest differences of 1.7 Pa occur in the arch near peak systole. Largest differences are indicated by red markers in Figure 7.
[image: Figure 7]FIGURE 7 | Wall shear stress (WSS) spatially averaged over the entire aorta and each ROI, plotted over the cardiac cycle. Largest differences relative to LES are indicated by red markers. Key times throughout the cardiac cycle are highlighted and refer to maximum acceleration, peak systole, maximum deceleration, end systole and mid-diastole.
3.5.2 Turbulent Wall Shear Stress
Turbulent phase-averaged WSS is averaged over the cardiac cycle to give the time-averaged turbulent wall shear stress (turbulent-TAWSS) for LR-, HR-Laminar and LES simulations. Turbulent-TAWSS contours are shown in Figure 8, alongside absolute differences in turbulent-TAWSS between LR-, HR-Laminar simulations and the LES simulation. Visually, turbulent-TAWSS patterns agree well over the aorta, except near the inlet (Figure 8, circled). Excluding peak values near the inlet, highest turbulent-TAWSS’s are experienced between the aortic arch branches in all simulations (Figure 8, circled). At these locations, the LR-Laminar, HR-Laminar and LES simulations each show peak values of 14.7, 11.5 and 11.2 Pa, respectively. Relative to LES, the LR- and HR-Laminar peak turbulent-TAWSS values correspond to maximum absolute differences of 3.5 Pa and 0.3 Pa (absolute relative errors of 31.3% and 2.7%).
[image: Figure 8]FIGURE 8 | Top row: Time-averaged turbulent wall shear stress (Turbulent-TAWSS) contours for LR-Laminar, HR-Laminar and LES simulations. Bottom row: Absolute difference in turbulent-TAWSS values for LR- and HR-Laminar simulations, relative to the LES simulation. Locations of interest are circled.
A schematic of turbulent-TAWSS spatially averaged over each ROI is shown in Figure 9 for each simulation. HR-Laminar and LES predicted values are in good agreement with differences [image: image] 0.2 Pa in all ROIs (5.1% relative error in the AAo). The LR-Laminar simulation underpredicts turbulent-TAWSS in the AAo and overpredicts turbulent-TAWSS in the aortic arch and proximal descending thoracic aorta. Relative to LES, differences are less than 0.3 Pa with largest differences observed in the proximal descending thoracic aorta (38.6% relative error).
[image: Figure 9]FIGURE 9 | Regional analysis visualisation. Time-averaged turbulent wall shear stress (Turbulent-TAWSS) spatially averaged over regions of interest for LR-Laminar, HR-Laminar and LES simulations.
Figure 10 shows the turbulent-WSS spatially averaged over the entire aorta and each ROI, plotted over the entire cardiac cycle. Compared to the LES simulation, HR-Laminar shows similar turbulent-WSS behaviours over the cardiac cycle in all regions except in the aortic arch, with differences up to 0.7 Pa during systolic deceleration. LR-Laminar turbulent-WSS trends differ to LES with maximum differences reaching 1.9 Pa in the AAo before peak systole. Largest differences are shown by red markers in Figure 10.
[image: Figure 10]FIGURE 10 | Turbulent WSS spatially averaged over the entire aorta and each ROI, plotted over a cardiac cycle. Largest differences relative to LES are indicated by red markers. Key times throughout the cardiac cycle refer to maximum acceleration, peak systole, maximum deceleration, end systole and mid-diastole.
3.5.3 Oscillatory Shear Index
OSI is a dimensionless measure of WSS alignment and quantifies deviation of the WSS vector from the TAWSS vector over the cardiac cycle. A value of 0 indicates complete alignment throughout the cardiac cycle and a value of 0.5 indicates the converse. OSI contours are shown in Figure 11 alongside differences in OSI between ILR-, LR- and HR-Laminar simulations and the LES simulation. OSI contours are visually similar, and best agreement is seen in HR-Laminar with differences up to 0.23. ILR- and LR-Laminar OSI both showed larger differences up to 0.48, relative to the LES simulation. This means that in certain regions ILR- and LR-Laminar simulations show opposite OSI results to the LES simulation. Locations of largest differences are indicated with an asterisk in Figure 11.
[image: Figure 11]FIGURE 11 | Top row: Oscillatory shear index (OSI) contours for ILR-Laminar, LR-Laminar, HR-Laminar and LES simulations. Bottom row: Absolute difference in OSI values for ILR-, LR- and HR-Laminar simulations, relative to the LES simulation. Locations of largest differences are indicated with asterisks.
3.6 Energy Loss
3.6.1 Laminar Viscous Energy Loss
Viscous dissipation over the cardiac cycle is plotted in Figure 12A, for all three simulations. LR-, HR-Laminar and LES simulations show similar behaviours over the cardiac cycle, all peaking just ahead of peak systole. ILR-Laminar shows similar trends although values are massively overpredicted. Relative to the LES simulation, ILR-, LR- and HR-Laminar show errors of 75.6%, 1.7% and 1.5% in peak viscous dissipation values, respectively. The net viscous energy loss is calculated by integrating the viscous dissipation over the cardiac cycle and is shown in Figure 12C. ILR-, LR- and HR-Laminar show 130.3%, 1.7% and 0.8% errors relative to the LES simulation.
[image: Figure 12]FIGURE 12 | (A) Viscous dissipation and (B) turbulent dissipation spatially averaged over the entire aorta, plotted over the cardiac cycle. (C) Net energy losses. Key times throughout the cardiac cycle are highlighted and refer to maximum acceleration, peak systole, maximum deceleration, end systole and mid-diastole.
3.6.2 Turbulent Viscous Energy Loss
Turbulent dissipation over the cardiac cycle is plotted in Figure 12B, for all three simulations. HR-Laminar and LES simulations show similar behaviours over the cardiac cycle, although values differ. Relative to the LES simulation, LR-Laminar show largest differences near peak systole with 54.4% relative error. HR-Laminar also has largest differences near peak systole of 22.8% relative error. The net turbulent energy loss is calculated by integrating the turbulent dissipation over the cardiac cycle and is shown in Figure 12C. LR- and HR-Laminar show 30.4% underprediction and 11.6% overprediction, respectively, relative to the LES simulation.
4 DISCUSSION
Since the early conception of the Womersley flow model in the 1950s (Womersley, 1954; Hale et al., 1955a; Hale et al., 1955b; Womersley, 1955), blood flow in large arteries was assumed laminar and has typically been treated as such in numerical simulations. Recently, there has been a shift in attitudes towards the flow state of cardiovascular flows. In the past decade numerical studies accounting for blood flow disturbances are on the rise, finding turbulence features in both the pathologic and healthy aorta (Lantz et al., 2012; Lantz et al., 2013; Miyazaki et al., 2017; Xu et al., 2018; Saqr et al., 2020; Xu et al., 2020; Manchester et al., 2021). One such study conducted semi-patient-specific simulations of a healthy adult aorta and a child aorta with double aortic arch (Miyazaki et al., 2017). Three modelling approaches were used: laminar, LES and the renormalisation group (RNG) k − ϵ model. Similar to this study, velocities were quantitatively compared to 4D flow MRI velocities using the Pearson’s correlation method. They found that predicted velocities from the RNG k − ϵ model correlated marginally better than laminar and LES velocities, although poorer correlations (low to moderate) were observed in the child AAo owing to the flat inlet velocity profile which lacks secondary velocities. WSS values and laminar viscous energy losses from all three simulations did not correlate well with values calculated directly from 4D flow MRI because of lower spatial resolution. It was unclear which modelling approach performed the best in their study.
4.1 ILR-, LR- and HR-Laminar Comparisons with LES
In the present study, peak systolic velocities compared very well to 4D flow MRI velocities, throughout the entire aortic fluid domain. All simulations achieved a high positive correlation, except the z-component in the ILR-Laminar simulation which was just below the threshold and indicated a moderate positive correlation. Similarly, velocity streamlines were well predicted by all simulations, even during systolic deceleration when the flow-state is highly unstable. For this patient, the results suggest that any of the simulation types, including ILR-Laminar, could be used to predict velocities and flow patterns to a reasonable degree of accuracy. Visually, primary turbulence features are captured by all three simulations and spatial-temporal trends were similar. Both LR- and HR-Laminar simulations overestimated turbulence production near the inlet. Quantitatively, HR-Laminar TKE compared well to LES TKE throughout the cardiac cycle except in the aortic arch during systolic deceleration, and LR-Laminar typically overpredicted TKE over the cardiac cycle.
In terms of wall shear stresses and OSI, HR-Laminar compared best with LES predicted values. For phase-averaged (laminar) wall shear stress; maximum TAWSS was predicted within 0.5% relative accuracy, ROI analysis showed that TAWSS agreed in all regions to one decimal place, and WSS plotted over the cardiac cycle showed differences less than 0.6 Pa. In general, excellent agreement was observed between HR-Laminar and LES mean wall shear stresses. Larger differences were observed in turbulent wall shear stresses; maximum turbulent-TAWSS differed by 2.7%, ROI analysis showed that turbulent-TAWSS was overpredicted in the AAo (5.1% relative error) but was correct elsewhere, and regional-temporal analysis of turbulent-WSS showed differences less than 0.7 Pa. Overall, turbulent wall shear stresses are typically well predicted by the HR-Laminar simulation, but differences in values were observed. OSI was also fairly well predicted by HR-Laminar, although differences up to 0.23 were seen.
ILR-Laminar and LR-Laminar wall shear stresses and OSI did not compare so favourably to LES. In terms of phase-averaged (laminar) wall shear stress the lower resolution simulations were able to capture trends–both TAWSS contours and WSS plotted over the cardiac cycle are visually similar to LES—but quantitative analysis showed that values differ significantly. ILR- and LR-Laminar simulations showed relative errors of 0.3% and 1.4% in peak TAWSS values. ROI analysis showed that both simulations predicted TAWSS relatively well in the DAo, but large differences were seen in the AAo of LR-Laminar (10.6% error) and in the aortic arch of ILR-Laminar (44.6% error). Temporal and spatial analysis showed that WSS and TAWSS were better predicted in regions of laminar or lowly disturbed flow (Figure 7). E.g., in the proximal and distal DAo where TKE is small throughout the cardiac cycle and in the AAo and aortic arch during systolic acceleration when TKE is small. In the AAo and aortic arch during systolic deceleration and diastole, TKE levels are high and/or dissipating, and the low-resolution simulations cannot accurately predict WSS and TAWSS. These findings agree well with those of Xu et al. (2020) who compared laminar and LES simulations of three patient-specific aortas with dilation and different aortic valve morphologies. They found little difference in large-scale flow parameters, with laminar simulations underpredicting TAWSS by up to 5%. The authors observed largest differences in localised regions of highly disturbed flow—particularly in the aorta with severe aortic valve stenosis. For turbulent wall shear stresses, LR-Laminar could not accurately estimate turbulent-WSS values and typically overpredicted values, consistent with TKE overpredictions. Peak turbulent-TAWSS differed by 31.3% and ROI analysis showed differences in all regions up to 38.6%. Considering LR-Laminar could not accurately predict WSS values, it is not surprising that the spatial and temporal resolution of the simulation was not sufficient in predicting turbulent-WSS as well. OSI contours were visually similar to LES, but accuracy diminished with simulation resolution which is also not unexpected considering OSI is based on WSS.
LR- and HR-Laminar viscous dissipations and energy losses were comparable to LES with viscous energy loss values up to 1.7% relative error. ILR-Laminar viscous energy losses showed the largest relative errors of all parameters included in this study of 130.3% and viscous dissipation was overpredicted over the entire cardiac cycle. Because the instantaneous velocity field is used in the calculation which is based on the velocity gradient tensor, fluctuations are not damped and are amplified when calculating the gradient. LES turbulent dissipation values proved challenging to match with LR- and HR-Laminar simulations, although trends over the cardiac cycle were comparable in HR-Laminar. LR-Laminar underpredicted turbulent energy losses by 31.4% and HR-Laminar overpredicted it by 11.6%.
Comparing HR-Laminar and LES simulation results, it is clear that the contribution from the subgrid-scale model (or lack of) has a notable influence on predicted turbulence-based results in this case.
4.2 Post-Processing Approaches
In typical laminar-based simulations of the aorta, simulations are run until certain parameters are deemed to have reached a periodic solution. Pressure at the branch outlets is monitored, and once this pressure has reached a periodic solution, it is assumed that all other properties have also reached a periodic solution and the simulation is stopped. Following this, results obtained in the prior cardiac cycles are neglected, and post-processing is conducted on the final cycle only using instantaneous parameters. The results from this study show that although a periodic solution in pressure is easily achieved (at 8 cardiac cycles), it does not necessarily imply that a periodic solution in all parameters is achieved and that there are still cycle-to-cycle variations. This is revealed by comparing the results from ILR- and LR-Laminar simulations, where the same simulation results were post-processed using two different approaches. Only laminar-based parameters were compared because turbulence-based parameters cannot directly be calculated from instantaneous values. There was little difference in the output velocities between the two post-processing approaches, but wall shear stresses were different. For this case, wall shear stress estimations were much better with the phase-averaged approach, although there were still deviations from the HR-Laminar and LES results. ILR-Laminar viscous energy losses were massively overpredicted, but LR-Laminar energy losses were in better agreement with LES.
4.3 Limitations, Future Work and Recommendations
In this study, the aortic wall was assumed rigid and valve leaflet motion was not directly modelled although effects were accounted for by making use of 4D flow MRI data. Whilst aortic wall motion may affect simulation results (Tan et al., 2009), the LES methods used in this paper have been thoroughly sensitivity tested and validated in idealised and patient-specific cases (Manchester and Xu, 2020; Manchester et al., 2021). Blood flow was treated as Newtonian which is widely considered an acceptable simplification in computational modelling of aortic flows. Real blood is Non-Newtonian and the length scales of red blood cells are not much smaller than the expected smallest length scales of blood flow turbulence (Antiga and Steinman, 2009). It is therefore reasonable to expect additional turbulence damping to occur at the smallest turbulence scales in Non-Newtonian flow. Andersson et al. (2015) found slight turbulence damping effects in an aortic coarctation model although this had little impact on general flow characteristics. Other studies into arterial flows found that a Newtonian flow assumption produced reasonably accurate results and that haemodynamic parameters were far more sensitive to geometric variability (Lee and Steinman, 2007; Marrero et al., 2014). Nonetheless, future studies could evaluate turbulence characteristic sensitivity to Newtonian and Non-Newtonian modelling approaches, as well as evaluate interactions with current subgrid-scale models which are designed to satisfy the properties of fully turbulent flows. In this study, an aortic case with severe aortic valve stenosis was selected to evaluate the various laminar-type simulations. Because this case showed high turbulence levels in a former study (Manchester et al., 2021), it was expected to provide a challenging test case for laminar-type simulations. Based on our findings, it is reasonable to hypothesise that laminar-type simulations of aortic flows with healthy valve types and less severe valve stenosis would perform better than the case considered in this study because turbulence levels are expected to be of smaller magnitude. Nonetheless, this study is limited to a single aortic case and in future work, a selection of aortas with a range of diseases and disturbance levels should be included to improve best practice surrounding the appropriate selection of computational approach. Only then can the results be generalised to all aortic flows.
Based on the findings from this paper, it is recommended that future numerical studies on aortic flows select the modelling approach based not only on expected flow state but the parameters of interest. For example, if only velocities are required then an ILR-Laminar type simulation may be appropriate. Considering LES simulations are computationally demanding and produce large amounts of data, an LES approach is not always feasible (e.g., in large scale studies) and alternative modelling approaches must be considered. HR-Laminar simulation results were less accurate than LES and simulation times were almost identical. Based on this, there was no benefit to running a higher resolution laminar simulation over LES. Comparing ILR-Laminar and LR-Laminar results showed that phase-averaging improved wall shear stress and viscous energy loss estimations in the lower resolution simulations. Adopting a more advanced post-processing approach is a relatively simple and low-cost way to improve simulation predictions.
5 CONCLUSION
Blood flow in a patient-specific aorta with aortic valve stenosis was simulated using different modelling approaches to assess their capabilities in capturing mean and turbulence-based parameters. Three modelling approaches were examined: LES, high-resolution (HR) laminar and low-resolution (LR) laminar. The HR-Laminar simulation used the same mesh and time-step as the LES simulation and is essentially a coarse DNS. The LR-Laminar simulation used a coarser mesh and larger time-step representative of typical laminar aortic simulations. Two post-processing approaches were compared using the LR-Laminar simulation results: one was based on the final periodic solution without phase-averaging (ILR-Laminar), and another involved phase-averaging of the same set of results over multiple cycles (LR-Laminar). A range of laminar and turbulence-based parameters were assessed.
All simulations, regardless of post-processing approach, could accurately predict velocities and flow patterns throughout the aorta. Lower resolution simulations (ILR- and LR-Laminar) were incapable of accurately predicting other laminar-based parameters calculated from velocity gradients (wall shear stress and viscous energy loss), although adopting a phase-averaged post-processing approach improved predictions. The higher resolution simulation (HR-Laminar) produced more comparable results to LES and laminar-based parameters were better estimated than turbulence-based parameters. The findings from this study suggest that well-resolved laminar simulations (HR-Laminar) may provide accurate estimations of laminar-based parameters in disturbed flows, although LES and HR-Laminar simulation times were identical; negating the benefits of running a laminar-type simulation over LES. Post-processing simulation results with a phase-averaged approach is a simple and low-cost way to improve accuracy of lower-resolution simulation results.
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NOMENCLATURE
AAo ascending aorta
CFD computational fluid dynamics
DAo descending thoracic aorta
DNS direct numerical simulation
HR high resolution
ILR instantaneous low resolution
LES large-eddy simulation
LR low resolution
MRI magnetic resonance imaging
OSI oscillatory shear index
RNG renormalisation group
ROI region of interest
SGS subgrid-scale
TAWSS time-average wall shear stress
TKE turbulence kinetic energy
WALE wall-adapting local eddy-viscosity
WSS wall shear stress
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The objective of this paper is to analyze the association of intraluminal thrombus (ILT) presence and morphology with oxygen transport in abdominal aortic aneurysms (AAA) and local hypoxia. The biomechanical role of the ILT layer in the evolution of the aneurysm is still not fully understood. ILT has been shown to create an inflammatory environment by reducing oxygen flux to the arterial wall and therefore decreasing its strength. It has been also hypothesized that the geometry of the ILT may further affect AAA rupture. However, no previous research has attempted to explore the effect of morphological features of ILT on oxygen distributions within the AAA, in a systematic manner. In this study, we perform a comprehensive analysis to investigate how physiologically meaningful variations in ILT geometric characteristics affect oxygen transport within an AAA. We simulate twenty-seven AAA models with variable ILT dimensions and investigate the extent to which ILT attenuates oxygen concentration in the arterial wall. Geometric variations studied include ILT thickness and ILT length, as well as the bulge diameter of the aneurysm which is related to ILT curvature. Computer simulations of coupled fluid flow-mass transport between arterial wall, ILT, and blood are solved and spatial variations of oxygen concentrations within the ILT and wall are obtained. The comparison of the results for all twenty-seven simulations supports the hypothesis that the presence of ILT in AAA correlates to significantly impaired oxygen transport to the aneurysmal wall. Mainly, we observed that ILT thickness and length are the parameters that influence decreased oxygen flow and concentration values the most, and thick thrombi exacerbate hypoxic conditions in the arterial wall, which may contribute to increased tissue degradation. Conversely, we observed that the arterial wall oxygen concentration is nearly independent of the AAA bulge diameter. This confirms that consideration of ILT size and anatomy is crucial in the analysis of AAA development.
Keywords: abdominal aortic aneurysm, intraluminal thrombus, geometric modeling, parametric study, oxygen transport, hypoxia
INTRODUCTION
Abdominal Aortic Aneurysm (AAA) is characterized by the continuous and gradual dilation of the infrarenal aorta which results from the degradation of the extracellular matrix in the arterial wall (Jana et al., 2019). The prevalence of AAA in general population ranges from 1.0 to 14.2% in men and from 0.2 to 6.4% in women (Li et al., 2013). The majority of AAAs are asymptomatic and acute AAA ruptures are estimated to cause 4–5% of sudden death in developed countries, and is the 14th leading cause of death in the United States (Aggarwal et al., 2011). Upon rupture, this disease has a high mortality rate of 50–80%, and about 50% of patients die before ever reaching the hospital due to the asymptomatic nature of AAA. However, the processes associated with AAA development and evolution are still not fully understood. It is imperative to thoroughly understand the conditions under which AAA rupture to enhance development of more effective treatments leading to improved patient outcome. Although some clinical evidence suggests that aneurysm diameter is positively associated with the risk of rupture, it has been observed that this maximum diameter criterion may not be appropriate, since sometimes smaller AAA rupture while larger diameter aneurysms remain intact and asymptomatic (Vorp and Geest, 2005). Therefore, other parameters may also play a role in causing or predisposing the AAA to rupture. One possible reason for this variability in clinical outcomes is the formation of a layer called intraluminal thrombus (ILT). Diverse findings from the literature regarding the role of ILT in AAA progression are discussed in a review paper by Wilson et al. (Wilson et al., 2013).
Rupture of AAA is facilitated by the structural degradation of the arterial wall until the mechanical stress acting on the wall exceeds the strength of the wall tissue. It generally occurs in conjunction with the formation of the ILT in the lumen of the AAA bulge. ILT prevalence at rupture is estimated to occur in over 75% of clinically studied AAAs, though the precise role in facilitating rupture remains unclear. However, it is known that ILT presence influences the localized transluminal oxygen diffusion. It has furthermore been suggested that the geometric factors of the ILT may influence its role in AAA rupture (Riveros, 2013). Radially thicker ILT, for example, particularly inhibits oxygen diffusion through the aneurysmal wall, which leads to greater local oxygen loss, also known as hypoxia, more so than with radially thinner ILT. This resulting localized oxygen deprivation is thought to lead to degradation of the arterial wall, causing sufficient conditions for AAA rupture.
In order to maintain the health of the arterial wall, sufficient transluminal oxygen transport is essential. However, there is insufficient evidence produced to date from which definitive conclusions can be drawn towards the precise role of particularly thrombus-mediated limitations to mass transport in AAAs, though several studies have demonstrated the phenomenon of “Hypoxia-Mediated Wall Weakening” and have asserted that the morphology of ILTs can play a key role to directly influence collagen and elastin production, induce hypoxia in the arterial wall, and decrease wall strength (Vorp et al., 1998; Vorp et al., 2001). These investigations outline the potential importance of hypoxia in upsetting the local balance of protein degradation and synthesis in the AAA wall (see a comprehensive review in (Vorp and Geest, 2005)). The observed local hypoxic environment in AAA may therefore lead to a decrease in the overall structural integrity of the wall and its eventual rupture. In particular, Vorp et al. examined the hypothesis that ILT in AAA is associated with local hypoxia of the AAA wall (Vorp et al., 2001).
While hypoxia can detrimentally impact the structure and content of the wall, the mechanical stresses within the wall ultimately mediate its rupture. Most previous studies have analyzed the effect of ILT presence on transmural wall stress in AAA models (Mower et al., 1997; Wang et al., 2002; Di Martino and Vorp, 2003; Li et al., 2008; Bluestein et al., 2009; Haller et al., 2018), where qualitative information is obtained on how ILT influence aneurysm wall stress. Though the presence of ILT can inhibit physiologically healthy transluminal oxygen transport in AAA, these studies have found that from a mechanical vantage, ILT can act as structural enhancement; thus, reducing the risk of aneurysm rupture by bearing some of the arterial mechanical load. In this manner, a few studies investigated the role of geometric factors in rupture assessment of AAA. However, previous studies on the effect of AAA geometrical features have been only focused on statistical association between geometrical asymmetry, wall stress, and rupture; without considering either the ILT region or the oxygen transport within the AAA (Li and Kleinstreuer, 2007; Bhagavan et al., 2018). Yet, there has not been any research to the authors’ awareness on the thrombus-mediated limitations to mass transport in AAAs; particularly towards the gross geometric ILT features which, in addition to regulating mass transport, can later provide information towards AAA structural stability. Including the ILT as a geometric feature and investigating the relation between its morphology and oxygen flow to the aneurysmal wall is the main purpose of our study.
In some previously reported experimental and computational investigations, the effect of blood flow on convective mass transfer of oxygen molecules had been neglected and only the ILT and wall regions had been considered (i.e., (Vorp et al., 1998; Polzer et al., 2012)). In particular, in (Vorp et al., 1998) a uniform oxygen concentration was assumed on the luminal surface to model the oxygen supply from the blood. However, given the advective-diffusive nature of fluid flow in luminal oxygen transport, including the hemodynamic features may provide additional insight, as previously, it has been shown that hemodynamics plays a key role in the development of ILT (Virag et al., 2015), and the blood flow field affects the oxygen transport to the arterial wall particularly in the regions of disturbed flow and reattachment. Therefore, the coupling between blood-side oxygen mass transport to the transport in the wall is necessary to accurately model local oxygen concentrations within the AAA. In (Sun et al., 2009), this coupling between hemodynamics and mass transport for a patient-specific model of AAA is considered. However, using patient-specific models without having knowledge about the variations from patient-to patient in flow rate and physical properties, prohibits a thorough sensitivity analysis of the model’s parameters.
Our previous studies in (Zakerzadeh et al., 2021) and (Zakerzadeh et al., 2020) have thoroughly explored the effect of varying ILT biomechanical parameters such as permeability and oxygen diffusivity in an idealized AAA model. We extended the work by Vorp et al. (Vorp et al., 1998) in a parametric study and implemented a computational framework of coupled blood flow and oxygen transport for the purpose of assessing the effects of different geometrical and physical features including vasa vasorum flow (in the form of varying abluminal oxygen concentration boundary condition), kinematic diffusivities within the AAA tissue, and oxygen consumption in the arterial wall. Moreover, we also analyzed the effect of AAA geometry using four similar AAA models as in (Vorp et al., 1998) and observed that geometry seems to have substantial influence on mass transport, and in particular, that ILT geometry can play a notable or negligible role on oxygen transport depending on its geometry (Zakerzadeh et al., 2021). However, only four different geometries were used which is not enough to make a conclusion.
In the current work, we augment this via parametric modeling of both luminal and ILT geometries with the purpose of systematically investigating the role of changing ILT length and thickness in idealized AAAs, which are themselves parametrically varied. Additionally, in previous studies, the correlation between oxygen diffusion and ILT geometry is not examined in detail as it is in this manuscript. This study is the first attempt to explore the association of different morphological features of ILT with the oxygen delivery to the AAA and the possible wall oxygen deprivation, in a systematic and comprehensive manner.
With the use of physiologically realistic biomechanical simulations of coupled computational fluid flow and mass transport in AAA, we simulate aortic wall oxygen transport and investigate the extent to which ILT attenuates oxygen concentration in the arterial wall. A three-dimensional computational model of AAA containing ILT is constructed which is similar to the previous research by authors presented in (Zakerzadeh et al., 2021). The parametric space is composed of twenty-seven AAA models. Geometrical parameters include AAA bulge diameter, which is related to ILT curvature, ILT thickness, and ILT length. The modeling framework accounts for fluid dynamics in the lumen and oxygen transport in the lumen, thrombus, and arterial wall. Blood flow in the lumen is modeled using Navier-Stokes equations and then coupled with advection-diffusion-reaction equations that model the transport of biomolecules in AAA and their interaction with the arterial wall living tissue. This coupled blood flow-oxygen transport model is utilized in order to analyze the influence that ILT size has on oxygen concentration attenuation in the arterial wall. Computational results on velocity fields inside the lumen and oxygen concentrations inside the ILT and wall are obtained. Twenty-seven different geometries are simulated, and concentration measures at various locations within the tissue and along the boundaries are presented and compared.
The manuscript is organized as follows. In Materials and Methods, we describe the tools that we use to perform AAA simulations: Geometry Variations and Parametric Space introduces the geometrical space, provides the geometrical representation of models that we use for each simulation, and explains how the twenty-seven cases are created. Governing Equations and Formulation and Boundary Conditions and Physical Parameters cover the governing equations for the representation of the blood flow and oxygen transport within AAA and provide the mathematical model parameters and boundary conditions. In Solver details, we summarize the numerical simulation techniques. In Results, we explore the numerical results and compare them for simulated AAA cases. Finally, the discussion of the results, conclusions and future directions are presented in Discussion.
MATERIALS AND METHODS
In this section, we summarize the steps to achieve a realistic simulation of the fluid flow and oxygen transport within AAA. We have constructed three-dimensional CAD models of an axisymmetric AAA containing an ILT. The maximum diameter of the AAA occurs at halfway along the vessel length and is called the bulge diameter (BD). A schematic of the axial and transverse cross-sections of the model is presented in Figure 1 and Table 1 contains the geometric parameters used to create the model and summarizes the ranges of ILT thickness and ILT length examined in our study.
[image: Figure 1]FIGURE 1 | (A) Schematic of the idealized, three-dimensional axially symmetric model of an AAA, where BD represents the bulge diameter, [image: image] denotes ILT length, and [image: image] is the ILT thickness. (B) Left: coronal plane view of a magnetic resonance angiography (MRA) of a clinical infrarenal AAA. Extensive dilatation (arrows) and renal arteries on both sides can be observed. The renal arteries in MRA image are not included in the computational model. Right: the image demonstrates aneurysm formation and thrombus-covered region (asterisk). MRA images are taken from (Douek, 2005).
TABLE 1 | Geometric modelling parameters and their values in idealized lesions.
[image: Table 1]Geometry Variations and Parametric Space
The parametric study space consists of twenty-seven idealized geometries. Each AAA case has three bodies: the wall, the blood, and the ILT. AAA models were designed in the commercially available Fusion 360 CAD software, and preprocessed and meshed using the ANSYS SpaceClaim, a geometry component in ANSYS Workbench (version 20.2, ANSYS Inc., Canonsburg, PA, USA). For each bulge diameter (BD) used, the wall was sketched and saved as a framework. Using this framework, each ILT was sketched to desired length ([image: image]) and thickness ([image: image]). The wall and ILT sketches were then revolved around the central axis to become independent 3-D bodies. Finally, the blood body was created by filling the extra area within the vessel. This process was repeated for each of the twenty-seven AAA models. A visualization of these modeling parameters and geometric measurements can be observed in Figure 2. The AAA and ILT dimensions are agreeable with patient-specific morphological data (Hans et al., 2005) and are listed in Table 1. For each case, the AAA domain is defined as 24 cm long, with arterial wall thickness held constant at 0.1 cm. The blood vessel is defined with a radius of R = 1 cm at the inlet and outlet of each case, with larger bulge protrusions within the middle of the arterial domain as specified in Figure 1.
[image: Figure 2]FIGURE 2 | The 3-dimensional visualization of the parametric space is shown (top-right), where each point represents one of the twenty-seven AAA geometries used in this study. Each case is characterized by a variation in ILT length, bulge diameter, and ILT thickness identified on one of the three axes, respectively. The cases are divided into three groups of nine AAA models based on bulge diameter, denoted by black (BD = 7 cm), red (BD = 5.2 cm), and white (BD = 4.2 cm) points on the 3D parametric space cube. The three 2D plots (left) illustrate the anatomic variations on three planes of constant BD, and each plane shows combined variations in thickness and length of the ILT lesion. Individual cases were designed to have ILT length of 4 cm, 6 cm, or 8 cm, and an ILT thickness of 0.4, 0.8, or 1 cm. These cases will serve as the basis of comparison for differences oxygen concentration among the simulations.
Bulge diameters of 4.2, 5, and 7 cm are assumed for each set of simulations, These BD values are in the range of baseline diameters for demographic data of patients’ aneurysm size to simulate small, medium, and large aneurysm (see (Wolf et al., 1994; Cnotliwy, 2010; Zhu et al., 2020)). Bulge diameter is kept constant for each aneurysm size, and the ILT thickness and ILT length are varied to create three groups of nine AAA cases (Figure 2). ILT thickness and length vary with ranges of [image: image] = 0.4, 0.8, 1 cm and [image: image] = 4, 6, 8 cm, respectively. Thus, the analysis accounts for the combination of “short/medium/long” and “thin/medium/thick” ILTs in small, medium, and large aneurysms. The thickness of the ILT region is chosen according to relevant clinical data (Cnotliwy, 2010; Xenos et al., 2015), and the range for the ILT length is calculated from patient ILT volume and ILT thickness demographics measurements (Ghulam et al., 2018). An illustration of the parameter space and AAA geometries spanning the full ranges of the three explicit parameters BD, [image: image] and [image: image] are shown in Figure 2. The 3-D parameter space is divided into three 2-D plots that partition cases by BD values (black corresponds to BD = 7 cm, red represents BD = 5.2 cm, and white signifies BD = 4.2 cm). In each plotted image, AAA lumen is colored white, and ILT domain is depicted in blue. Variations in ILT length (in cm) are plotted against ILT thickness (in cm) in each plot.
Governing Equations and Formulation
Our mathematical model consists of three domains: luminal blood, the ILT, and the arterial wall. Since the aorta is a large artery, blood flow in the lumen is assumed to behave as a Newtonian viscous fluid. Hence, the steady, incompressible, laminar blood flow inside the artery channel is described by the Navier–Stokes equations:
[image: image]
[image: image]
Here [image: image] and [image: image] stand for fluid velocity vector field in the lumen and blood density, respectively, and [image: image] is the fluid Cauchy stress tensor where [image: image] is fluid pressure, [image: image] denotes blood dynamic viscosity, and the symmetric part of the fluid velocity gradient is defined as [image: image]. It should be noted that the subscripts [image: image], [image: image] and [image: image] indicate the blood flow in the lumen, AAA wall and ILT medium respectively.
Oxygen transfer in the lumen is coupled with the blood flow and governed by the convection–diffusion equation as follows:
[image: image]
The symbol [image: image] denotes the oxygen concentration in the lumen and [image: image] is the diffusion coefficient for oxygen in blood. The effect of oxygen binding to hemoglobin within the AAA lumen is neglected, as our focus is confined to the relative differences in oxygen transport across the arterial wall.
Oxygen transport in the AAA wall is modeled by the diffusion-reaction equation and therefore we have:
[image: image]
where [image: image] is the oxygen concentration in the AAA wall, [image: image] is the oxygen diffusivity through the AAA wall, and [image: image] is the reaction term which accounts for the metabolite consumption of oxygen in cell metabolism. In particular, we introduce the consumption rate [image: image], when the consumption of oxygen is assumed to be linearly proportional to the cell availability, namely [image: image], and [image: image] is defined as the oxygen reaction rate constant (Iannetti et al., 2016).
The ILT is assumed permeable to the transport of oxygen molecules through diffusion via the canaliculi network, without any smooth muscle cells to consume oxygen. Therefore, no reaction term is considered in the thrombus and the oxygen transfer in the ILT can be modeled by the diffusion equation, given by:
[image: image]
where [image: image] is oxygen concentration in the ILT, and [image: image] is the oxygen diffusivity through the ILT.
It should be noted that although ILT has a porous structure arising from its highly porous canalicular network (Adolph et al., 1997), neglecting the contribution of convective oxygen transport due to interstitial fluid flow (i.e. the movement of the fluid through the extracellular matrix of the tissue) has been justified in (Polzer and Bursa, 2010; Polzer et al., 2011) where the stress fields in the aneurysmal wall changed negligibly when a poroelastic model for ILT was used. Similar conclusions were obtained in (Ayyalasomayajula et al., 2010) where simulations were performed in order to compare poroelastic and impermeable ILT models, and the ILT permeability was found to have minimal effect on interstitial velocities that have been associated with driving oxygen transport in the ILT and arterial wall. We previously explored the effect of porous ILT on oxygen transport and our findings suggest that the effect of porosity of ILT on oxygen transport within AAA is small for the reported physiological range of ILT permeability (Zakerzadeh et al., 2020).
In the next section, we summarize the parameters and boundary conditions.
Boundary Conditions and Physical Parameters
In this section, we summarize the main parameters and boundary conditions of the flow and mass transport model. At the inlet of the artery, we considered a fully developed and unidirectional velocity profile. The flowrate is chosen to match physiological Reynolds numbers and represents the flow in the abdominal aorta under the resting condition (Fraser et al., 2008). Therefore, the following parabolic velocity profile for the laminar flow taken from (Caputo et al., 2013) is specified at the inlet:
[image: image]
where n denotes the inward normal unit vector at the inlet surface, [image: image] is the radius of the vessel, and we define [image: image] at the inlet. The correspondent mean velocity is obtained as [image: image] = 0.235 m/s from the measurements of the flowrate reported by (Fraser et al., 2008). The fluid is assumed to have density of [image: image] =1,050 kg/m3 and viscosity of [image: image] = 0.0035 kg/m.s, representing human blood properties. The Reynolds number of 1,100 is obtained based on the inlet lumen diameter and the inlet flow condition, which is within the realistic range for Reynolds numbers in abdominal aorta at rest (Ku, 1997). The blood oxygen partial pressure is considered a uniform 100 mmHg (Applegate et al., 2016), corresponding to the oxygen saturation of 97.7% (Severinghaus, 1979). Therefore, the oxygen concentration of [image: image] =5.12 × 10−3 kg/m3 at the lumen inlet [image: image] is obtained by using the inlet partial pressure and molar mass of oxygen. At the lumen outlet [image: image], the reference pressure value was prescribed, which can be arbitrarily set for incompressible flow. On the exterior of the arterial wall, the influence of the vasa vasorum is modelled by imposing the partial pressure of oxygen. Experimental studies showed that the level of adventitial oxygen tension is about one half of the oxygen tension in blood (Buerk and Goldstick, 1982; Buerk and Goldstick, 1986); therefore the abluminal wall partial pressure was fixed at 50 mmHg to model the oxygen transported by the vasa vasorum (Kemmerling and Peattie, 2018). At the cross-sectional areas of the wall representing the ends of the vascular domain a zero-flux condition on the surface normal direction is prescribed. It should be noted that an adventitial oxygen concentration of 50 mmHg, that has been used for the baseline case and previous computational models of AAA (Sun et al., 2009), corresponds to a healthy infrarenal aorta (Buerk and Goldstick, 1986). However, in the case of AAA it is expected that this value decreases significantly, since the vasa vasorum has been observed to be stenotic in both small and large AAA with the tissue being ischemic and hypoxic (Tanaka, 2015).
Conservative, interface oxygen flux conditions are employed at the ILT-wall ([image: image]) and ILT-lumen ([image: image]) interfaces, and a continuity condition was assumed between the boundaries. Moreover, the no-slip condition is defined at the interface between the lumen and wall ([image: image]), and the lumen and ILT. Therefore, the model is complemented by the following concentration interface conditions:
[image: image]
The transport equation in the fluid model describes oxygen transport with a kinematic diffusivity of [image: image] =1.6 × 10−9 m2/s (Rappitsch and Perktold, 1996). The values for AAA wall and ILT diffusivity are taken from previous studies, where [image: image] =1.34 × 10−9 m2/s and [image: image] =1.08 × 10−9 m2/s are the diffusivities of oxygen through the ILT and wall respectively. The oxygen reaction rate is assumed to be [image: image] =8.4 × 10−3 s−1 under the assumption that the volume flux of oxygen is completely consumed by the smooth muscle cells. A summary of all model parameters is provided in Table 2.
TABLE 2 | Physical parameters and material properties for AAA model domains.
[image: Table 2]Solver Details
Twenty-seven fully coupled hemodynamic and oxygen transport simulations by obtaining the solutions of the Navier-Stokes equations plus diffusion-reaction equations were performed. The model was implemented in commercial code ANSYS CFX Workbench software (version 20.2, ANSYS Inc., Canonsburg, PA, USA) to carry out the fluid dynamic and mass transport simulations. Numerical simulations were performed to simulate blood flow coupled with the oxygen transport in the bloodstream and oxygen diffusion in the wall and ILT regions. The spatial discretization consists of a cell based finite volume method. A fully coupled strategy has been adopted, namely all the equations are solved simultaneously through a monolithic linear system that embraces all the degrees of freedom. The Laplace operator in the fluid momentum and oxygen transport equations is approximated by a centered scheme, while the convective terms have been discretized by means of an upwind method. The convective term in the Navier-Stokes equations is linearized by the Picard iterations (“ANSYS CFX-Solver Theory Guide”, ANSYS Inc., 2010). The pressure variable in the Navier-Stokes equations is evaluated at the same nodes of the velocity field. The system is then solved using an algebraic multigrid method exploiting incomplete LU factorization as smoother. Convergence criteria were set to [image: image] for the normalized residuals of the global linear system of equations. Numerical simulations have been performed on parallel CPUs using a 5-Core Intel CPU, 32 GB RAM at Duquesne University. The problem was solved using the MPI parallel solver. Each simulation computes the steady-state solution using four processor cores. To obtain a reasonable resolution of the solution based on the assumed value of the Reynolds number of 1,100, we used about 1.5 million tetrahedral elements to discretize the domain representing AAA. The mesh resolutions are identical to those reported in Zakerzadeh et al. (2021). The cited study also documents a systematic mesh convergence testing which is similar to that used in the computations of the current model.
RESULTS
In this section, we investigate the dependence of oxygen distribution within a AAA domain on the variation of the ILT and AAA geometrical features including ILT thickness, ILT length and AAA bulge diameter that is directly linked to the ILT curvature. In particular, our computational solver provides a spatial prediction of oxygen concentration in the ILT and arterial tissue, as well as hemodynamic measures inside the lumen. Twenty-seven different geometries created in Geometry variations and parametric space are used, and the oxygen concentration profiles at different locations are presented and compared. These geometries are referred to by case [image: image] for each BD values, where [image: image] is ILT length and [image: image] is ILT thickness.
We first present the results of a baseline simulation to investigate hemodynamics and mass transport results. In the top panel of Figure 3, visualization of blood streamlines colored by the velocity magnitude, on the plane that cuts the AAA in half is provided. The pattern of streamlines in the blood indicates the distribution of the flow within the lumen. It is seen that blood flow in the AAA decelerates due to the enlarged diameter of the vessel and the streamlines show recirculation zones characterized by helical flow pattern in the bulge of the lumen. Additionally, the oxygen concentration distribution contour inside the whole domain that contains lumen, ILT, and wall, is shown in the middle panel of Figure 3. The lumen appears red, indicative of oxygen-rich blood. Moving toward the exterior of the artery, this high oxygen concentration inside the lumen that is spatially uniform, diminishes rapidly with distance inside the ILT and arterial wall. Therefore, the highest oxygen concentration is found in the lumen and the lowest is in the wall as expected. We observe more reduced oxygenation of the aortic wall in the presence of ILT which is in the middle of the lumen. This oxygen deprivation is most noticeable at the maximum diameter of the AAA, BD, that occurs at halfway along the length of the lumen and has the highest thickness of ILT (see Figure 1 for a schematic illustration of the model). The oxygen concentration is higher at the straight portion of the vessel that thrombus does not exist. This observation is in line with previous conclusions in (Vorp et al., 2001). Furthermore, the bottom panel of Figure 3 illustrates contour of oxygen concentrations on the luminal surface, defined as the interface between the lumen and ILT and between the lumen and the wall. This oxygen contour clearly shows that the concentration is not uniform at the blood-tissue interface and changes between 5.12 × 10−3 kg/m3 to 4.43 × 10−3 kg/m3. The observation highlights the influence of hemodynamics to compute a more realistic oxygen concentration on the luminal surface and use that to solve the oxygen diffusion within the ILT and wall tissue.
[image: Figure 3]FIGURE 3 | Stream traces colored by the velocity in the lumen (top), arrowheads over the streamlines convey the direction of flow. Profile of oxygen concentration in AAA including lumen, ILT and wall domains, on a plane that cuts the domain in half (middle), distribution is marked with the highest concentration in the lumen and lowest in the AAA wall. The contour of oxygen concentrations on the luminal surface (bottom).
To quantify the sensitivity of oxygen flow measures to the chosen space of geometric values provided in Table 1 and Figure 2, various plots are prepared and arranged that illustrate the results on different points, lines, and surfaces, such as within the ILT tissue, on the abluminal ILT layer, and on the outermost layer of the arterial wall that is referred to as tunica adventitia.
The lines plots in Figures 4–6 depict oxygen concentration fluctuation from lumen to outer wall surface as well as the change in oxygen distribution on inner wall surface on the boundary between ILT and wall. Oxygen concentration data for individual cases in each plot is differentiated by color (blue, red, or black color) for the ILT length and line type (solid, dashed, dotted) for ILT thickness, respectively. In the left panel of Figure 4, the concentrations for different case [image: image] with BD= 4.2 cm and varying ILT length ([image: image]) and ILT thickness ([image: image]) are shown along a vertical line that starts at the center of the domain. The path line is identified by blue color at the schematic representation in the top of the aforementioned figure. We observe that the concentration is constant for all nine cases in the lumen and it starts to decrease exponentially once we reach the ILT interface. For all the cases, the concentration eventually reaches the value estimated by vasa vasorum oxygen supply at the tunica adventitia. Figure 4 (left panel), indicates that oxygen concentration value along a radial line in the middle of AAA domain is largely affected by ILT thickness, although it is not affected by ILT length as expected. Furthermore, thinner ILTs resulted in a more sudden change in oxygen concentration from blood to the tunica adventitia that happens over a shorter length of depletion, while thicker ILTs cause a more gradual oxygen decrease that starts closer to the center of the lumen.
[image: Figure 4]FIGURE 4 | Comparison of the oxygen concentration along a radial path line at halfway along the length of the lumen in the cases with BD= 4.2 cm and varying ILT length ([image: image]) and ILT thickness ([image: image]) denoted by case [image: image] (left), and comparison of the oxygen concentration along the axial length on the interior interface of the arterial wall in the same cases (right). In both plots, the blue, red, and black lines represent the short, medium, and long ILT cases information respectively; and solid, dashed, and dotted lines represent thin, moderate and thick ILT cases respectively. All nine cases are shown in Figure 2. At the top, these path lines are shown with blue line, [image: image] for the left plot and [image: image] for the right plot. The [image: image] represents the interface between the ILT (red region) and wall domain (black region).
In the right panel of Figure 4, the oxygen concentration on the abluminal layer of ILT is shown for the same cases. This plot is obtained along the length of the AAA, measured on the inner wall surface that is identified by an arrow and the green line at the top of the plot. Wall oxygen concentration is captured in the middle portion of the geometry where the ILT is located. We are particularly interested in this area due to the presence of ILT. We observe that oxygen concentration on the inner interface of the aneurysmal wall has the lower values for the cases with thicker ILT tissue (Figure 4, right panel). The lowest concentration is captured at the ILT location where the artery has the maximum bulge. In particular, cases with the similar line pattern, which represents the same ILT thickness, result in the similar minimum value for oxygen concentration on inner wall surface. The oxygen diffusion decreases as ILT thickness increases for all cases. Therefore, the dotted and dashed lines (1 and 0.8 cm ILT thickness values, respectively) are associated with lower oxygen concentration compared to the solid lines (0.4 cm ILT thickness) for all the values of ILT length. Moreover, the results indicate that the longer the ILT is, the more even the oxygen distribution is along the ILT abluminal layer (i.e., ILT-wall interface). With shorter ILTs, the oxygen concentration fluctuates at a higher rate along the length of this region, while a more uniform concentration for longer ILT is observed.
Concentration values along the radial path line for all nine case [image: image] with BD=5 cm is plotted in the left panel of Figure 5, and the oxygen concentrations on the inner wall surface along the length of the AAA are shown in the right panel of Figure 5. The path lines are the same as the one identified at the top of Figure 4. Finally, similar plots for nine cases [image: image] with BD=7 cm are provided in Figure 6. As bulge diameter increased from Figure 4 to Figure 6, we observe that oxygen reduction at the ILT domain appears at a further distance from the center of the lumen.
[image: Figure 5]FIGURE 5 | Comparison of the oxygen concentration along a radial path line at halfway along the length of the lumen in the cases with BD= 5 cm and varying ILT length ([image: image]) and ILT thickness ([image: image]) denoted by case [image: image] (left), and comparison of the oxygen concentration along the axial length on the interior interface of the arterial wall in the same cases (right). In both plots, the blue, red, and black lines represent the short, medium, and long ILT cases information respectively; and solid, dashed, and dotted lines represent thin, moderate, and thick ILT cases respectively. Cases are presented in Figure 2. Path lines are demonstrated in Figure 4.
[image: Figure 6]FIGURE 6 | Comparison of the oxygen concentration along a radial path line at halfway along the length of the lumen in the cases with BD= 7 cm and varying ILT length ([image: image]) and ILT thickness ([image: image]) denoted by case [image: image] (left), and comparison of the oxygen concentration along the axial length on the interior interface of the arterial wall in the same cases (right). In both plots, the blue, red, and black lines represent the short, medium, and long ILT cases information respectively; and solid, dashed, and dotted lines represent thin, moderate, and thick ILT cases respectively. Cases are presented in Figure 2. Path lines are demonstrated in Figure 4.
The simulation results for the variation of the ILT geometry and quantities of interest for each case are reported in Figure 7 to Figure 9. The quantities include oxygen flux profile on the tunica adventitia layer, oxygen concentration profile within the ILT, as well as a two-level contour plot that is used as a measure to visualize the reduction in oxygen concentration inside the ILT tissue. More precisely, each grid of Figure 7–9, contains the simulations result for these quantities in BD= 4.2, 5, and 7 cm respectively. First, the contour of oxygen flux distribution on the aneurysmal wall for each case is shown, followed by the oxygen concentration contour within the cross section of the ILT tissue. Finally, the two-level concentration contour within ILT region is provided. The map has a “cutoff” value to signify low oxygen levels and is colored in red for areas that have an oxygen concentration above a particular value and blue in areas when the oxygen concentration falls below that value. Mainly, display of a two-bands color scale ranges from abluminal oxygen concentration of 2.56 × 10−3 kg/m3 from vasa vasorum supply, defined by the blue color, to 75% of inlet oxygen concentration [image: image] identified by the red color. The “inflection point” is reached when the concentration values drop below 75% of the inlet concentration. This data acts as marker for the arterial wall oxygen depletion with respect to geometrical parameters.
[image: Figure 7]FIGURE 7 | Results of different combination of design variables ILT length ([image: image]) and ILT thickness ([image: image]), with bulge diameter being fixed as BD= 4.2 cm. Each cell corresponds to the results for one case of the nine different AAA geometries provided in Figure 2. In each cell, three oxygen measures are plotted from top to bottom: contour of oxygen flux on the abluminal surface of the arterial wall for all analyzed cases on the same scale, contour plot of oxygen concentration in ILT on the same scale, and finally oxygen value using a two-bands color scale ranging from abluminal oxygen concentration 2.56 × 10−3 kg/m3 (blue) to ≥75% [image: image] kg/m3 (red). Scales on the bottom are used for displaying results.
From Figures 7–9, in general, the results show that increasing [image: image], which corresponds to increasing the length of the ILT, causes a more uniform oxygen distribution on the outer surface of the arterial wall, while it does not affect the oxygen measurements and concentration patterns within the ILT in a sensitive manner. Decreasing [image: image], which decreases the length of the ILT, slightly affects uniformity of the diffusion and reduces the concentration on the regions that are not covered by the shorter ILT significantly. We also observe that in contrast to [image: image], increasing [image: image] which correspond to increasing the thickness of the ILT has a profound effect on the oxygen distribution of the wall as well as concentration patterns within the ILT, decreases oxygen flux to the wall and depletes oxygen within the ILT at the same time. More precisely, the minimum oxygen concentration values along the inner wall interface corresponds with ILT location. Therefore, the flux on the outer surface of the arterial wall has the largest change at the ILT region. We can clearly see that thicker ILT causes a decrease in oxygen supply to the outer surface of ILT, and therefore arterial wall as well. This trend can be noticed in two-level concentration contour plots, where low oxygen regions (blue area) are larger than the red high oxygen regions. Thus, the thicker ILTs influence greater reduction of oxygen diffusion from blood flow to the inner AAA wall. These observations are in agreement with the results of Figures 3–5. The attenuation of oxygen flux due to increasing [image: image] and [image: image] is particularly apparent for the case (8,1) in BD= 4.2 cm which has the longest and thickest ILT between all the cases. The oxygen supply from the lumen to the inner layer of the wall in this case is blocked by the thick ILT and the ILT-wall interface is almost depleted of oxygen (Figure 7). Similarly, Figure 8 and Figure 9 suggest that the thicker and longer ILTs inhibit the oxygen transport to the arterial wall, as oxygen concentration near the lateral bulges of the ILT is significantly lower than the medial portions of the ILT. Finally, increasing BD, which corresponds to the severity of the aneurysm and increases the surface curvature in the ILT region, does not seem to affect oxygen measurements significantly according to Figures 7–9, as all the contours for oxygen diffusion in AAA wall and ILT follow relatively the same patterns for each case [image: image] at different BD values.
[image: Figure 8]FIGURE 8 | Results of different combination of design variables ILT length ([image: image]) and ILT thickness ([image: image]), with bulge diameter being fixed as BD= 5 cm. Each cell corresponds to the results for one case of the nine different AAA geometries provided in Figure 2. In each cell, three oxygen measures are plotted from top to bottom: contour of oxygen flux on the abluminal surface of the arterial wall for all analyzed cases on the same scale, contour plot of oxygen concentration in ILT on the same scale, and finally oxygen value using a two-bands color scale ranging from abluminal oxygen concentration 2.56 × 10−3 kg/m3 (blue) to ≥75% [image: image] kg/m3 (red). Scales on the bottom are used for displaying results.
[image: Figure 9]FIGURE 9 | Results of different combination of design variables ILT length ([image: image]) and ILT thickness ([image: image]), with bulge diameter being fixed as BD= 7 cm. Each cell corresponds to the results for one case of the nine different AAA geometries provided in Figure 2. In each cell, three oxygen measures are plotted from top to bottom: contour of oxygen flux on the abluminal surface of the arterial wall for all analyzed cases on the same scale, contour plot of oxygen concentration in ILT on the same scale, and finally oxygen value using a two-bands color scale ranging from abluminal oxygen concentration 2.56 × 10−3 kg/m3 (blue) to ≥75% [image: image] kg/m3 (red). Scales on the bottom are used for displaying results.
Figure 10 analyzes the spatial distribution of the oxygen concentration on the inner AAA wall surface by collecting and comparing the concentration values at each of the three displayed points. Oxygen concentration data for varying BD cases are provided. Point [image: image] is located on the inner wall interface before the bulge, at the straight portion of the vessel that thrombus does not exist. This point [image: image] has the highest oxygen concentration value that is nearly equal to the blood flow concentration value [image: image] In general, the values at [image: image] are constant between all different case [image: image] cases in this study have ILTs that cover this point. Points [image: image] is taken at 9 cm form the AAA inlet, where will be covered by long ILT but not by the short and medium ILT. When the ILT does not cover this section of the vessel, the concentrations for [image: image] remains almost similar to [image: image], but is lower due to the bulging of the vessel. However, concentrations values significantly change when the ILT is long enough to cover that area of the vessel. Therefore, here is a significant drop in oxygen concentration at [image: image] in the [image: image] = 8 cm ILT cases, while the cases with shorter ILTs of [image: image] = 4 cm and [image: image] = 6 cm do not cover [image: image] location.
[image: Figure 10]FIGURE 10 | Oxygen concentration data collected along three points of the AAA model for each case [image: image], where [image: image] denotes ILT length and [image: image] is ILT thickness. Plots corresponds to BD= 4.2 cm (top), BD= 5 cm (middle), and BD= 7 cm (bottom), respectively.
Moreover, point [image: image] is located at the maximum diameter of the AAA, BD, which occurs at halfway along the length and has the highest thickness of ILT (see Figure 1 for a schematic illustration of the model). As the ILT grows in thickness, the oxygen attenuation causes concentration values to decrease at this location. Similar to previous observations (Figures 7–9), Figure 10 also asserts that the bulge diameter of AAA does not account for significant variation in arterial wall oxygen distribution, and therefore hypoxia. This is because the data follows the same rough pattern of oxygen concentration among different ILT morphologies for varying bulge diameter values.
Using the numerical results presented in bar plots of Figure 10, we have studied the variation of oxygen concentration at the three selected points on the inner wall interface, when each geometric parameter, namely ILT length and thickness for a certain AAA bulge diameter, is varied individually. The outcome of the analysis is reported in Figure 11. For a better comparison of the different charts, concentration values are reported for the cases [image: image] in which ILT is long enough to cover point [image: image]. To better clarify the effects of ILT thickness, data points corresponding to the [image: image] concentration are denoted by blue diamonds, and data points corresponding to [image: image] are shown in black circles.
[image: Figure 11]FIGURE 11 | Sensitivity results for dependence of wall oxygen concentration to the model parameters [image: image] and [image: image], and the schematic of the measuring indicator plots used in the analysis.
We observe that the dependence of the oxygen concentration at [image: image] and [image: image] is nonlinear and can be described using a power law model, namely [image: image], where (p) is the exponent that quantifies the sensitivity of the quantity of interest (y) with respect to the control parameter (x) and [image: image] is a scaling constant. Since the [image: image] and [image: image] data for different bulge diameters demonstrates a similar trend, we have fitted them using the same power law functional relationship. We observe that all the charts show a similar behavior and that the scaling constants are comparable, but the exponents of the power law are slightly different (Figure 11). In particular, exponent [image: image] is a little higher for point [image: image] at different bulge diameters. Oxygen concentrations in [image: image] are affected by ILT thickness, while the concentration values at [image: image] are affected by ILT length and only vary if ILT is long enough to cover that point. The length of the ILT had a direct relationship with increase in local ILT thickness at the lesion, and therefore the computer model demonstrated an inverse relationship of wall oxygen measures at the point [image: image] that is covered by the length of ILT with ILT thickness.
DISCUSSION
The objective of this study is to quantify the key geometric parameters which cause fluctuations in oxygen transport that might lead to oxygen deprivation in the arterial wall, and to investigate if there is a relation between wall hypoxia and ILT size in AAA. The numerical experiments are designed to quantify the influence of ILT length and thickness on AAA hypoxia. In addition, we simulated varying AAA bulge diameters to confirm our findings during different stages of AAA development. Analysis is performed to model fluctuations in oxygen transport, and the oxygen concentration profiles at different locations within an AAA model are presented and discussed.
Computer simulations predicted a gradient in oxygen concentration through the arterial wall, in particular in the region that is covered by the ILT, with maximum concentration value at the thrombus-free position, intermediate value at a medial region, and lowest value at the AAA wall (Figure 3). Therefore an ILT can decrease oxygen diffusion from the bloodstream to the underlying ILT and aneurysmal wall which is in agreement with observations in (Wang et al., 2002). The obtained results in Figures 4–6 have shown that concentration values along ILT abluminal surface and within the ILT tissue are highly influenced by the ILT thickness: the thinner the ILT, the greater the oxygen concentration measurement. Moreover, the results have highlighted that AAAs with longer ILT demonstrate a more uniform oxygen distribution pattern.
Comparison of contour plots for oxygen flux to tunica adventitia layer and oxygen concentration in the ILT of all case [image: image] geometries at different BD values indicates that the degree of oxygen attenuation in the wall is closely related to the ILT thickness. In the wall, there is a clear gradient of oxygen, and the flux is negatively correlated with ILT thickness. More precisely, results demonstrated that luminal oxygen diffusion through the ILT to the AAA wall decreases significantly with increasing ILT thickness, resulting in low oxygen concentration at the inner wall surface (Figure 7, Figure 9 and Figure 8). This suggests that localized hypoxia occurs in AAA with thicker ILTs, and the thickness of the ILT layer has a profound effect on the oxygen concentration within AAA. The obtained behavior for oxygen concentration profiles were consistent with observations at Vorp et al. study (Vorp et al., 1998). Moreover, data presented in two-level oxygen contour plots (Figures 7–9) confirms that thicker and longer ILTs inhibit oxygen diffusion the most. This is due to the fact that thicker and longer ILTs take up more surface area and volume than other ILTs, therefore, less arterial wall surface is exposed to blood flow, and oxygen concentration to these covered areas is reduced. The thick and long cases have inflection points that are relatively more medial than their thin-and-short-ILT counterparts.
The bar plots of oxygen concentration values at different location of the wall inner surface for analyzed geometries (Figure 10) support this claim that ILT thickness attenuates oxygen flow most, as oxygen concentration gradually decreases as ILT thickness increases for every length of ILT. Figure 10 also demonstrates that the diameter of the AAA bulge has minimal effect on the oxygen concentration within the arterial wall. We observe that variations in oxygen diffusion follow a similar distribution among all bulge diameter plots (Figure 10). Since concentration values at [image: image] are directly related to ILT thickness, it is clear that the ILT thickness impacts oxygen concentration at the arterial wall most, followed by noticeable sensitivity to the ILT length (Table 3; Figure 11). More precisely, increasing ILT length leads to increase in local ILT thickness at the same time at the affected region, and therefore decreases wall oxygen concentration.
TABLE 3 | Exponent of the power law for different points of the sensitivity analysis.
[image: Table 3]In summary, the arterial wall oxygen deprivation is nearly independent of aneurysm bulge diameter and depends only on the geometrical features of the ILT layer. The ILT thickness and wall oxygen concentration are anti-correlated, while the variation in ILT length affects the local thickness of the ILT and evens the oxygen distribution throughout the arterial wall. As such, if we increase the axial length of the ILT, the result will be an increase the area of lowered oxygen concentration within aneurysmal wall. As hypothesized, our data suggests that ILT geometry variations can have the largest effect on wall oxygen deprivation. The thicker and longer ILTs reduce oxygen diffusion to the arterial wall regardless of bulge diameter and cause the most oxygen deprivation in AAA cases. Therefore, consideration of the ILT size and anatomy may be important in considering the severity of a particular AAA as recommended in (Riveros, 2013) and (Koole et al., 2013).
We would also like to point out that the high Sherwood number is a potential reason for low variation in oxygen diffusion among cases with different bulge diameters. The flow in the lumen is advection dominated and the time scale characteristic of the blood flow is too short to allow fluid movement to take place between material elements by diffusive mass transport. This indicates that bulge diameter affects oxygen flow insignificantly. Therefore, the mass transport is AAA geometry independent and more ILT geometry dependent. Instabilities in the flow can occur for certain ranges of Reynolds number and AAA severity.
The numerical methodology was validated using numerical research data of the literature, as described in Zakerzadeh et al. (Zakerzadeh et al., 2021). The blood flow with the velocity of [image: image] 0.23 m/s matches physiological Reynolds numbers and represent the flow in the abdominal aorta under the resting condition (Fraser et al., 2008). We compared the results of wall oxygen concentration obtained from in-situ mass transport with experimental data for hypoxia in (Vorp et al., 2001) where normalized partial pressure of oxygen in the ILT-wall interface as well as a random point inside the AAA wall for large group of patients with thin and thick ILT has been reported. We have observed a qualitative consistency with these experimental results. However, it would be extremely difficult to find suitable clinical or in vitro data for quantitative validation, since precise details on variation in wall thickness, ILT thickness, and presence of vasa vasorum can significantly affect the results. As for numerical verification, mesh convergence analysis is performed (see (Zakerzadeh et al., 2021) for details of mesh independence study). The obtained oxygen concentration profiles tested against these Vorp et al.‘s data (Vorp et al., 1998), and the qualitative nature of the oxygen concentration is in agreement.
Our approach, however, has some limitations. Principle among these is that a simplified geometry of idealized AAAs is used in this investigation. The idealized lesion geometries facilitate systematic variations of the three morphological features explored in this paper. In this way, we can more easily investigate the effect of these geometrical features on wall hypoxia, and thereby begin to build intuition otherwise not possible. We previously performed the analysis of combined flow and oxygen transport in a patient-specific AAA geometry (Zakerzadeh et al., 2020). However, patient-specific models prohibit creating a large number of parametric studies for the purpose of our study. In addition, to compare across AAAs, we do not have access to patient-specific blood flow rates. Nevertheless, the knowledge gained from the present work sets the ground for future research that manages patient-specific models. Moreover, the steady-state solution is obtained in the current study. The steady-state flow assumption gives a reasonable first approximation to time-averaged unsteady results, so long as Schmidt number is large (Ma et al., 1994). Given the blood oxygen diffusivity of 1.6 × 10−9 m2/s, the calculated Schmidt number is about 2,100, and therefore considering only steady conditions is an appropriate strategy for this study while significantly reducing the computational costs of fully three-dimensional mass transfer calculations. In fact, as the transient behavior has shown to have relatively minimal impact on lumen oxygen flux (Kolandavel et al., 2006; Liu et al., 2011), it will not significantly affect the flow-driven mass transport and the conclusions of this work. It has been established that ILT is heterogeneous and oxygen diffusion coefficient fluctuates in multiple ILT layers (Yunoki et al., 2012). Moreover, the arterial wall oxygen consumption rate varies spatially as well (Buerk and Goldstick, 1982). However, to our knowledge, these parameters have never been measured for different layers of an ILT. Since such an experimental study is outside the scope of the present work, we have assumed a value of these parameters from a compilation of previously published values for thrombus. However, these observations recommend that different ILT structural composition needs to be handled more cautiously in the future AAA simulations (see (Tong and Holzapfel, 2015) for a comprehensive research summary on ILT structure and mechanical characterization). Future improvements to our AAA models could also include integrating artificial intelligence (AI) and endothelial response into our workspace. By modeling the effect of a growing ILT on oxygen diffusion and wall stress using AI, we can better predict aneurysm rupture. Additionally, modeling the layers of the arterial wall and intraluminal thrombus tissues can improve our understanding of AAA formation and rupture at the cellular level. Coupling endothelial response data with a fluid-structure interaction (FSI) framework could also allow to track immune response to AAA formation and create drug delivery pathways to cure a clinical aneurysm. In attaining a higher-fidelity model, we also plan to include the pulsatile movement of the artery in future work. This would ask for an FSI framework. While such coupling may incur high computational cost, the potential of integrating AI and immune response into our FSI framework is promising. The proposed methodology is a step forward in the personalized medicine, quantifying the aneurysm rupture risk reduction, and helping the clinicians in the preoperative planning and making informed decisions towards effective treatment.
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Aging and disease alter the composition and elastic properties of the aortic wall resulting in shape changes in blood pressure waveform (BPW). Here, we propose a new index, harmonic distortion (HD), to characterize BPW and its relationship with other in vitro and in vivo measures. Using a Fourier transform of the BPW, HD is calculated as the ratio of energy above the fundamental frequency to that at the fundamental frequency. Male mice fed either a normal diet (ND) or a high fat, high sucrose (HFHS) diet for 2–10 months were used to study BPWs in diet-induced metabolic syndrome. BPWs were recorded for 20 s hourly for 24 h, using radiotelemetry. Pulse wave velocity (PWV), an in vivo measure of arterial stiffness, was measured in the abdominal aorta via ultrasound sonography. Common carotid arteries were excised from a subset of mice to determine the tangent modulus using biaxial tension-inflation test. Over a 24-h period, both HD and systolic blood pressure (SBP) show a large variability, however HD linearly decreases with increasing SBP. HD is also linearly related to tangent modulus and PWV with slopes significantly different between the two diet groups. Overall, our study suggests that HD is sensitive to changes in blood pressure and arterial stiffness and has a potential to be used as a noninvasive measure of arterial stiffness in aging and disease.
Keywords: harmonic distortion, radio telemetry, tangent modulus, blood pressure waveform, pulse wave velocity
INTRODUCTION
Arterial stiffening is a significant contributor to the progression of cardiovascular diseases, including hypertension, diabetes mellitus, stroke, heart failure, and renal failure, which are the leading cause of mortality in the developed countries (Roman et al., 2000; Yambe et al., 2004; Rucka et al., 2015; O’Rourke et al., 2016). Arteries gradually stiffen with aging, which can lead to hypertension (HT) (Sun, 2015). Diabetic patients, however, show accelerated arterial stiffening with elevated blood pressure (BP) at a relatively young age compared to nondiabetic subjects (Chaturvedi, 2007; Loehr et al., 2016). BP is routinely used as a critical clinical measure for the diagnosis of HT. Additional parameters derived from BP and artery dimensions, such as distensibility and compliance, have also been widely used both in clinics and research as indicators of the mechanical properties of arteries (Glasser et al., 1997; Kannel et al., 2003; Bundy et al., 2017). However, these parameters solely rely on the systolic, mean, and diastolic pressure values, and the inherent biomechanical information associated with the shape of the BP waveform (BPW) is not considered. For example, there is a marked difference in BPW in central aortic pressure as well as pressure measured in upper limb arteries between young and older individuals due to wave reflection (Hirata et al., 2006). Arterial stiffening results in a pressure augmentation from the superposition of the propagating and reflected waves, which increases the peak of the waveform in the systolic phase of the cardiac cycle (van Varik et al., 2012). Therefore, the features of BPW are associated with arterial stiffness; however, the phenomenon is compounded by the nonlinear elastic behavior of the vascular wall and how pathologic changes in wall properties contribute to changes in BPW shape are not well understood.
The BPW is composed of a propagating wave, generated by cardiac contraction, and a reflected wave, from peripheral vessels to the proximal aorta. In clinical practice, indexes based on BPW are limited by their sole use of pressure differences (systolic minus diastolic) based on blood pressure measurements done on peripheral arteries (brachial arteries). One of the most widely used parameters, augmentation index (AI), quantifies the difference in pressure between the propagating wave and the reflected wave. Studies that sought to link AI to arterial stiffening and HT have shown that AI and pulse wave velocity (PWV), the gold standard clinical measure of arterial stiffness (Blacher et al., 1999; Nichols, 2005), are correlated with age, height, SBP, cholesterol and pulse pressure (Blacher et al., 1999; Brooks et al., 1999; Wilkinson et al., 2000; Brooks et al., 2001; Wilkinson et al., 2002; Nichols, 2005). Interestingly, AI and PWV were not strongly correlated with one another (Jerrard-Dunne et al., 2008). Females tend to have higher AI, an effect that seems to be independent from height and heart rate (Hayward and Kelly, 1997; Gatzka et al., 2001; Mitchell et al., 2010). This sex dependence of AI is present since prepuberty. Elevated AI is present in young girls (age 8.0 ± 0.1 years) compared to males of the same age, independent of factors that generally result in earlier wave reflection and increased AI, such as height or arterial stiffness (Ayer et al., 2010). Another BP index, reflection magnitude, is measured as the relative pressure magnitude of the reflected wave compared to the forward wave, which was suggested to better represent the overall changes due to the reflected wave (Mitchell, 2008; Mitchell et al., 2008; Mitchell et al., 2010). However, the correlation between reflection magnitude and AI is less than 0.6 (Segers et al., 2007a). Additionally, both fail to assess changes in the waveform beyond a simple increase in pressure, neglecting BPW features such as the time delay between the forward and reflected wave, which may also change the overall shape of the BPW (Ageenkova and Purygina, 2011; Theodor et al., 2014).
In this study, we aim to establish a relationship between BPW and arterial wall stiffness to understand the complex interplay between hemodynamic flow and the nonlinear mechanical properties of the arterial wall and how they manifest in BPW. To this end, we introduced a new index characterizing BPW, harmonic distortion (HD), which we hypothesize will provide a more comprehensive assessment of the BPW. A mouse model of diet-induced metabolic syndrome was used to validate the effectiveness and applicability of this new index. The BPW, collected using radiotelemetry, were analyzed for two diet groups. HD based on spectral analysis of the BPW was obtained and used to quantify the distortion of the BPW and compared to established stiffness indexes.
MATERIALS AND METHODS
Animal Model
All procedures were approved by the Boston University Institutional Animal Care and Use Committee. Male (n = 29) C57Bl/6J mice were purchased from the Jackson Laboratory (Bar Harbor, ME, United States) at 7 weeks of age. After 1 week of acclimation, the 2 month old (-mo) mice were fed a control normal diet (ND: 4.5% fat, 0% sucrose, catalog number D09071702, Research Diets, New Brunswick, NJ, United States) or high fat, high sucrose diet (HFHS: 35.5% fat, 16.4% sucrose) ad libitum (catalog numbers D09071703, Research Diets, New Brunswick, NJ, United States). In this model of diet-induced metabolic syndrome, mice develop hyperinsulinemia, glucose-intolerance, increased arterial stiffness and hypertension within 8 months on diet, closely mimicking the human metabolic syndrome, as previously described (Weisbrod et al., 2013). Mice were kept in 12 h light/dark cycles in temperature- and humidity-controlled rooms. Radiotelemetry was surgically implanted to record BPWs continuously for 20 s on the hour for 24 h in conscious, freely moving mice. Mice were divided into subsets for various experimental conditions. One subset of mice (n = 6) had baseline BPW measurements taken at 2-months, before initiation of the HFHS diet, and subsequently fed the HFHS with measurements taken longitudinally at 3- and 4-months. A second subset of mice (ND: n = 5, HFHS: n = 8) underwent radiotelemetry implantation procedures at 6-months and had BPW measurements taken at 8- and 10-months. A third subset of mice were fed ND (n = 6) or HFHS (n = 4) and euthanized at 4- and 10-months for in vitro mechanical analysis of their right carotid arteries.
In vivo Blood Pressure Measurements
The BPW was measured using radiotelemetry (Data Sciences International, St Paul, MI, United States) that was implanted following standard surgical procedures, as we previously described (Weisbrod et al., 2013). Briefly, mice were kept anesthetized (1–2% isofluorane) on a heating pad, while a gel-filled pressure catheter was carefully inserted in the aortic arch via catheterization of the left carotid artery (Figure 1A). Therefore, all BPW measurements made with radiotelemetry are local to the aortic arch and indicative of central pressure. After recovery from surgery (1–2 weeks), BPW recordings were acquired for 20 s hourly over a 24-h period in the conscious, freely moving mice. BPWs are collected wirelessly through an external receiver and a data processing matrix (Figure 1B). This resulted in a total of 24 distinct recordings for each mouse, with each recording consisting of many individual waveforms (Figure 1B). The SBP values from each waveform were then collected and separated into 16 blood pressure bins, ranging from 80–180 mmHg, for clarity of group overlap. Normalized probability density distributions of the average SBP of each bin was then generated for every mouse. The distributions were then fitted with Gaussian functions using a MATLAB program.
[image: Figure 1]FIGURE 1 | (A) A gel-filled pressure catheter is surgically inserted in the left common carotid artery of a mouse, with the pressure-sensing region (4 mm) resting in the aortic arch. (B) Example of in vivo BPWs over 1 s time period measured using radiotelemetry.
Harmonic Distortion
To quantitatively compare BPWs, we introduce an index, harmonic distortion (HD), which will be used to quantify the shape change of BPW. HD is defined based on the discrete Fourier transform (DFT) of the BPW, as:
[image: image]
where [image: image] are the Fourier coefficients of a single BPW multiplied by their complex conjugates. Thus, HD is essentially the ratio of energy above the fundamental frequency to that at the fundamental frequency of the waveform. Here, Fourier coefficients higher than the sixth were assumed to be negligible since they did not significantly contribute to the HD value. For an ideal sinusoidal wave, the HD value is 0. As an illustration, the normalized power spectrum, [image: image] , were obtained for a triangle wave and a mouse BPW (Figure 2A) using a custom MATLAB code according to Eq. 1 and plotted in Figure 2B. The triangle wave has a HD value of 0.014 whereas the sample BPW waveform is more distorted with an HD value of 0.025.
[image: Figure 2]FIGURE 2 | (A) A triangular wave (solid line) and a normalized BPW from radiotelemetry (dashed line). (B) The normalized power spectrum, calculated as the squared fraction of Fourier coefficients at integer multiple of the fundamental frequency of the waveforms in (A) at 1 Hz.
For HD analysis of the BPW, waveforms corresponding to a single heartbeat were isolated as they appear in Figure 2A using custom MATLAB code by identifying the diastolic BPs. Eq. 1 was then used to determine the HD value for each individual waveform. This analysis was performed on all mice and for all 24 BPW recordings. The corresponding SBP, the maximum value of BP in an isolated individual waveform, was also recorded and 12 evenly spaced BP bins were created between the minimum and maximum SBP values. The bin size was chosen by studying multiple bin sizes and assessing their effect on the slope of the regression line. Because the bins are weighted, the slope of these regressions is not sensitive to bin sizes (Supplementary Figure S1). Hence, the bin size was kept consistent for all mice. The mean and standard deviation (SD) of HD corresponding to each BP bin were calculated. HD values that were two SD outside of the mean HD value were removed. The mean and SD of HD were then recalculated for each BP bin as well as the corresponding mean BP, resulting in 12 data points for each mouse. A weighted linear regression between the mean HD and the mean BP was performed for each age and diet group. The weight of each data point was determined by the ratio of the number of HD values in the BP bin to the total number of HD values recorded for the mouse.
Pulse Wave Velocity Measurements
Blood flow waves at two locations along the abdominal aorta, one proximal and one distal to the heart, using the renal artery as anatomical reference, were obtained in each age and diet group using high-resolution Doppler ultrasound (Vevo2100, Fujifilm-Visualsonics, Toronto, ON, Canada), as we previously described (Weisbrod et al., 2013). PWV, the rate at which BP waves travel along the aorta, was calculated as the ratio of the distance between the two locations and the difference in arrival times of two consecutive flow waves, using the foot-to-foot method and the ECG as fiducial point, over 5–10 cardiac cycles for each mouse.
In vitro Determination of Tangent Modulus
To establish the relationship between HD and arterial stiffness, tangent modulus of the common carotid arteries was obtained from a subset of mice from the 4-months ND (n = 3), 4-months HFHS (n = 2), 10-months ND (n = 3) and 10-months HFHS (n = 2) groups. Biomechanical characterization of these arteries was performed in a separate study by Gkousioudi et al. (2022), from which the circumferential Cauchy stress-stretch responses were obtained from biaxial extension-inflation tests, and then fitted using a four-fiber family constitutive model with the following strain energy function (Ferruzzi et al., 2013; Ferruzzi et al., 2018a):
[image: image]
In this constitutive model, arterial wall is considered a composite of the isotropic extracellular matrix (elastic fibers, cells and ground substance) and anisotropic collagen fibers, which are assumed to be oriented in four directions: axial ([image: image] = 0o), circumferential ([image: image] = 90o), and diagonal [image: image]. [image: image] and [image: image] are material parameters for the isotropic matrix and the collagen fibers, respectively. [image: image] is the Cauchy-Green deformation tensor with F being the deformation gradient. [image: image] is the first invariant of C. [image: image] represents the invariant that is associated with the [image: image] fiber family, and [image: image] is the unit vector that denotes the orientation of the [image: image] fiber family.
In this study, circumferential tangent modulus, Cθθθθ, was calculated as the first derivative of the Cauchy stress-stretch expressions using the best-fitted model parameter values as (Baek et al., 2007; Gkousioudi et al., 2022):
[image: image]
where [image: image] is the Cauchy stress in the circumferential direction, [image: image] is the circumferential stretch, [image: image] is the strain energy function based on the four-fiber family constitutive model (Eq. 2), and α is the orientation angle of the diagonal collagen fiber families with respect to the longitudinal direction estimated during nonlinear regression model fitting (Ferruzzi et al., 2013; Ferruzzi et al., 2018a; Gkousioudi et al., 2022). Tangent modulus, [image: image], was then calculated as a function of the circumferential stretch [image: image].
To establish a proper relationship between the HD obtained from in vivo measurements and the tangent modulus from the in vitro measurements, perivascular pressure, the pressure difference between the luminal and transmural pressures (Goshy et al., 1979; Kim et al., 2013; Ferruzzi et al., 2018b), needs to be considered to obtain the in vivo transmural pressure. Here, an estimation of average perivascular pressure 13.22 mmHg was obtained by incrementally adjusting its value for the best linear regression fit between HD and tangent modulus for each mouse. This average perivascular pressure value was then subtracted from the in vivo luminal SBP of each mouse to obtain transmural SBP.
Statistical Analysis
Wilcoxon rank sum tests were performed on the low and high SBP means of each mouse group after normality was not found using one-sample Kolmogorov-Smirnov tests. HD values for each mouse group were found to be not normally distributed using paired Kolmogorov-Smirnov tests. Therefore, Friedman tests were performed on HD values between mouse groups when groups had the same number of subjects and Skillings-Mack tests were performed when comparing groups with a different number of subjects. A p-value of 0.05 or lower was considered statistically significant.
RESULTS
Blood Pressure Variability
BPW data were firstly used to assess the variation of BP over a 24-h period. Probability density distributions of the SBP, i.e., the peak of the individual BPWs, were plotted for each mouse. Figure 3A shows a typical bimodal distribution of the SBP over a 24-h period. The data were fit with the sum of two Gaussian distributions with each peak centering at a low and high systolic blood pressure. The low- and high-pressure values at the two peaks were averaged for each age and diet group. The SBP distribution of the HFHS mouse showed a wider range of high SBP compared to the ND mouse with the two peaks correlating with age and diet. There was a significant increase in the SBP means with age in the ND groups (Figures 3B,C), however this trend was absent in the HFHS groups. The 2-months ND group’s mean low- and high-pressure values are statistically lower than all other groups, except the 4-months HFHS and the 3-months HFHS high pressure mean.
[image: Figure 3]FIGURE 3 | (A) Representative bimodal probability density distribution of SBP over a 24-h period for a 2-months ND and a 3-months HFHS mouse. Solid and dashed lines are Gaussian distributions fit to the data. The low and high pressure values of the bimodal SBP distribution for each age and diet groups were averaged and showed in (B,C) for the low and high pressure means, respectively, for the age and diet groups (*p < 0.05; **p < 0.01).
In the current study, 5 of the 19 analyzed BPW were found to either have one or three modes (n = 2 and 3, respectively). The single mode’s mean corresponded to the group high pressure average and was included as such. In the three modes case, a mean value of either high or low pressure was only included if the Gaussian distribution could be fitted to the pressure distribution, and the mode with a mean outside of one standard deviation of the low or high mean was discarded.
Harmonic Distortion
HD analysis showed that the HD values from the isolated individual BPW were inversely related to SBP over a 24-h period, as shown in Figure 4A for an 8-months ND mouse. The HD values range from ∼0.24 to 0.03 between SBP of 93 and 153 mmHg. To study the trend between HD and SBP, evenly spaced blood pressure bins were used to find a mean HD within each bin. This mean HD is then plotted with the mean SBP of that bin for every mouse. Despite the large spread of HD seen in Figure 4A, following binning, a linear relation was apparent as shown for the 8-months ND group in Figure 4B.
[image: Figure 4]FIGURE 4 | (A) HD values of individual BPW are plotted as a function of the corresponding wave’s SBP. (B) Mean HD values within evenly spaced BP bins for the 8-months ND group (n = 5). Different symbols represent different mice in the group. The solid line represents a weighted linear regression (r2 = 0.78) to the data from the group. (C) Linear regressions between HD and luminal SBP for the 7 age and diet groups. The linear relationships consistently trend upward with increasing age and HFHS diet.
Linear regression curves were then generated in a similar manner for all groups and plotted in Figure 4C. An upward vertical shift in the curves is observed with age and diet, and the shift becomes more pronounced for older mice and mice on the HFHS diet (Figure 4C). In the pressure range of 110–140 mmHg SBP that all mice experience, the Friedman test, which evaluated the difference between groups’ HD values, reveals the relative effect of the age on ND or HFHS diet (Table 1). The tests paired each of the seven age and diet groups with one another, using the rising SBP readings as repeated measures and the corresponding HD values as dependent variables. Many of these pairings were found to be highly significant with p < 0.001, suggesting a significant difference in HD between the age and diet groups. However, no significant difference was found the between 2-months ND and 3-months HFHS (p = 0.375), 8-months ND and 4-months HFHS (p = 0.977), 8-months HFHS and 10-months HFHS (p = 0.549), and the two 10-months groups (p = 0.346).
TABLE 1 | The p-values were obtained from Friedman test and Skillings-Mack test between grops. 2-months ND (n = 6), 3-months HFHS (n = 6), all other groups (n = 5). Tests were performed on average HD values with SBP bins ranging from 110–140 mmHg between each age/diet group.
[image: Table 1]HD vs. Arterial Stiffness
To study the relationship between HD and arterial stiffness, we obtained tangent modulus measurements by first using the inflation test of carotid artery samples to obtain pressure-radius curves (Figure 5A), from which the circumferential stress-stretch relationships can be calculated (Figure 5B). At transmural pressures between 0–60 mmHg, the tangent modulus is nearly the same for each mouse, regardless of age and diet (Supplementary Figure S2). As pressure reaches about 60–70 mmHg, the tangent modulus increases prominently with pressure (Figure 5C, Supplementary Figure S2). Mice from the 10-months group were found to have a decrease in tangent modulus when compared with the 4-months group, which was accompanied by compromised energy storage capability and lower wall stress, as shown previously from others and our recent work (Gkousioudi et al., 2022). Mice on the HFHS diet appear to have lower tangent modulus values in the 4-months group, however this trend disappears in the 10-months group.
[image: Figure 5]FIGURE 5 | Representative results of (A) in vitro pressure-outer radius curves from biaxial extension-inflation test; (B) circumferential stress-stretch curves; and (C) tangent modulus vs. pressure of a carotid artery sample of a 4-months ND mouse with model parameter c = 20.540 kPa, [image: image] = 3.742 kPa; [image: image] = 0.030; [image: image] = 11.267 kPa; [image: image] = 0.043; [image: image] = 0.008 kPa; [image: image] = 1.373 kPa, and α = 46.352° (Gkousioudi et al., 2022).
For each mouse the HD value and tangent modulus at the same transmural pressure were plotted for the 4- and 10-months groups (Figures 6A,B) and fitted with a linear line. The average slopes of these linear fits are displayed in Figure 6C. Our results demonstrate there is a linear relationship between HD and tangent modulus obtained from in vitro biomechanical testing. This relationship is consistent within all mice (n = 10) from both ND and HFHS groups. Furthermore, the linear trend appears to be steeper with HFHS diet. Average perivascular pressure was used in this study; however, it is not known whether perivascular pressure changes with aging and the development of metabolic syndrome. Adopting perivascular pressures at 13.22 ± 5 mmHg had an unnoticeable effect on the linear regressions between tangent modulus and HD (Supplementary Figure S2; Supplementary Table S1), although the effect of perivascular pressure on the slope of the linear regression needs to be further investigated.
[image: Figure 6]FIGURE 6 | Harmonic distortion from in vivo spectral analysis as function of tangent modulus measured by in vitro biomechanical testing for the 4-months (A) and 10-months mice (B), normal (circles and solid line) and HFHS diet (triangles and dashed line). Linear regressions from each group are also displayed. (C) Average slopes of the harmonic distortion vs. tangent modulus linear fitting for the age and diet groups.
The relationship between HD and PWV, a measure of arterial stiffness in vivo, was examined by plotting the mean HD values at 115, 135, and 155 mmHg against the average PWV values for each age and diet group (Figure 7). The slopes of the linear fits change at different pressures as well as the slope of the two diet groups. HD increases linearly with PWV for both the control ND group and the HFHS diet group with R2 values between 0.375 and 0.998. The slopes of the linear relationship for the ND group increase with pressure with slopes being 0.015, 0.026, and 0.040 at 115, 135, and 155 mmHg, respectively. However, the plots for the HFHS groups decrease slightly with slopes being 0.015, 0.011, and 0.008 at 115, 135, and 155 mmHg, respectively.
[image: Figure 7]FIGURE 7 | Average HD at 115 mmHg (A), 135 mmHg (B), and 155 mmHg (C) is plotted as a function of the group’s corresponding average PWV, collected via Doppler ultrasound, for each age and diet group.
DISCUSSION
BPW contains information on the coupled interactions among the forward propagating wave, reflected wave, as well as the arterial wall mechanics (Hirata et al., 2006; Ageenkova and Purygina, 2011; van Varik et al., 2012; Theodor et al., 2014). In this study a novel index, HD, was derived from the BPW that was measured in vivo using radio telemetry in mice. The nonlinear nature of the wall mechanics combined with the reflected wave alter the BPW by changing the time delay between the forward traveling and reflected waves (Amin et al., 2012) as well as the magnitude of these waves (Ageenkova and Purygina, 2011; Theodor et al., 2014). We hypothesized that HD would be sensitive to such changes. To test this, we studied the relationship between HD and other arterial stiffness measures obtained both in vitro and in vivo. Our results suggested that HD shows promise in assessing arterial stiffness as demonstrated by the linear correlation between HD and tangent modulus, an in vitro measure of arterial stiffness, as well as with PWV, an in vivo index of arterial stiffness. Furthermore, the slopes of the relationships show dependence on diet.
Blood Pressure Variability
Both SBP and HD show variability within individual subjects. The BPW has beat-to-beat variability with SBP varying considerably based on many factors including: PWV, age, 24-h activity level, as well as brain and nerve function (Schillaci et al., 2012; Miao and Su, 2002; Stauss et al., 2008; Yoshimoto et al., 2011). From our results over the course of 24 h, SBP also varies largely with relative day-and-night activity cycles (Figure 3A). The distributions of SBP followed a bimodal Gaussian form, containing a low mean and high mean SBP in mice fed ND and HFHS diet (Figure 3), which likely corresponds with the day-and-night cycle in which subjects experience variable blood pressures related to their relative activity levels (Vliet et al., 2003; Van Vliet et al., 2006). The SBP distributions (Figure 3) indicate that diet-induced metabolic syndrome promotes a greater probability of high SBP. We have noted a significant increase in the low-pressure mode after just 1 month of HFHS diet (p = 0.0303). This suggests that the SBP distribution may contain an earlier manifestation of hypertension than mean BP, as used in a previous study (Weisbrod et al., 2013). High blood pressure is highly associated with increased risk of cardiovascular diseases (Kannel, 2000). Therefore, analysis of BP distribution and variability may provide insight on the physiological changes in cardiovascular function. Despite the variability in SBP and HD, our study shows that HD is linearly related to blood pressure; as SBP increases the corresponding isolated wave’s HD decreases (Figure 4A). The trend is measurable and consistent within each age and diet group (Figure 4C). Elevated blood pressure is a key measure of hypertension and cardiovascular risk, though such elevation is only observed at longer time scales, in the order of months. From our study, it is important to note that beat-to-beat variability exists in SBP and BPWs. Due to the relative activity level, the mice experience high SBP in the young groups (Figure 3A) as well as low SBP in the old group. The relationship between HD vs. SBP was established based on the beat-to-beat variability using 20’s BPW data. Such short-term fluctuations in SBP and BPW (Figure 3A and Figure 4A) and their relationships (Figure 4C) have demonstrated to be different between the age and diet groups. Additionally, a key finding of our study is that HD is strongly associated with arterial wall stiffness, an independent cardiovascular risk factor that cannot be derived from SBP alone.
Harmonic Distortion Index
HD analysis of the BPW indicates that the BPW undergoes changes with age and diet-induced metabolic syndrome, both of which are linked to changes in arterial wall stiffness (Blacher et al., 1999; Nichols, 2005; Wilkinson et al., 2002; Brooks et al., 2001; Brooks et al., 1999; Wilkinson et al., 2000). The inverse linear relationship between HD and SBP (Figure 4B) suggests that HD is sensitive to changes in arterial stiffness, since with higher mean blood pressure, arterial stiffness increases (Figure 5C). This is further confirmed by the inverse linear relationship between HD and the tangent modulus (Figures 6A,B). At higher blood pressures, there is an increase in arterial stiffness due to the gradual recruitment of collagen fibers in the adventitia (Chow et al., 2014), which would impact the BPW and thus HD. Moreover, with arterial stiffening, the waveform peak is augmented due to the overlapping of the forward and reflected waves (van Varik et al., 2012), leading to higher distortion of the BPW (Figure 4C). This overlap is largely originated from increased speed of both wavelets, coupled with earlier reflections during arterial remodeling (van Varik et al., 2012). Spectral decomposition of stress waveforms via a Fourier transform has been used in a previous study to characterize mechanical nonlinearity of isolated rat aorta (Imsirovic et al., 2018). Future study is required to understand the role of nonlinear arterial wall properties in relation to HD.
The relationship between HD and arterial stiffness is liable to shift with age and, more significantly, diet. There is also an apparent increase in slope of this relation for each age and diet group (Figure 6C). Consistent with previous findings that hypertension develops after 6 months of HFHS diet (Weisbrod et al., 2013), the 8-months HFHS group has significantly higher HD values than the 8-months ND group (p < 0.001) (Table 1). Further, the two 10-months groups (both ND and HFHS) are not different with regards to their HD trends, which implies that changes due to diet have slowed or subsided by 10-months. Nonetheless, the two old ND groups (8-months and 10-months) contain significantly different HD values (p = 0.008) suggesting change in HD still occurs in ND aging after the mice have reached maturity. In contrast, the 8-months HFHS group’s HD values are not significantly different from 10-months HFHS (p = 0.549). This supports the idea that changes in the arterial wall mechanics have already occurred in the 8-months HFHS group. The efficacy of detecting this change supports HD as a noninvasive predictor of hypertension which warrants further studies.
HD vs. Pulse Wave Velocity
PWV is a broadly used in vivo index of arterial stiffness that measures the velocity of the forward propagating arterial pressure wave (Blacher et al., 1999; Nichols, 2005). When studying the relationship between HD and PWV (Figure 7), it is important to note that HD, derived from beat-to-beat BPW, is pressure dependent while PWV is not. We found that HD and PWV to be linearly related but with a diminishing R squared value in the HFHS group related to increasing pressure (Figure 7). Further study is needed to better understand the pressure and diet dependency of this relationship. The positive HD-PWV relation is in contrast to that of the tangent modulus and HD, which demonstrated a negative relation (Figure 6). While the explanation for this is not entirely clear, these results suggest that the tangent modulus is also negatively related to PWV. Possible explanations include the following. The PWV measurements were made in the abdominal aorta while HD was obtained from BPWs at the aortic arch. Abdominal aorta has been reported to be more severely affected by vascular remodeling (Hayashi et al., 2010), which could account for the more dramatic change seen in PWV with age and diet as compared to HD (Figure 7). Notably, the ND and HFHS diet groups follow their own linear paths (Figure 4C). It is also important to point out that HD is derived from local BP measurement, taken in a point within the aortic arch where the radiotelemetry is surgically implanted within the mouse, while PWV is usually obtained over a segment length of ∼1 cm. This suggests that HD can potentially be used to reveal the regional dependent condition of the arterial wall, independently of PWV.
When considering HD, it is important to mention arterial impedance as both HD and impedance rely on Fourier transforms of the BPWs (Kelly and Fitchett, 1992). Impedance is calculated by the ratio of Fourier amplitudes from the BPW and velocity waveforms, which provides an impedance modulus and phase over a range of frequencies (Kelly and Fitchett, 1992), and the modulus has been shown to increase with age-related arterial stiffening (Reddy et al., 2003). However, impedance analysis requires invasive methods and it does not consider the effect of BP on Fourier coefficients from BPWs. Previous studies on input impedance have shown inconsistencies when relating impedance directly to PWV after adjusting for factors like mean blood pressure (Mitchell et al., 2002; Segers et al., 2007b). Our results of the HD dependence on SBP (Figure 4A) suggest that HD, or the Fourier coefficients, of BPWs change with SBP and such changes should be considered when studying BPW.
LIMITATIONS
Our study has several limitations. Future studies including the 3 and 4 months ND groups may be necessary for direct comparison with the 3 and 4 months HFHS groups, although our previous study showed that the 2, 3, and 4 months ND groups do not show significant differences in arterial stiffness and blood pressure measures (Weisbored et al., 2013). Only male mice were used in this study. Dependence of BPW and HD index on sex also warrants further studies. Additionally, the number of mice should be increased to make quantitative comparisons between HD and tangent modulus among different age and diet groups. The radiotelemetry BPW readings were taken in the aortic arch at the left carotid artery. Due to the proximity of aortic arch and carotid arteries, it was assumed that pressure taken at the arch would be an acceptable estimation of pressure within the carotid artery in order to compare HD derived from BPWs with tangent modulus from direct in vitro stiffness. This study uses surgically implanted telemetry for BPW, but other more accessible approaches such as BP tonometry could produce the waveforms required for this analysis (Parry Fung et al., 2004; Feng and DiPetrillo, 2009). PWV was measured over the abdominal aorta. Differences between the material properties and the progression of arterial stiffening varies between arteries (Hayashi et al., 2010) and therefore regional variation in mechanical properties of arteries should be kept in mind while making comparisons. The interference between radiotelemetry and BPW is not known. The HD index cannot differentiate between reflection and local wall properties. Clinical studies are needed to dissect the contribution of individual factors, such as hemodynamics and wall properties, to BPW and HD.
CONCLUSION
BPW contains a wealth of information from the interactions of the forward and backward propagating waves, arterial wall mechanics, and hemodynamics. In this study, HD is proposed as a novel index to assess changes in arterial mechanical function. We showed that HD, obtained based on Fourier transform of individual BPWs, is related to SBP, and other existing in vitro and in vivo arterial stiffness measures. HD is also sensitive to age and metabolic syndrome-induced changes in BPW. Instruments used to record BPWs are more readily available clinically than instruments used to record flow. Hence, our results demonstrate that HD has the potential to be used as a noninvasive and easily accessible means to assess cardiovascular risk in future clinical settings.
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Objectives: We examined the correlation between changes in hemodynamic characteristics induced by arterial stenosis and vascular endothelial cell (EC) morphology and gene expression in straight silicone arteries.
Materials and methods: Transparent silicone straight artery models with four degrees of stenosis (0, 30, 50, and 70%) were fabricated. Particle image velocimetry was performed to screen silicone vessel structures with good symmetry and to match the numerical simulations. After the inner surface of a symmetric model was populated with ECs, it was perfusion-cultured at a steady flow rate. A computational fluid dynamics (CFD) study was conducted under the same perfusion conditions as in the flow experiment. The high-WSS region was then identified by CFD simulation. EC morphology in the high-WSS regions was characterized by confocal microscopy. ECs were antibody-stained to analyze the expression of inflammatory factors, including matrix metalloproteinase (MMP)-9 and nuclear factor (NF)-κB, which were then correlated with the CFD simulations.
Results: As the degree of vascular stenosis increases, more evident jet flow occurs, and the maximum WSS position moves away first and then back. ECs were irregularly shaped at vortex flow regions. The number of gaps between the cells in high-WSS regions increased. The MMP-9 and NF-κB expression did not differ between vessels with 30 and 0% stenosis. When arterial stenosis was 70%, the MMP-9 and NF-κB expression increased significantly, which correlated with the regions of substantially high WSS in the CFD simulations.
Conclusion: Stenotic arteries induce hemodynamic stress variations, which contribute to differences in EC morphology and gene expression. A high degree of vascular stenosis can directly increase inflammatory factor expression.
Keywords: vascular stenosis, silicone-endothelial cell model, wall shear stress, inflammatory factor, EC morphology
INTRODUCTION
Atherosclerosis, one of the most common arterial diseases, seriously threatens human health. Artery stenosis caused by the presence of plaque is its typical feature (Gao et al., 2021), which often gives rise to the cardiovascular and cerebrovascular diseases, such as coronary atherosclerosis and carotid artery stenosis (Gorelick et al., 2008). An aneurysm is a local pathological congestive dilation of blood vessels caused by disease or weakening of the blood vessel wall. It is characterized by local arterial dilation and presents as a thin, distensible sac that is at risk of rupture (Sforza et al., 2009).
Post-stenotic dilation of artery is a common phenomenon in clinical diagnosis. Multiple stenoses are common in the arteries as are post-stenotic dilation of the artery (Moore, 1990). Post-stenotic dilatation of the coronary arteries can occur at high flow rates, possibly due to the wall shear stress following the constriction (Pincombe et al., 1999). In addition, clinical statistics show that in patients with intracranial artery stenosis, the proportion of the aneurysm with proximal stenosis is about 12.3%, significantly higher than the general incidence of 2–6% of intracranial aneurysm in the population (Rinkel et al., 1998). Clinical data show that de novo cerebral aneurysm formation is often accompanied by some degree of proximal artery stenosis (Jou et al., 2010; Kono et al., 2013; Ferns et al., 2011; Kono et al., 2014). Owing to jet flow caused by stenosis, the maximum WSS and WSSG at the aneurysm initiation site were approximately doubled and tripled, respectively (Kono et al., 2014). However, it is still unclear about the mechanobiological mechanism of how artery stenosis causes the dilation of the post-stenotic artery and how genetic expression variations respond to arterial stenosis.
It is known that the occurrence and growth of aneurysms are thought to be closely associated with abnormal hemodynamic changes, which regulate vascular biology and pathology. Interactions between biological and hemodynamic factors can cause complex arterial wall remodeling (Meng et al., 2007). Arterial endothelial cells (ECs) physiologically respond to wall shear stress (WSS) and WSS gradients (WSSGs). Computational fluid dynamics (CFD) is commonly used to evaluate hemodynamic flow and WSS/WSSG in the patient-specific vascular geometry under physiological conditions. Many studies have found that aneurysms predominantly occur at regions of high WSS (Kondo et al., 1997; Alfano et al., 2013) and that aneurysm initiation sites are correlated with high WSS (Chen et al., 2013), especially with high positive WSSGs (Metaxa et al., 2010). A major drawback of existing CFD studies is that the methods used have made it difficult to directly link the pathological effects of hemodynamic variables, such as WSS and WSSG, on biological tissues (Lu et al., 2011; Luo et al., 2011). However, the use of in vitro vascular models with an endothelial lining is a feasible approach to study the association between biological changes and flow dynamics (Kaneko et al., 2018; Levitt et al., 2019; Jang et al., 2020).
The EC layer is a direct barrier that isolates blood flow from the vascular wall. It is sensitive to fluid shear stress and changes in shear force caused by local flow changes. In the physiological environment, arterial WSS is around 1–2 Pa, while venous WSS is around 0.1–0.6 Pa (Kamiya et al., 1984). When the WSS exceeds the physiological threshold, ECs undergo morphological changes. Therefore, the EC layer is the earliest receptor and effector of vascular remodeling. In addition, WSS-driven EC inflammation is the first step in aneurysm formation, and nuclear factor (NF)-κB is a major inflammatory factor that mediates this step (Signorelli et al., 2018). Subsequently, proteolytic destruction of the vascular extracellular matrix by matrix metalloproteinases (MMPs) leads to aneurysm formation or rupture. MMPs and NF-κB produced in the ECs are overexpressed in aneurysm tissue (Kataoka, 2015), which is evidence of inflammation in the aneurysm occurrence.
To investigate the correlation between flow shear variations induced by vascular stenosis and the morphology and function of ECs, we carried out the in vitro experiments of silicone stenotic artery populated by ECs and established the relation between the artery stenosis degree and the MMPs and NF-κB expression, and the relation between the MMPs and NF-κB expression and high/low WSS.
MATERIALS AND METHODS
Fabrication of a Silicone Vascular Model
Straight transparent silicone vascular replicas with four degrees of stenosis (0, 30, 50, and 70%) were fabricated based on our brush-spin-coating method (Chi et al., 2021). An inner diameter of 5.5 mm was chosen based on the average diameter of the internal carotid artery (Liang et al., 2016). Vessel stenosis (st) was defined as follows: st = (1 − d/D) × 100%, where d and D are the diameters of the narrowest and normal regions, respectively.
Briefly, the vascular cores were first designed in ANSYS SpaceClaim (v17.0, ANSYS Inc., US) and saved as stereolithographical files, which were then imported into the bundled slicing software of a three-dimensional (3D) printer (Creator Pro, Zhejiang Flashforge 3D Technology, Zhejiang, China). The vascular cores of water-soluble poly(vinyl alcohol) (PVA) were generated (Figure 1A). The stair-like surfaces of these vascular cores were smoothened and coated with a transparent polydimethylsiloxane (PDMS; Sylgrad 184 Silicone Elastomer, US) solution to form a thin silicone layer, with a thickness of approximately 0.3 mm. A transparent silicone vascular replica was finally obtained by dissolving the PVA core in a water bath (Figure 1B). Figure 1C shows a silicone tube of 30% stenosis in glycerol and aqueous solution with a weight ratio of 1:1. When the silicone tube was submerged in the glycerol and aqueous solution, it shows a good transparency.
[image: Figure 1]FIGURE 1 | Water-soluble inner core (A) and silicone vessels (B) with different degrees of stenosis. Silicone tube in glycerol and aqueous solution with the weight ratio of 1:1 (C). PIV experimental setup (D).
With consideration of that, the roughness of inner surface of the silicone tube is the main factor that influences the transparency of the silicone tube. In addition, it also makes a certain impact on the culture of ECs. Two operation specifications were adopted to smooth the inner surface of silicone tube and ensure the transparency of the silicone tube. The first step is to eliminate the stair-like texture of the water-soluble inner core. The water-soluble core is completely dipped into water 3 times, each time for 30 s, and the interval of 5 min after each dipping. The water will dissolve the texture on the surface of the core. After rinsing, the core is dried in a constant temperature oven at 40°C. And the second step is to further polish the inner surface of the silicone tube. The silicone tube was dipped into the same silicone liquid for 3 s, and a 0.7 MPa high-pressure air flow was then used to blow off the excess silicone on the wall of the tube for about 1 min, and then the treated silicone tube was dried at 60°C.
Particle Image Velocimetry Analysis
As Varghese et al. (Varghese et al., 2007) reported that the flow field of the straight tube with a stenosis is extremely sensitive to the stenosis symmetry, and even a slight asymmetry can have a significant impact on the recirculation after stenosis and WSS distribution, which will differ from the CFD simulations in an extremely symmetric model. It will directly result in the variations of high-and low-WSS regions. Two smoothing treatments of silicone tube (as mentioned in Section Fabrication of a Silicone Vascular Model) may result in the asymmetry of the stenosis model to some extent. Hence, the main objective of the PIV study is to screen the stenosis vascular model with a symmetrical flow field and verify the CFD results.
PIV was performed using a high-speed camera (Photron, Fastcam-Mini UX 50, 2000 frames per second) with a continuous-pulse laser (MGL, 10 W, 532 nm, Changchun Institute of Laser Electronics, Changchun, China) for all the silicone vascular models before populating with human umbilical vein ECs (HUVECs) (Figure 1D). A solution of fluorescent beads was prepared containing 3.49% polyamide particles with a diameter of 20 μm suspended in glycerine aqueous solution with a weight ratio of 4:6. The bead solution was perfused through the silicone model using a peristaltic pump (BL600H, Baoding Zhunze Precision Pump Manufacturing Co. Ltd.) with a volumetric flow rate of 240 ml/min. PIV was focused on the predetermined positions with the stenosed region and its downstream region, and Z-plane imaging was performed through the central axis of the vessel. The PIV images were imported and processed using open source software (PIVLab in MATLAB) to screen the silicone vascular models with an axisymmetric flow and to validate the CFD simulation results.
Cell Culture Within 3D Rotation and Flow State
The clean, sterilized, and fibronectin-coated silicone models were populated with HUVECs under 3D rotation. Each model was exposed to a culture medium under flow for 24 h to set up a perfusion cell culture.
When setting up the adherent cell culture, the surface of each silicone model was first cleaned with a 75% ethanol solution for 2 h followed by a plasma cleaner. The model was then sterilized on a sterile table by ultraviolet irradiation for 30 min. To enhance EC adhesion to the PDMS, the inner surfaces of the vascular replicas were twice coated with fibronectin at 40 μg/ml for 30 s and dried in a 37°C incubator. ECs were cultured in a growth medium comprising Eagle’s minimum essential medium, 10% fetal bovine serum, penicillin, and streptomycin. The silicone replicas were then immersed in a cell suspension (107 cells/mL), packed into a centrifuge tube covered with a cap containing a filter for gas exchange, and rotated in a carbon dioxide (CO2) incubator at a rate of 0.25 rad/min with a biaxial rotating mechanism (Figure 2A). The two rotation directions are shown in blue and red arrows in Figure 2A. The HUVECs were adhered to the inner wall of the silicone vessels around 48 h later (Figure 2B), as shown in the inverted microscope (Olympus, IX73) image (Figure 2C).
[image: Figure 2]FIGURE 2 | Biaxial rotating mechanism (A), the endothelialized vascular model (B) and its observation under the inverted microscope (C), and the device used for perfusion cell culture (D).
During the perfusion cell culture, the endothelialized vascular models with different degrees of stenosis were connected to an experimental system consisting of silicone pipes, a peristaltic pump, and a liquid storage bottle with a gas exchange membrane. The EC culture medium, which contained 5% dextran (at a viscosity of 3.9 cPa), was delivered to the experimental system in a CO2 incubator (Figure 2D). An approximate steady flow rate of 240 ml/min (Tanaka et al., 2006) was provided by the peristaltic pump connected with a buffer for 24 h, and the experimental conditions were maintained for each degree of stenosis tested.
Computational Fluid Dynamics Simulation
The geometric model of the stenosed artery used for the CFD simulation exactly replicated the model used for the experiment. Based on grid independence verification, a 0.2 mm mesh size was selected. The narrow part of the model required local mesh refinement, and the total number of grid points was approximately 700,000. The convergence standard of the Navier–Stokes equation was set to 10–6. The inlet velocity was derived from the experimental velocity, and a uniform inlet velocity boundary condition is applied. In order to obtain a fully developed inlet flow, the length of inlet section is taken as 35 mm in the geometric model, which is about 6.4 times the inner diameter of the tube. Blood was assumed to be an incompressible Newtonian fluid with a dynamic viscosity of 0.0035 Pa·s and a density of 1,060 kg/m3, and the wall was assumed to be rigid with no-slip boundary conditions. The outlet boundary was a zero-pressure outlet. The WSS and streamline distribution were then obtained.
When the Reynolds number (Re) was <2,300, the blood flow state of the vessels was considered to be laminar, and the laminar flow model was set. However, the jet flow and flow separation occur in the downstream regions of stenosis, and severe stenosis can induce local turbulence (Varghese et al., 2007). For the 30 and 50% stenosis models, the laminar flow model was carried out. While for the 70% stenosis model, there was an evident jet flow in the narrow part (see the white circle, Figure 3A), and turbulent disturbance appeared due to the jet flow with much high flow rate, as the white box indicated in Figure 3A. With the consideration of the low Reynolds number, the SST k–ω model can simulate the simultaneous existence of laminar, transition, and turbulent flows more accurately than other laminar or turbulent models (Chi et al., 2021), the SST k-ω model was then adopted.
[image: Figure 3]FIGURE 3 | PIV measurements to screen for silicone vessel structures with good symmetry. The snapshots in PIV experiments and flow distribution (A), vorticity distribution (B), and flow distribution (C) in a vessel with 50% stenosis. The bar scale is 2 mm.
Therefore, the SST k-ω model was selected for the 70% stenosis model with a local Re number of >2,300 in ANSYS 2019 Fluent. This model can more accurately simulate the concomitant existence of laminar flow, transition flow, and turbulence (Wilcox, 1994).
Endothelial Cell Morphometry and Gene Expression Analyses
ECs cultured on the inner surfaces of the vascular replicas were first washed with phosphate-buffered saline three times. Cultured ECs were then fixed in 4% paraformaldehyde. During immunofluorescent staining, the intracellular catalase was first removed using 3% hydrogen peroxide. Non-specific binding was blocked by incubating the cells with 1% rabbit serum (cat. ab7356; Abcam). The cells were stained with 4′,6-diamidino-2-phenylindole. The cells were then incubated with anti-mouse CD31 antibody (cat. 3528; CST) and either anti-rabbit NF-κB antibody (cat. ab32536; Abcam) or anti-rabbit MMP-9 antibody (cat. ab76003; Abcam) in a moist box overnight at 4°C. The following day, the cells were treated with CoraLite488-conjugated goat anti-rabbit IgG antibody (cat. SA00013-2; Proteintech) and tetramethylrhodamine-conjugated goat anti-mouse IgG antibody (cat. SA0007-1; Proteintech). Each vascular replica was then cut into pieces to examine the different regions. Finally, the images of the samples were captured at 40 × magnification using a laser scanning confocal microscope.
RESULTS
Particle Image Velocimetry Measurement
Figure 3A presents the snapshots in PIV experiments and the PIV post-processed results of flow distribution, which were used to examine the silicone vessel structure with good symmetry to exclude the asymmetric model caused by model smooth treatments. The stenosed silicone tubes (1#, 2#, and 3#) had a good symmetry in terms of the velocity distribution based on the post-processed PIV results. Figure 3B presents the vorticity distribution in the silicone vessel with 70% stenosis. The blue and red contours represent two vortices with reverse rotation with an almost symmetric distribution. Figure 3C shows the flow injection through the narrow part impinged on the sidewall of the tube, which was caused by asymmetric stenosis. It was reported that asymmetric stenosis affects the extent of post-stenotic recirculation and WSS distribution, which are sensitive to blood vessel geometry (Varghese et al., 2007; Haley et al., 2021). Hence, PIV measurements play an important role in screening the vascular model of stenosis with a symmetrical flow field.
In addition, the comparisons of experimental snapshots indicated in Figure 3A, which are with particles in different stenotic tubes captured using a high-speed camera. It can be seen that there is more evident jet flow in the narrow part with the stenosis degree increase, in particular in the model of 70% stenosis, as the white circle indicated. However, due to the limited frame rate of 2000 fps of high-speed camera in this experiment, there is a clear trailing effect of the moving particles, especially in the model of 70% stenosis. The particles are not easy to be captured in the high jet flow state, and the positions of particles are hard to be determined. It will be difficult for the PIV analysis based on the comparison of the relative position changes of particles at two adjacent moments. That is the reason why the high velocity distribution was not detected in the PIV result in the model with 70% stenosis, as the white arrow indicated.
Validation of the Numerical Simulation Results
Figure 4 shows the numerical simulation results of flow distribution in three vascular models of stenosis. The comparisons of flow and vorticity between the PIV (Figures 3A,B) and CFD (Figures 4A,B) results are also shown. The CFD results demonstrate good agreement with the PIV measurements in terms of the flow and vorticity distribution. Thus, the selection of the related fluid models for the numerical calculation is reasonable and reliable.
[image: Figure 4]FIGURE 4 | CFD results of flow (A) and vorticity (B) distribution in vascular structures with different degrees of stenosis.
Computational Fluid Dynamics Results
The WSS distribution and streamlines of the straight arteries with different degrees of stenosis were simulated by CFD using the same structural data used for 3D printing. Figure 5A shows the streamline and the WSS distribution in the downstream region of the vessel with 70% stenosis. The red contour shows the region in which the WSS values were >2.5 Pa. PIV revealed a clear vortex located downstream of the stenosed region (Figure 3B), and the high WSS was located close to the vortex. The distribution of WSS and the location of maximum WSS downstream of the 70% stenosed region are shown in Figure 5B. Figure 5C shows the location with the maximum WSS and the value distribution in different stenosed structures. The maximum WSS increased as the degree of stenosis increased. When the degree of stenosis was <50%, the maximum WSS was within 1.0 Pa. As the degree of stenosis reached 50%, the maximum WSS was >1.0 Pa. This value increased to >5.0 Pa when the degree of stenosis reached 70%. In addition, the location of maximum WSS first moved forward along the flow direction as the degree of stenosis increased, and backward against the flow after the degree of stenosis reached 50–70%. The maximum WSS was located 14–16 mm away from the center of the stenosed region.
[image: Figure 5]FIGURE 5 | High-WSS region (A) and location of maximum WSS (B) in the region downstream of the artery with 70% stenosis. Location of maximum WSS and the value distribution in different stenosed structures (C).
Endothelial Cell Morphology After the Flow Stimulation
Our hemodynamic analysis showed contrasting results in vortex regions with different degrees of stenosis. The changes in EC morphology after flow culture, especially in ECs located at the regions of maximum WSS downstream of stenosis in the vascular replica, were investigated by confocal microscopy. The microscopy images show that the cytoskeletal F-actin in ECs was stained with rhodamine–phalloidin after flow stimulation induced by different degrees of stenosis. The images also show that the inner surfaces of the silicone vessels with 0 and 30% stenosis were evenly covered with ECs (Figures 6A,B). As the degree of stenosis increased, the ECs located downstream of 50% stenosis became elongated in the longitudinal direction. The ECs located at regions of maximum WSS downstream of stenosis showed irregular alignment due to the existence of the vortex (Figures 6C,D). Moreover, the gaps between the cells increased as the degree of stenosis increased (Figures 6B–D). In particular, when the degree of vascular stenosis reached 70%, there were clear gaps between the cells, and the EC morphology clearly changed into an undulating-ribbon structure. Kamiya reported that in physiological environments, arterial WSS is around 1–2 Pa (Kamiya et al., 1984). The flow shear induced by stenosis of <50% does not exceed the physiological range that the cell is subjected to; thus, EC morphology does not change noticeably.
[image: Figure 6]FIGURE 6 | EC morphology in 0 (A), 30 (B), 50 (C), and 70% (D) stenosed structures under flow stimulation.
Endothelial Cell Gene Expression After Flow Stimulation
We harvested ECs from the model of stenosis for gene expression analysis. The ECs were obtained downstream from the surrounding regions of maximum WSS after flow stimulation. The expression of two key vascular inflammatory factors (MMP-9 and NF-κB) is shown in Figure 7. The expression of MMP-9 and NF-κB in ECs from vessels with 0% stenosis did not differ from that in ECs from vessels with 30% stenosis. However, the expression of MMP-9 and NF-κB appeared to be higher in regions downstream of higher WSS due to the greater degree of stenosis. In particular, in vessels with 70% stenosis, there was a significant increase in MMP-9 and NF-κB expression. The increase in MMP-9 and NF-κB expression was correlated with substantially high vortex regions and higher WSS values downstream of stenosis (Figure 5). A previous study showed that the expression of inflammatory factors is consistent with variations in EC morphology, which can be explained by a stenosis degree of >50%, and WSS induced by stenosis exceeds the physiological range of the cell (Kamiya et al., 1984).
[image: Figure 7]FIGURE 7 | MMP-9 (A) and NF-κB (B) expression after different degrees of flow stimulation induced by stenosis.
In addition, we further compared the relative fluorescence intensities of MMP-9 and NF-κB at the high-WSS (adjacent to the maximum WSS location, ∼ LWSSmax) and low-WSS regions (∼1/2 LWSSmax) as indicated in Figure 5B. The relative fluorescence intensities of MMP-9 and NF-κB were obtained by comparing the fluorescence intensity of current images with the one in the model of 0% stenosis located high-WSS region. As Figures 8A,B indicated, the expression levels of MMP-9 and NF-κB show an increased tendency with the increase in stenosis degree, and for the model of 0 and 30% stenosis, there is no clear difference between the high- and low-WSS regions. However, at 50 and 70% stenotic model, the expression levels of MMP-9 and NF-κB located at the high- and low-WSS regions show significant variations. It means that the changes in flow shear stimulation induced by stenotic arteries, in particular high WSS, will directly affect the expression of inflammatory factors which will participate in the process of vascular dilation. The fluorescence intensity of the image is calculated using the software of ImageJ (ImageJ 1.4.3.67, http://imagej.nih.gov/ij), and the data was obtained by GraphPad software (GraphPad Prism 8.0.1, https://www.graphpad-prism.cn).
[image: Figure 8]FIGURE 8 | Comparison of relative fluorescence intensity of MMP-9 (A) and NF-κB (B) at the high- and low-WSS regions in different stenosis models.
DISCUSSION
In this study, we successfully created a monolayer of ECs in a silicone tube, as described in previous studies (Kaneko et al., 2018; Levitt et al., 2019). To ensure that the inner surfaces of the silicone vessel models were evenly covered with ECs and to easily obtain focused confocal images, the roughness and thickness of the silicone tubes, the EC concentration, and the speed of rotation were standardized.
Although fabrication of silicone vessel replicas has been described previously (Chi et al., 2021), the standardization of inner tube roughness and silicone tube thickness in this study are noteworthy. A stair-like texture of the water-soluble skeleton is difficult to avoid due to the layer-by-layer printing technique. This is not desirable as ECs are cultured and regionalized based on the surface texture. Thus, the water-soluble skeleton surface needs to be fully smoothened. However, as reported by Heley et al., the symmetric post-stenotic recirculation and WSS distribution depend on the symmetry of the stenosed vessel. The smoothing process will affect the extent of silicone vessel stenosis. Thus, it is important to screen the symmetry of vascular replicas based on PIV measurements. The thickness of the silicone replica was maintained at <0.5 mm to ensure higher transparency and better tiling of the thin silicone pieces to improve image quality by confocal microscopy. In addition, it is important to determine the appropriate cell suspension density and rotation speed to obtain evenly spread ECs. High-density suspensions and low rotation speeds can reduce the number of cells stacked together, whereas low-density suspensions and high rotation speeds can prevent ECs from adhering to the silicone wall.
Based on the CFD simulation, the WSS/WSSG and the location of maximum WSS were easily identified. The maximum WSS increased with the degree of stenosis. In addition, the location of maximum WSS fluctuated between 12 and 16 mm from the site of stenosis and was farthest at 50% stenosis. This was dependent on changes in the location of the vortex center. Our results are in good agreement with previous statistical measurements of the distance between the narrow region and the aneurysm neck (Antonov et al., 2018).
We found that substantial changes in EC morphology and high expression of major inflammatory factors were directly related to high WSS, which may be a key factor mediating aneurysm occurrence. Our results are in line with previous observations showing that aneurysms predominantly occur at regions of high WSS (Geers et al., 2017). Excessive and abnormal WSS can also cause dysfunction or loss of the endodermis, which can lead to local vascular wall degeneration and expansion (Meng et al., 2014; Kataoka, 2015; Staarmann et al., 2019). In addition, it is known that the MMPs and NF-κB inflammation cause artery dilation. In the current study, in vitro experiments of silicone stenotic artery with different stenosis degrees populated by ECs were carried out, a direct relation between the artery stenosis degree and the MMPs and NF-κB expression was clearly established. The expression levels of MMP-9 and NF-κB located at the high-WSS region show significant variations in the 50 and 70% stenotic models. In addition, the expression levels of MMP-9 and NF-κB located at the high- and low-WSS regions show a significant variation in a 50% or 70% stenotic model. It means that the stenotic artery over 50% stenosis could be a potential risk factor for the post-stenotic dilation, which would pay more attention to clinical diagnosis.
This study has several limitations that should be noted. First, the physiological composition of the blood vessel wall is much more complex than that of the simplified silicone and EC layers used in our model. Second, the boundary condition setting might influence the simulation results. A steady average flow rate over a period of time in the carotid artery was set as the inlet flow condition without considering the real pulsatile wave of the blood. The differences between the steady and pulsatile inflow conditions would have influenced our WSS calculations in the CFD simulation. We set a zero-pressure outlet as the outlet boundary. If the experimentally measured pressure was adopted as the outlet boundary, the CFD result will surely make a better matching degree of experimental result in this model. Third, the frame rate of the high-speed camera is set to 2000 fps. Within the limited frame rate, there is a clear trailing effect of the moving particles. It will bring trouble in the PIV analysis based on the comparison of the relative position changes of particles at two adjacent moments. It might be difficult to capture the jet flow in PIV post-processed software of PIVLab.
CONCLUSION
In vitro experiments and CFD simulations revealed that hemodynamic stress variations induced by arterial stenosis contribute to differences in EC morphology and gene expression. A high degree of vascular stenosis can directly give rise to high WSS downstream of the stenosed region, leading to the appearance of gaps between ECs and an increase in the expression of key inflammatory factors. These inflammatory factors, which are produced by ECs, are also commonly found in aneurysm tissue. This study will be helpful for our understanding of the mechanobiological mechanism underlying the link between vascular stenosis and post-stenotic dilation.
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Hemodynamic factors, induced by pulsatile blood flow, play a crucial role in vascular health and diseases, such as the initiation and progression of atherosclerosis. Computational fluid dynamics, finite element analysis, and fluid-structure interaction simulations have been widely used to quantify detailed hemodynamic forces based on vascular images commonly obtained from computed tomography angiography, magnetic resonance imaging, ultrasound, and optical coherence tomography. In this review, we focus on methods for obtaining accurate hemodynamic factors that regulate the structure and function of vascular endothelial and smooth muscle cells. We describe the multiple steps and recent advances in a typical patient-specific simulation pipeline, including medical imaging, image processing, spatial discretization to generate computational mesh, setting up boundary conditions and solver parameters, visualization and extraction of hemodynamic factors, and statistical analysis. These steps have not been standardized and thus have unavoidable uncertainties that should be thoroughly evaluated. We also discuss the recent development of combining patient-specific models with machine-learning methods to obtain hemodynamic factors faster and cheaper than conventional methods. These critical advances widen the use of biomechanical simulation tools in the research and potential personalized care of vascular diseases.
Keywords: computational fluid dynamics (CFD), finite element analysis, fluid-structure interaction (FSI), patient-specific analysis, image-based simulation
INTRODUCTION
Hemodynamic factors, the stress and strain induced by pulsatile blood flow at the surface and body of a blood vessel, play a crucial role in vascular health and diseases mainly by altering the structure and functions of endothelial and smooth muscle cells. Among the hemodynamic factors, wall shear stress (WSS), the viscous shear applied to the endothelial cells due to blood flow, has been studied the most. Endothelial cells respond to WSS via a variety of mechanotransduction pathways (Davies, 1995; Chiu and Chien, 2011; Ando and Yamamoto, 2022; Tanaka et al., 2021). Cell-culture and animal studies have shown that different flow patterns trigger different endothelial responses. Generally, unidirectional flow is protective against atherosclerosis and neointimal formation, while complex, multidirectional flow is atherogenic and turns endothelial cells to become pro-inflammatory (Chiu and Chien, 2011). Complex, disturbed flow generates temporal and spatial gradients in luminal and wall hemodynamic parameters due to pulsatility in a cardiac cycle and the curvature, branches, and other geometric irregularities of the vasculature.
To understand the effects and mechanisms of hemodynamic factors on vascular structure and function, we first need to delineate the detailed in vivo three-dimensional (3D) blood flow characteristics and quantify the values of the hemodynamic forces. These data, however, cannot be obtained from analytical solutions of governing equations due to the irregular, complex geometry of the vasculature. Fortunately, with the rapid advancement of medical imaging and computational methods and power, computational fluid dynamics (CFD), finite element analysis (FEA), and fluid-structure interaction (FSI) simulations can be readily adopted and have been widely used to obtain a detailed flow field using vascular images obtained from computed tomography angiography (CTA), magnetic resonance imaging (MRI), ultrasound, intravascular ultrasound (IVUS), optical coherence tomography (OCT), and other imaging modalities. Values of the hemodynamic forces can then be derived using the detailed flow field.
Biomechanical simulations using patient-specific anatomical and physiological data have been applied to study atherosclerosis in coronary (Abbasian et al., 2020; Guvenir Torun et al., 2021), carotid (Bennati et al., 2021), cerebral (Tanoue et al., 2011), and femoral (Wood et al., 2006) arteries; thoracic (Boccadifuoco et al., 2018a) and abdominal (Taylor et al., 1998) aortas; aortic aneurysms (Mariotti et al., 2021) and dissections (Cheng et al., 2014); cerebral aneurysms (Bazilevs et al., 2010); pulmonary arterial hypertension (Zambrano et al., 2018); bypass grafts (Sankaran et al., 2012), and arteriovenous fistulas for hemodialysis (He et al., 2013). In addition to research, CFD simulations have also been used clinically to derive the coronary fractional flow reserve values in stenotic coronary arteries from CTA images, avoiding invasive coronary angiography (Min et al., 2015). We will review the multiple steps that are generally followed in these simulations (Figure 1). Despite the great progress in the last 2 decades, some challenges still exist, and verification and validation must be performed to assess the simulation results (Tang et al., 2014). The emerging and exciting application of machine-learning techniques to biomechanics simulations will also be reviewed. Image-based biomechanical simulations have also been used to investigate the responses of vascular tissues to and predict the outcomes of the endovascular procedures, such as stenting of stenotic arteries and stent-grafting of aortic aneurysms and dissections (Auricchio et al., 2011; Hemmler et al., 2019; Raptis et al., 2019). Simulations of the interactions of these implants with blood vessels are further complicated by the implants and not reviewed here. Our current review can be complemented by other reviews of image-based computational cardiovascular biomechanics (Thondapu et al., 2017; Zhong et al., 2018; Liang et al., 2019; Cameron et al., 2020; Carpenter et al., 2020; Lipp et al., 2020; Lopes et al., 2020; Ong et al., 2020; Thiyagarajah et al., 2022).
[image: Figure 1]FIGURE 1 | Pipeline of a typical image-based vascular CFD/FEA simulation. CFD, computational fluid dynamics, FEA, finite element analysis, PC MRI, phase-contrast magnetic resonance imaging, WSS, wall shear stress.
PIPELINE OF IMAGE-BASED COMPUTATIONAL BIOMECHANICAL SIMULATIONS
Imaging the Lumen
Imaging is performed to obtain the anatomical (lumen and wall) and physiological (flow) data of blood vessels that are needed for patient-specific biomechanical simulations. CTA and MRI have been the most popular modalities for vascular lumen imaging. During a spiral CTA scan, a narrow beam of x-rays is aimed at a patient and quickly rotates around the patient when the table on which a patient lies moves, producing signals that are collected by detectors opposite to the x-ray source and processed by a computer to generate cross-sectional images or slices of the body. These slices can then be digitally stacked together to form a 3D image of the patient. Multi-detector CTA uses iodinated contrast agents to enhance the vascular lumen for a quick, high-resolution scanning of the vasculature’s 3D geometry. For example, the spatial and temporal resolutions of the GE CT scanner can be 0.28 mm and 0.24 s, respectively. However, exposure to ionizing X-ray radiation, the risk of acute kidney injury from using contrast agents, and artifacts from nearby bone and metal implants are the main downside of CTA (Kim et al., 2010).
MRI uses a very strong magnetic field (typically, 1.5–3.0 T for clinical scanners) and radio frequency waves to create detailed images of the organs and tissues. The main magnetic field polarizes the magnetic spins of hydrogen nuclei. The radio frequency system excites the sample and detects the resulting MR signal, whose location is determined from the gradient coil system. The contrast between different tissues is determined by the rate at which excited hydrogen nuclei return to the equilibrium state. MRI allows for non-invasive tissue characterization because of its dependence on a variety of physical and chemical characteristics of the tissue, such as physical state, molecular motion, diffusion, chemical composition and concentration, and water content (Pooley, 2005). Through the technique of time-of-flight or double inversion recovery, the 3D lumen geometry can be obtained from MRI without using a contrast agent. For vasculature with complex blood flow, such as an arteriovenous fistula, the dark-blood images obtained by the double inversion recovery technique have a better quality than the white-blood images obtained by the time-of-flight technique, which is more susceptible to complex recirculating flows (Figure 2). Similar to CTA, MR angiography (MRA) can be enhanced using contrast agents, but without the risk of ionizing radiation.
[image: Figure 2]FIGURE 2 | Magnetic resonance imaging of an arteriovenous fistula. (A) Maximal intensity projection of white-blood time-of-flight (TOF) images. At the anastomosis (the gray region pointed by a yellow arrow), the signal is void due to complex flow. (B) An example of the TOF slice close to the anastomosis (enclosed by the red ellipse) where the lumen is not clearly defined. (C) The black-blood image shows the lumen of the fistula vein and artery clearly (the black regions pointed by yellow arrows).
Imaging the Wall
The anatomical and compositional data of blood vessel walls and atherosclerotic plaques are also crucial components for studying vascular diseases and biomechanical simulations. Even though CT does not have an adequate contrast to differentiate vascular wall from adjacent perivascular tissues, it is commonly used for vascular calcification imaging because of the intrinsically higher signal intensity of calcium in CT. MRI is more versatile than CT. A variety of MRI techniques have been developed to non-invasively characterize vascular morphology and composition of atherosclerotic plaques, such as lipid core, fibrous cap, calcification, normal media, hemorrhage, and adventitia (Gold et al., 1993; Martin et al., 1995; Toussaint et al., 1996; Hatsukami et al., 2000). However, the spatial resolution of current clinical MRI scanners is limited (approximately 0.3 mm in-plane resolution with zero-filling interpolation at best) (He et al., 2013), and the thin fibrous cap (<65 μm), which is a crucial characteristic for the high-risk atherosclerotic plaque, cannot be clearly identified.
IVUS and OCT have been used to identify the components of the vascular wall at a higher spatial resolution, but they are invasive (Mantella et al., 2021). IVUS is a catheter-based procedure used to visualize the inside of a blood vessel in real time. Radiofrequency ultrasound waves, usually in the 30–60 MHz range, are emitted from the transducer at the catheter tip, and the return echo is also received by the transducer and conducted to an external computerized equipment to construct and display ultrasound images of a thin cross-sectional slice of the blood vessel. Virtual histology-IVUS, through spectral analysis of IVUS backscatter signals, can reveal the fibrous, fibro-fatty, necrotic-core, and dense-calcium regions of a plaque (Nair et al., 2002; Nair et al., 2007; Campos et al., 2015). However, even with a higher resolution (65–150 μm) than MRI, IVUS still cannot adequately measure the thickness of a thin fibrous cap.
Intravascular OCT has a higher resolution than IVUS. It utilizes back-scattered infrared light to generate high-speed and high-spatial-resolution (10–20 μm) images of blood vessels after using a contrast flush to clear the intraluminal blood (Shimamura et al., 2021). It can measure the thickness of a thin fibrous cap more accurately and identify the plaque composition (Brezinski et al., 1996; Roleder et al., 2015). However, OCT has a limited penetration depth through blood vessels, so the overall plaque burden cannot be measured. Taking the advantages of both IVUS (deep penetration) and OCT (high spatial resolution) by combining the two imaging modalities seems favorable and has been increasingly used (Li et al., 2014; Guo et al., 2018; Guo et al., 2021; Lv et al., 2021). The development of other hybrid intravascular imaging modalities, such as near infrared spectroscopy-intravascular ultrasound (NIRS-IVUS), further improves vascular wall imaging. NIRS can detect lipid composition by analyzing the near-infrared absorption properties of atherosclerotic plaques. A thorough discussion of hybrid intravascular imaging modalities can be found in Bourantas et al. (2017) and Kubo et al. (2022).
Imaging the Flow
Compared to CTA, MRI also has the advantage of obtaining blood flow data using a phase-contrast sequence in either two dimensions (2D) or 3D. In 2D single-directional phase-contrast MRI, the through-plane velocity is measured by aligning the imaging plane perpendicular to the axis of the imaged blood vessel, assuming that the blood velocity is along the axial direction. The maximum intensity projection of time-of-flight images can be used to place the imaging plane. The velocity is encoded in the phase images using a velocity encoding value, which is the maximum velocity that can be measured without a phase-wrap artifact. When the phase-wrap artifact appears (Figure 3), the velocity encoding value needs to be increased. The flow rate can then be extracted from the phase and magnitude images using the free package Segment (Medviso AB, Lund, Sweden) (Bidhult et al., 2019) or other software. The magnitude images are used to define the lumen of imaged vessel. If the phase-wrap artifact is not severe, it can be corrected conveniently in Segment by unwrapping the affected pixels. When flow rates at several locations are needed, the scan must be repeated at each location, which is time consuming and burdensome to the patient and increases the possibility of patient-movement artifacts.
[image: Figure 3]FIGURE 3 | Phase-contrast magnetic resonance images of an arteriovenous fistula. The magnitude image (A) is used to draw a region of interest (ROI-1) for the proximal artery (enclosed by the blue circle), which may have very high flow velocity. In this case, the velocity encoding value, 250 cm/s, was not big enough, causing a phase-wrap artifact shown by the white pixels within the ROI-1 in the phase image (B).
In the case of multi-directional flow measurement, four dimensional (4D, which is 3D in space plus time) phase-contrast MRI has been increasingly used to obtain time-resolved complex pulsatile blood flow velocities in three orthogonal directions within an acquired 3D volume (Markl et al., 2014; Azarine et al., 2019). Although a contrast agent is not required for phase-contrast MRI, the use of a contrast agent enhances the signal-to-noise ratio in the magnitude images and reduces noise in phase images, compared to scans without a contrast agent (Bock et al., 2010). Streamlines and velocity vectors can be used to visualize changes in blood flow pathways directly from the image data. In addition to visual flow analysis, one advantage of 4D flow MRI is that by post-processing the original data, flow rate through any plane across the volume can be obtained retrospectively. Therefore, when choosing the imaging plane orthogonal to the vessel axis is challenging, the number of measurement sites is large, and geometry of the vasculature is complex, 4D flow MRI is more accurate in flow rate quantification than 2D phase-contrast MRI by placing the measurement plane at the locations where helical or vortical flow does not exist or is mild.
In addition to MRI, duplex Doppler ultrasonography (DUS) is also commonly used to obtain blood flow data in peripheral vasculature. In DUS, an imaging sample volume (gate) is usually placed at the middle of the vessel to obtain the maximal velocity spectrum. In commercial ultrasound scanners, to derive the flow rate from the maximal DUS velocity spectrum, a parabolic velocity profile across the lumen is assumed, resulting in the mean velocity being half of the maximal velocity across the lumen based on the Poiseuille flow theory, which is only applicable to steady laminar flow in an infinitely long straight circular tube. However, arterial blood flow is pulsatile, and the velocity profile across the lumen depends on the Womersley number α ([image: image] where R is the lumen radius of the blood vessel, ρ is the blood density, ω is the angular frequency of blood flow pulsation, and µ is the blood dynamic viscosity) (Womersley, 1955). Consequently, a more accurate algorithm than that assuming a parabolic velocity profile has been developed by using the Womersley number to adjust the relationship between the mean and maximal velocities across the lumen (Ponzini et al., 2006). Of note, the Womersley velocity profile also depends on the assumption of a straight circular vessel. Therefore, an effort should be taken to choose a relatively straight circular segment of the blood vessel to measure flow rate. A more accurate lumen diameter measurement using a perpendicular cross-sectional view may also improve the flow rate measurement (He et al., 2018).
Lumen and Wall Geometry Reconstruction
Image segmentation, i.e., extracting lumen and wall configuration from medical images, is one of the key steps for image-based computational biomechanics. The methods of segmentation depend on the imaging modality and image quality and can be manual, semi-automatic, or automatic. For images obtained by CTA and MRA using contrast agents, the image quality of the lumen is generally high, and implicit deformable models and level set methods can be used to extract the lumen quickly by specifying a few seed points in the images to define the region of interest (Antiga et al., 2008a). This family of methods uses spatial variation in image intensity, rather than absolute intensity, and is more robust than image intensity threshold-based methods. However, for time-of-flight and black-blood MRI, the image quality of the lumen also depends on the flow characteristics and is lower at the region with disturbed flow. In this case, manual delineation of blood vessels may be needed, even though this process is time consuming and the results are user dependent. Furthermore, the slice thickness of MR images may be ≥2 mm, which causes the reconstructed surface to become non-smooth at the region with a high curvature or large diameter changes along the length of the vessel. In the Amira software (Thermo Fisher Scientific, Waltham, MA), interpolation of segmented original slices to decrease the slice thickness may improve surface quality without increasing the workload of segmentation. Other software tools also may be considered, and users should find a tool that best suits their projects.
Because of the many options of MRI sequences and complex atherosclerotic plaque compositions, segmentation and image analysis of MRI data can be complicated and require special training (Kerwin et al., 2017). The vascular wall as a whole can be semi-automatically segmented from black-blood images with an adequate quality using deformable contour based on the initial inner and outer outlines manually drawn (Ladak et al., 2001). Different plaque components based on multi-contrast MRI can also be semi-automatically (Liu et al., 2012) or automatically (Adame et al., 2004) identified.
Virtual histology-IVUS offers automatic component identification and segmentation. Automatic or computer-aided plaque component identification, segmentation, and quantification have also been developed for OCT images (Athanasiou et al., 2014; Athanasiou et al., 2018; Guo et al., 2019; Lee et al., 2020). The impact of automated characterization of mixed plaque components in complex atherosclerotic lesions has also been evaluated recently (Olender et al., 2022). Reconstruction of a 3D vascular model from 2D IVUS and OCT slices need special consideration because of the 2D nature of these images. Reconstruction by fusing IVUS or OCT and biplane angiography or CTA images has been developed and used in clinical studies (Slager et al., 2000; Bourantas et al., 2005; van der Giessen et al., 2010; Samady et al., 2011; Wang et al., 2015b; Guo et al., 2018). Anatomical landmarks visible in both IVUS or OCT and angiography or CTA images are commonly used to estimate the orientation of the IVUS or OCT slices to facilitate the generation of the 3D model. A comprehensive review of the image data fusion methodologies has been published recently (Kilic et al., 2020).
Meshing
The volumes of reconstructed lumen and wall need to be divided into small discrete elements, within which governing differential equations are solved. A high-quality mesh is a prerequisite for accurate simulation results. When creating a mesh, there are two main concerns, namely, the computational cost and the accuracy of simulation. A finer mesh gives more accurate results but requires more computational resources and time. Therefore, a common goal of meshing is to use less elements while achieving an acceptable accuracy. Due to the irregular and often complicated geometry of the vascular lumen reconstructed from medical images, an unstructured mesh is commonly used. When WSS is the target, which is often the case, a finer mesh at the blood-wall boundary, prismatic inflation layers, is required. To fill the rest of the lumen, hexahedral elements at the core can be created to reduce the number of elements if possible. Otherwise, tetrahedral elements in the core are generated. Since blood flow is more complex at the curved region and thus requires a finer mesh, a meshing algorithm using the local curvature to refine the mesh is advantageous if available. In Ansys Meshing, this is realized by adjusting the settings of the Curvature Size Function. Other software tools also may be considered, and users should find the details of the methods. In addition to more conventional tetrahedral and hexahedral mesh, polyhedral mesh has been demonstrated to be better than tetrahedral mesh in reducing the number of elements, reaching convergence faster, and achieving WSS patterns that have less artifacts and thus are more homogeneous (Spiegel et al., 2011). To ensure an adequate mesh is created, a mesh-independence analysis should be performed based on the most important parameters in question, which are WSS parameters in most cases. The grid convergence index is recommended for the uniform reporting of grid refinement studies (Roache, 1994).
Meshing of the wall with advanced atherosclerotic plaques may be challenging due to the complex and irregular geometries of the different components. A component-fitting technique has been developed to generate mesh that can overcome this challenge (Yang et al., 2009). Using this technique, the 3D plaque components are divided into multiple small volumes to cover the irregular plaque geometry; a mesh for each volume is then generated. This approach is, however, labor intensive. More sophisticated and automatic mesh generation techniques have also been developed using an octree-based isocontouring method (Zhang et al., 2010).
Mechanical Properties
CFD/FSI simulations of blood flow require blood viscosity. The viscosity of whole blood varies with the hematocrit, leukocyte and platelet counts, plasma protein composition and concentration, as well as the shear rate. At least 15 non-Newtonian blood rheological models have been proposed to take into account the shear-thinning property (Abbasian et al., 2020). These models have different popularity; the Casson, Carreau, Carreau-Yasuda, power-law, and Quemada models are mostly used. When the shear rate is above 100 s−1, blood behaves similarly to a Newtonian flood.
FSI simulations of blood flow require mechanical properties of blood vessel wall. Since blood vessels have complex, nearly incompressible, non-homogeneous, anisotropic, non-linear, and viscoelastic (creep, stress relaxation, and hysteresis) material behaviors, it is very difficult, if not impossible, to obtain the in vivo material parameters describing these behaviors. In vivo, ex vivo, in vitro, and in silico methods have been used to characterize these behaviors and derive purely phenomenological or structure-motivated constitutive models that hold only under specific conditions of interest (Holzapfel and Ogden, 2010).
Pulse wave velocity has been measured by tonometry, Doppler, or oscillometry to quantify arterial stiffness in vivo by many studies because its measurement is minimally invasive and inexpensive, but it only offers a single average value for the artery segment between the measuring sites, neglecting any regional variation and perivascular tethering effects (Hodis and Zamir, 2011). Medical imaging techniques have been used to obtain vascular mechanical properties. But since the in vivo clinical images only represent the physiologically loaded states, inverse FEA approaches, which could be used to obtain the unloaded configuration, are needed for in vivo material parameter identification. Therefore, medical images obtained from various imaging modalities have been combined with inverse FEA to derive in vivo vascular mechanical properties. For example, the in vivo aortic elastic properties of ascending thoracic aortic aneurysm have been identified from gated CT scans using an inverse approach (Liu et al., 2019a). An iterative procedure has also been developed to identify coronary artery mechanical properties by matching both maximum and minimum in vivo Cine IVUS lumen circumferences (Guo et al., 2017; Wang et al., 2021). Also using inverse FEA, the mechanical properties of infrarenal abdominal aorta and its peri-aortic structure have been assessed using displacement encoding with stimulated echoes (DENSE) MRI (Bracamonte et al., 2020). However, some assumptions were made when using inverse FEA. For example, the diastolic configuration was treated as the zero-strain reference, and the aortic wall was commonly assumed to be homogeneous (Bracamonte et al., 2020). Inverse FEA methods with more realistic conditions are needed. Recently, to overcome the previous limitation of homogenized or simplified material representations, an inverse FEA approach was developed to derive non-linear material properties of heterogeneous coronary plaque components using OCT imaging data acquired at differing pressures by incorporating interfaces between various intra-plaque components into the objective function (Narayanan et al., 2021). The importance of including multi-material plaque components has also been demonstrated by the greatly varied lesion mechanical responses (Kadry et al., 2021).
Due to their large size and a propensity for aneurysm formation and wall dissection, aortic tissues have been most extensively studied ex vivo (Di Martino et al., 2006; Vande Geest et al., 2006; Cebull et al., 2020; Jadidi et al., 2020). Uniaxial and biaxial tensile tests of explanted tissue strips from patients demonstrate that aortic tissues are stronger and stiffer in the circumferential than axial direction (Sokolis et al., 2012; Pichamuthu et al., 2013; Jadidi et al., 2021a). This behavior is due to preferential alignment of collagen fibers in the circumferential direction. Since a single elastic modulus value is inadequate to describe the non-linear behavior in the whole range of deformation, various forms of strain energy density functions based on deformation invariants are used to describe arterial hyperelastic behaviors under large deformation. Exponential and polynomial strain energy density functions are the most popular. Some constitutive models have also been developed to reflect the microstructural data, especially the directions of collagen fibers obtained from various optical microscopic imaging techniques (Holzapfel et al., 2000; Gasser et al., 2012; Jadidi et al., 2021b).
Boundary Conditions
Appropriate boundary conditions define the effect of the truncated vasculature and perivascular tissues within the simulated domain and are the key to obtaining accurate simulation results (Campbell et al., 2012; Gallo et al., 2012; Xu et al., 2018). Boundary conditions are needed at all the inlets and outlets. Ideally, patient-specific simulations require known velocity and blood pressure profiles at all nodes of the inlets, outlets, and wall. The velocity and flow rate can be acquired by MRI and ultrasound non-invasively. Accurate blood pressure measurement at specific locations, however, requires intravascular access by a pressure transducer and is usually unavailable. Except 4D flow MRI measurement, the 3D velocity profiles at the inlets are unknown using other modalities. Therefore, it is common to apply the average velocity (plug flow) obtained by dividing the flow rate with the cross-sectional area at the added, extended straight inlet to achieve a fully developed flow at the location of the original inlet, but this approach may be problematic as actual flow may be skewed at the inlets that have a significant curvature and geometric irregularity. When 4D MRI velocity data are available, it is better to specify the velocity component at each direction at the inlet directly than to assume idealized velocity profiles derived from the measured flow rate (Morbiducci et al., 2013).
When patient-specific data are not available, several strategies have been devised to achieve reasonable results. Setting a zero pressure at multiple outlets has been used, but it is not a good practice because it may fail to reproduce physiologically relevant flow and pressure features (Pirola et al., 2017; Chnafa et al., 2018). Using typical or population-averaged flow rates and waveforms is common, but still not ideal because of the heterogeneity among patients. Alternatively, since lumen area or diameter data are more readily available from non-invasive clinical images, the inlet flow rate and flow split through branches can be estimated using lumen area or diameter data and various scaling laws, such as Murray’s law based on minimum energy theory (Murray, 1926), or developed from measured data (Cebral et al., 2008; van der Giessen et al., 2011; Tricarico et al., 2020). In CFD simulations assuming a rigid wall, the velocity boundary condition at the wall is generally set as no-slip or zero-velocity.
In FSI simulations, blood pressure is important for accurate wall stress and strain results. When blood pressure is not available, lumped-parameter Windkessel models representing the impedance of truncated downstream vasculature can provide reasonable pressure values when the flow and parameters of the Windkessel models are appropriate (Westerhof et al., 2009; Pirola et al., 2017). However, patient-specific Windkessel parameters require patient-specific pressure and flow waveforms, which are not available in this case. Assumptions must be made to use Windkessel parameters obtained from other sources. As a way of considering the compliance, resistance, and especially wave reflection of the downstream truncated vasculature, an elastic tube terminated with a rigid contraction has been added to the outlet as a part of the computational domain (Pahlevan et al., 2011).
For structural analysis, the constraints at the nodes of the inlets and outlets differ among studies. In some studies, the translational motion was fixed while rotational motion was unconstrained for the nodes at the inlet and outlets (Nathan et al., 2011; Gomez et al., 2021), but the end nodes did not have any moving freedom (Pasta et al., 2013). In another study, nodes at the proximal end were allowed to deform only in the radial direction, while the distal ends were fixed in all directions (Martin et al., 2015).
Blood vessels are constrained radially by the surrounding perivascular tissues, and this constraint reduces the distensibility and intramural stress of an artery (Vonavkova and Horny, 2020), but it is a challenge to prescribe the in vivo perivascular boundary conditions. Although many studies simply ignore the perivascular constraint, some studies have attempted to model it. In one study, the radial constraint was quantified as an effective perivascular pressure applied to the outer surface of adventitia, which could be ≥50% of the intravascular pressure (Liu et al., 2007). In another study, the effect of the perivascular tissue was applied as an effective pressure waveform at the external wall of carotid arteries (Soleimani et al., 2021) or modeled as a heterogeneous elastic foundation boundary condition, which was implemented as a collection of unidimensional springs attached to the adventitial surface (Bracamonte et al., 2020).
Solution Strategies
Depending on the study objectives, a few software packages can be chosen to solve the governing differential equations of blood flow and vessel wall deformation. The common packages use finite volume (Ansys Fluent and CFX, Siemens STAR CCM+, OpenFoam) or finite element (COMSOL, SimVascular, Crimson) methods for CFD; FEA (Ansys Mechanical, Simulia Abacus, SimVascular) for structural wall stress analysis; Arbitrary Lagrangian-Eulerian (ALE) formulation (Adina, SimVascular, Simulia Abacus) or coupling the CFD and FEA solvers (Ansys Workbench) for FSI. If the focus is on hemodynamics, not detailed structural stress and strain distributions, the coupled momentum method is an efficient alternative to ALE formulation (Figueroa et al., 2006). In this method, wall deformation is assumed to be small; therefore, the fluid mesh is not updated. The vessel wall is based on a membrane model. This simplified method yields valid results in cases where the assumptions of small deformation and thin walls are indeed valid.
Several choices need to be made to balance the computational effort and accuracy. High-order numerical schemes and appropriate time-step size and residual errors should be used in addition to an appropriate mesh size (Khan et al., 2015; Dennis et al., 2017). Laminar flow is commonly assumed for most blood flow under physiological conditions, but transition to turbulence may occur in normal aorta (Ha et al., 2018), aorta with aortic valve stenosis (Manchester et al., 2021), stenotic arteries (George et al., 2008; Lantz et al., 2013; Andersson et al., 2017), intracranial aneurysms (Valen-Sendstad et al., 2011), and arteriovenous grafts (Lee et al., 2007) or fistulas (Stella et al., 2019). It has been demonstrated that flow instability can only be revealed under high spatial and time resolutions (Baek et al., 2010; Valen-Sendstad and Steinman, 2014). In the studies of turbulent blood flow, traditional Reynolds-averaged Navier–Stokes (RANS) equations-based turbulence models (k–ɛ and k–ω) (George et al., 2008; Perinajová et al., 2021), large eddy simulation (LES) (Lantz et al., 2013; Andersson et al., 2017; Stella et al., 2019; Manchester et al., 2021) and direct numerical simulation (DNS) (Lee et al., 2007; Valen-Sendstad et al., 2011; Arzani et al., 2012) have been used. LES directly resolves large-scale, at the size of mesh grid, velocity fluctuations. It incorporates the dissipative energy loss induced by turbulent eddies at the sub-grid level and can therefore model laminar, transitional, and turbulent features, which may all be exhibited in the different phases of the pulsatile blood flow during a cardiac cycle. Because DNS directly solves Navier–Stokes equations numerically for the scales of all turbulent eddies without using any turbulence model, it requires much more number of mesh elements and computational resources and time than LES and is thus seldom used for complex blood flow simulations.
Image-based FEA wall stress analysis of blood vessels needs special treatment of the vascular geometry because the geometry obtained from medical images has a deformed configuration by intraluminal pressure and axial stretch. Blood vessels are stretched circumferentially, radially, and axially at the in vivo loaded state. In addition, there are residual stresses and strains even under the unloaded state (Chuong and Fung, 1986). However, the ideal reference configuration for FEA requires zero stresses and strains everywhere within blood vessels. Therefore, the in vivo vessel geometry needs to be shrunk circumferentially or radially and axially to obtain its unloaded state, which then needs to be numerically cut open radially to release the residual stresses and strains to obtain the ideal reference configuration. The ex vivo images of carotid arteries at a unloaded state have been stretched axially and circumferentially to match the in vivo MRI images in FSI simulations (Huang et al., 2009). However, the ex vivo unloaded state is unavailable in most patient-specific simulations. Therefore, various methods have been developed to drive the unloaded or stress-free configuration from the geometry obtained from in vivo clinical images. Assuming known material properties, these methods either 1) estimate the pre-stress field on the in vivo configuration, then depressurize the FE model to obtain the unloaded geometry (Gee et al., 2010; Weisbecker et al., 2014; Maas et al., 2016); 2) estimate the unloaded configuration by adjusting an initial geometry and running forward FE simulations (Raghavan et al., 2006; Bols et al., 2013; Riveros et al., 2013); or 3) use an inverse FE formulation (Lu et al., 2007). These methods require many FE iterations to converge and are therefore time consuming.
Biomechanical Parameter Extraction and Statistical Analysis
To quantify WSS’s magnitude, multi-directionality, and pulsatility, the parameters that are most commonly extracted to characterize the local flow conditions experienced by endothelial cells at the vessel wall include time-averaged WSS magnitude over a cardiac cycle (TAWSS), maximum WSS within a cardiac cycle (WSSmax), oscillatory shear index (OSI) (He and Ku, 1996), relative residence time (RRT) (Himburg et al., 2004), WSS spatial and temporal gradients, axial WSS (WSSax), the secondary component of WSS (WSSsc), ratio of WSSsc to WSSax, transverse WSS (TAWSStrans), and cross-flow index (CFI) (Colombo et al., 2021). WSSax is the WSS component aligned with the tangent to the vessel centerline, while WSSsc is the other component of WSS in addition to WSSax (Morbiducci et al., 2015). TAWSStrans is the average over the cardiac cycle of WSS components perpendicular to the temporal mean WSS vector (Peiffer et al., 2013b). CFI is the normalized TAWSStrans by the WSS magnitude (Mohamied et al., 2017). Note that depending on the geometry, the temporal mean WSS vector at a location does not necessarily align with the direction tangent to the vessel centerline.
A recent promising advance is the development and application of an Eulerian method for obtaining WSS vector field topological skeleton that has a strong link with features of disturbed flow, such as flow separation, stagnation, impingement, and reversal (Mazzi et al., 2020; Mazzi et al., 2021). Based on the dynamical system theory, the WSS topological skeleton consists of fixed points where the WSS value is zero and manifolds that link the fixed points. In the blood flow field, the stable or unstable manifolds identify regions where the WSS vector exerts an expansion or contraction action on the endothelial cells that are potentially important for developing vascular diseases. The cycle-averaged WSS topological skeleton also relates to the fluid-phase mass transport of solutes near the wall (Arzani and Shadden, 2018). Clinically, high temporal variation of WSS contraction or expansion and high fixed-point residence times weighted by WSS contraction or expansion strength at 1 month after endarterectomy have been found to predict long-term carotid bifurcation intima-media thickness, independently from the exposure to low WSS (Morbiducci et al., 2020). The associations of WSS topological skeleton features with vascular pathophysiology need further studies.
The common biomechanical parameters of the vessel wall extracted from FEA are maximum principal stress for studying the sites of plaque rupture (Tang et al., 2009; Costopoulos et al., 2019) and aortic aneurysms (Martin et al., 2015), peak longitudinal and circumferential wall stresses for aortic aneurysms (Gomez et al., 2021) as well as Von Mises stress in normal aortas (Nathan et al., 2011) and aortic aneurysms (Rissland et al., 2009). Using FEA-derived peak stress, a multifactorial stress equation of peak stress that is based on the analysis of plaque morphological parameters has also been developed recently (Hartman et al., 2021). These plaque morphological parameters include fibrous cap thickness, necrotic core angle, necrotic core thickness, lumen area, and necrotic core calcium and plaque areas. This methodology has the potential of obtaining the peak stress within a plaque rapidly because the detailed FEA is not required.
The high spatial resolution of the data obtained from CFD or FEA simulations bring challenges in statistical analysis that investigates the relation between the focal nature of vascular diseases and biomechanical factors because these data are spatially autocorrelated (i.e., the data are more like each other when they are closer in space). Treating all the data points as independent violates the assumption of standard statistical tests and will artificially augment the sample size and obtain extremely small p values even for a very small effect size. Several methods with different mathematical complexities have been proposed to consider the spatial correlation (Peiffer et al., 2013a; Rowland et al., 2015). These methods are decorrelation length-based sampling, Dutilleul’s modified t-test, iterative amplitude adjusted Fourier transform, dual-tree complex wavelet transform, and a bootstrap approach.
Linear mixed-effects regression models have also been used to accommodate the clustering of the multiple slices within a blood vessel. A mixed-effects regression model incorporates both fixed and random effects. The random effect considers correlations among the data points due to clustering within a vessel (He et al., 2020; Hoogendoorn et al., 2020), within a plaque (Costopoulos et al., 2019) or within the slices (Wang et al., 2015a). The spatial covariance structure can also be specified in a mixed-effects model. In a study of vein bypass graft remodeling, a one-dimensional exponential spatial covariance structure was used for the strong autocorrelation among lumen diameters along the sections in each graft (He et al., 2020). Another concern is the correlation between data obtained at multiple time points from the same patient in a longitudinal study. Linear mixed-effects models can also be used in this case with the patient as a random factor (Colombo et al., 2021).
Human studies have been performed to assess the predictive power of different biomechanical parameters on the initiation, development, and rupture of atherosclerotic plaques. Low and oscillatory WSS has been widely recognized to be the key hemodynamic factor in the initiation and development of atherosclerosis. TAWSS had a higher sensitivity of predicting plaque location in both right and left coronary arteries than average WSS gradient, OSI, and RRT (Knight et al., 2010; Rikhtegar et al., 2012). However, a systematic review found that the evidence for the low/oscillatory shear theory is less robust than commonly assumed (Peiffer et al., 2013c). The definition of low WSS is important and may affect the conclusion (Hartman et al., 2021).
VERIFICATION, VALIDATION, AND UNCERTAINTY QUANTIFICATION
All image-based simulations involve uncertainties and potential errors related to every input needed in the modeling pipeline, including geometry, boundary conditions, mechanical properties, unavailable input parameters that are difficult or unethical to obtain from study subjects, solver settings, and necessary modeling assumptions (Steinman and Migliavacca, 2018; Valen-Sendstad et al., 2018; Steinman and Pereira, 2019). The sizes of these variations and their impact on predicted biomechanical factors need to be assessed through VVUQ. In the context of vascular biomechanical simulations, verification is performed to assess if the numerical simulations solve the simplified mathematical description of the vascular system correctly, and validation is implemented to determine if the model accurately represents the in vivo conditions. Uncertainty quantification evaluates how variations in the physical and numerical parameters affect biomechanical factors obtained from simulations. Many VVUQ studies in vascular biomechanical simulations have been performed (Steinman and Migliavacca, 2018). However, since the in vivo true values are usually unknown, most of these studies can only evaluate the relative differences compared to the results obtained from other methods.
Geometry (Imaging and Segmentation)
The imaging uncertainties depend on the imaging hardware, image acquisition protocols, techniques of image reconstruction from raw data, and specific characteristics of the patient. The composite effects of obliqueness, in-plane resolution, and voxel anisotropy on the accuracy of black-blood MRI-derived wall thickness measurements at the carotid bulb have been studied (Antiga et al., 2008b). Thick-slice axial acquisitions can result in artificial wall thickening due to its obliqueness to the imaging plane. Reduction of in-plane resolution can also exaggerate wall thicknesses by up to 50%.
The variation of lumen segmentation algorithms of five intracranial aneurysms from 3D digital subtraction angiography (DSA) images among the 26 participating groups has been assessed (Berg et al., 2018). Although qualitative similarity of the aneurysm representations was obtained, the inter-group differences of the aneurysm volumes, ostium surface areas, and morphology parameters (undulation and non-sphericity) were up to 20%, 30%, and 25%, respectively. These morphological variations led to 28%–51% variation in TAWSS, which may lead to an inappropriate interpretation of the simulation results (Voß et al., 2019). In another study using high-resolution OCT-derived geometry as the ground truth, the segmentation of coronary CTA images showed that the measurement uncertainty in minimum lumen diameter had the largest impact on CFD simulation-derived fractional flow reserve (FFR) (Sankaran et al., 2016). The CFD simulations based on coronary CTA images were found to overestimate the absolute TAWSS values than those based on IVUS/OCT images, although the WSS patterns were similar and the correlation and concordance were high (Eslami et al., 2021). Polynomial chaos expansion is another method for a global sensitivity analysis. It uses a stochastic approach to obtain continuous response surfaces of the hemodynamic parameters starting from a few deterministic simulations and is computationally more efficient than a Monte Carlo approach. Furthermore, using the method of polynomial chaos expansion for a global sensitivity analysis, it has been found that the sensitivity to geometry may be different during different instants of the heartbeat and in different vascular regions (Xu et al., 2021).
Blood Properties
Patient-specific blood properties are almost never available for biomechanical simulations, even though blood viscosity can vary up to 20% among individuals (Box et al., 2005). The commonly used viscosity values for the Newtonian model may vary by 10% among different patient groups (Valen-Sendstad et al., 2018). The effects of different blood rheological models on hemodynamics have been evaluated in stenotic carotid (Mendieta et al., 2020) and coronary (Abbasian et al., 2020) arteries and intracranial aneurysms (Oliveira et al., 2021). It has been found that the effects of different blood rheology models on simulation results depend on the specific hemodynamic parameters, and the difference in hemodynamic parameters can be more than 50% compared to the Newtonian model. Using a non-Newtonian blood viscosity model in a simulation requires to update viscosity after each iteration, so it takes longer to finish simulations, and it is common to use a constant blood viscosity value if the blood flow velocity and shear rate are expected to be high. Using a Newtonian model also is more appropriate when the overall flow pattern or the mean WSS parameters are investigated; the non-Newtonian model is necessary when the low WSS region is the focus, especially for arteries with severe stenosis. When there is stenosis, the region with high velocity and WSS will not be affected significantly by the use of non-Newtonian models.
Wall Properties
In FEA, it is common to assume a constant wall thickness along the length of a blood vessel, but this assumption may be problematic. For example, this led to a significantly different wall stress distribution from that of a patient-specific model using micro-CT-measured wall thickness of an intracranial aneurysm, although the average wall stresses may be similar (Voß et al., 2016). Therefore, use of patient-specific regionally varying wall thickness is recommended for estimating peak biomechanical parameters, especially when the wall thickness is expected to be non-uniform, such as with atherosclerosis, aneurysm, and stenosis (Raut et al., 2013). Additionally, using an anisotropic material model may estimate much higher wall stresses compared to the isotropic and uniform-thickness mode (Mesri et al., 2017). Using a more general non-symmetric collagen fiber dispersion model in arterial walls (Holzapfel et al., 2015) or considering intima heterogeneity (Akyildiz et al., 2018) is needed for better describing the arterial mechanical behavior. As such, the above studies demonstrate the importance of using more realistic wall properties.
In CFD simulations, a rigid wall is most commonly assumed, but the variability in vessel lumen diameter during a cardiac cycle is approximately 5%–10% in most major normal arteries (Taylor et al., 1998). If not specifically cardiac-gated at systole, the images are more likely to be taken at diastole because systole is shorter than diastole. Therefore, the lumen size in simulations using a compliant wall is larger than that using a rigid wall, resulting in smaller velocity and WSS in simulations using a compliant wall than those using a rigid wall, although the distribution patterns of WSS parameters are similar (Kim et al., 2008). On average, the TAWSS of the compliant-wall simulation has been found to be 21.5% lower than that of a rigid-wall simulation for a hemodialysis arteriovenous fistula (McGah et al., 2014). Other studies reported a similar magnitude of difference (to be 25%) in WSS in an idealized carotid bifurcation model (Perktold and Rappitsch, 1995) or smaller (13%) in aortas reconstructed from MR images (Stokes et al., 2021). Furthermore, the effects of assuming a rigid wall on hemodynamic factors may not be uniform across different regions. At the anastomosis of an arteriovenous fistula with a more disturbed flow, the WSS difference between the compliant and rigid walls can be up to 58% (McGah et al., 2014). As expected, decreasing the Young’s modulus of the aortic wall causes a more significant underestimation of the peak flow rate (Boccadifuoco et al., 2018a). Nevertheless, previous data suggest that the effect of using a rigid wall in image-based simulations may be less than that due to uncertainties in geometry and boundary conditions (Lee and Steinman, 2007). The validity of the qualitative and quantitative relations between WSS parameters and vascular diseases obtained from a rigid-wall simulations needs to be assessed.
Boundary Conditions
Using a statistical model of blood flow in internal carotid artery in CFD simulations, it has been observed that flow waveform variations at the inlet of internal carotid artery have a limited influence on the TAWSS on the saccular intracranial aneurysm surface, but the internal carotid artery flow waveform strongly affects WSS directionality in regions where the flow is highly multidirectional (Sarrami-Foroushani et al., 2016). The impact of uncertainties in the values of Windkessel model parameters at the outlets on the simulation results of an ascending thoracic aortic aneurysm has been quantified using generalized polynomial chaos expansion (Boccadifuoco et al., 2018b). Again, the results show that the uncertainties in the selected outflow parameters have only a moderate effect on TAWSS but may lead to significant variability of the instantaneous WSS in regions with complex flow. Using a similar method, it has been found that the uncertainty of the Windkessel resistance parameters at the outlets of a thoracic aorta with a coarctation induces a remarkable variability on the flow rate waveform at the peak systole but has a slighter effect on the pressure gradient across the coarctation (Antonuccio et al., 2021).
Validation of Computational Fluid Dynamics Simulations
Some in vitro phantom-based experiments and in vivo measurements by MRI have been performed to validate the results obtained from CFD simulations. Using a compliant silicone phantom aneurysm model and 3D rotational angiogram, the reliability of the CFD simulation was confirmed by comparing the actual and virtual angiograms obtained from CFD simulations of the contrast concentration (Sun et al., 2010). Another study using a rigid, patient-specific phantom of a complex abdominal aortic aneurysm showed a high degree of agreement between numerically simulated and experimentally measured velocity fields at selected slices by MRI (Kung et al., 2011). Furthermore, the pressure waveforms also had an excellent agreement with only a 3.8% difference between measured and predicted root-mean-square pressures at the light exercise condition (Kung et al., 2011). An in vivo 4D-flow MRI study showed the necessity of using turbulent models in simulating thoracic aortic flow (Miyazaki et al., 2017). Also based on 4D-flow MRI, it has been demonstrated that a compliant-wall computational model is needed to show the time lag at the outlets of thoracic aorta with respect to the inlet flow waveform found in MRI data (Boccadifuoco et al., 2018a). However, MRI data may not be ideal for validating CFD results. For example, the WSS and energy loss calculated from MRI data were less than those obtained from CFD simulations around the aortic arch due to the limitation of MRI spatial resolution (Boccadifuoco et al., 2018a).
MACHINE LEARNING
Promising artificial intelligence (AI) and machine learning (ML) methods have been increasingly used in various aspects of vascular biomechanics research. These methods include imaging (Henglin et al., 2017; Rutkowski et al., 2021); segmentation of images obtained from different imaging modalities (Nasr-Esfahani et al., 2018; Guo et al., 2019; Livne et al., 2019; Zhao et al., 2019; Bajaj et al., 2021; Comelli et al., 2021; Tian et al., 2021); estimation of constitutive parameters in vivo (Liu et al., 2019b) or for harvested vascular tissues (González et al., 2020; Liu et al., 2020); estimation of the zero-pressure geometry of human thoracic aorta from two pressurized geometries of the same aorta at two different blood pressure levels (Liang et al., 2018); prediction of hemodynamics in human thoracic aorta trained on CFD data (Liang et al., 2020) or stresses within atherosclerotic walls trained on FEA data (Madani et al., 2019); computation of a probabilistic and anisotropic failure metric of the aortic wall (Liu et al., 2021); and prediction of plaque vulnerability (Cilla et al., 2012; Guo et al., 2021).
Deep learning in medical image analysis is a branch of ML mainly based on convolutional neural network (CNN) methodology (Litjens et al., 2017). When a neural network contains multiple layers between the input and output, it is considered a deep neural network (DNN). Vascular segmentation using well-validated deep learning methods can automatically extract the vascular structure quickly and without operator bias. To develop the deep learning model using a supervised learning approach, a large training dataset that is usually segmented manually or semi-automatically by experts is required. The most popular deep CNN used in medical image segmentation is U-Net (Ronneberger et al., 2015). U-Net has accurately segmented the images of ascending thoracic aortic aneurysm (Comelli et al., 2021) and arteries in the brain (Livne et al., 2019). Other tools, E-Net and V-Net, have also been applied successfully to ascending thoracic aortic aneurysm and coronary artery, respectively (Comelli et al., 2021; Tian et al., 2021).
Conventional image-based CFD, FEA, and FSI simulations are time consuming, limiting their potential clinical applications. Training ML algorithms using CFD and FEA simulations to combine the two methods can help generate results much faster without considerably affecting the performance. As an example, a DNN model could predict the steady velocity magnitude and pressure fields in a thoracic aorta with an average error of 2.0 and 1.4%, respectively, in one second (Liang et al., 2020) or calculate the FFR values with an excellent correlation to CFD predictions in a few seconds (Itu et al., 2016; Coenen et al., 2018). Also using DNN, the predicted peak von Mises stress magnitude in atherosclerotic artery has had an average error less than 10% (Madani et al., 2019). However, the great variations in geometry and boundary conditions among patients make data-driven models difficult to be trained in high-dimensional feature spaces. Further development of fast and real-time CFD and FEA simulations accelerated by ML algorithms may help realize clinical application potential of these biomechanical tools (Phellan et al., 2021).
CONCLUSION
Image-based simulation of the vasculature biomechanics is an active research area. From the perspective of biomechanics and mechanotransduction, it aims to partially reveal the mechanisms of the heterogeneity in the initiation, progression, and treatment response of vascular diseases in different patients. However, a completely personalized simulation, including specific, high-fidelity lumen and wall geometry, flow and pressure boundary conditions at the inlets and outlets, blood and wall properties, and interaction with perivascular tissues, is very challenging and not practical even with recent great advances in imaging and computational algorithms and power. The use of simplified models is necessary, but the validity of these simplified models needs to be thoroughly evaluated. The development and application of novel ML algorithms to all aspects of the CFD, FEA, and FSI pipelines have the potential to accelerate the application of the biomechanical analysis tools to the research and perhaps the treatment of vascular diseases. The future clinical applications may include prediction of the sites with future cardiovascular events, such as formation or rupture of atherosclerotic plaques or aneurysms, and thrombosis formation. In combination with technical advancements, large, prospective, image-based clinical studies are needed to evaluate the capability of biomechanical parameters in predicting hard-defined clinical endpoints (Gijsen et al., 2019).
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In our previous analysis of three sets of hemodialysis studies, we found that patients possessing higher hematocrit have a higher filtration coefficient KSo and more fluid being restituted from the tissue. A new dynamic analysis is developed to reveal how the plasma protein concentration, restitution volume, and plasma volume are changing over the time course of 240 min hemodialysis. For patients with the filtration coefficient KSo as 0.43 or 5.88 ml/min/mmHg, we find that the restitution rate would reach 50% of the extraction rate in 5.3 or 57.4 min, respectively. By the end of hemodialysis, the restitution rate of both patients asymptotically approaches a value of 0.93 ml/min which is slightly higher than the extraction rate of 9.03 ml/min. The plasma volume drops by 10% of the total plasma volume in 11 min for patients with low KSo and drops by 2.1% and turns around to an increasing trend in 5.6 min for patients with high KSo. These results suggest that the filtration coefficient acts like a facilitator in restituting more fluid from the tissue to compensate for the loss of plasma volume due to extraction. The hematocrit data of three sets of hemodialysis also indicate that significant microvascular blood volume is shifted from small veins toward the venous side of macrocirculation. A better understanding of how the factors examined here cause hypovolemia can be the basis for one to modify the hemodialysis process such that the development of hypovolemia can be avoided over the course of hemodialysis.
Keywords: blood volume, microcirculation, plasma protein concentration, hematocrit, hemodialysis
1 INTRODUCTION
Over the course of hemodialysis (HD), the continuous extraction of ultrafiltrate from the blood by the dialyzer will increase the plasma protein concentration (PPC) from Cp to Cp’. For three groups of patients with normal, anemic, and more anemic hematocrit, the PPC increment (Cp’-Cp)/Cp’ is found as 11.7, 10.2, and 7.9%, respectively (Schneditz et al., 1992; Minutolo et al., 2003). The full circulation analysis (FCA) of these end-point protein data reveals that the large drop in the PPC increment is mainly due to the patients having these arterial hematocrits Ha (42.4 ± 3.5%, 33.5 ± 2.4%, and 27.9 ± 3.1%, respectively) have these filtration coefficients KSo (0.43, 0.85, and 5.88 ml/min/mmHg, respectively, personal communication). A larger filtration coefficient is also shown by the FCA to associate with more fluid being restituted from the tissue and lesser reduction in the total plasma volume for patients with lower hematocrit. This impact of the filtration coefficient on plasma volume reduction suggests that the filtration coefficient acts like a factor facilitating the prevention of hypovolemia. In this article, we will expand the end-point analysis to one that can predict how these variables, namely, PPC, restitution volume, plasma volume, microvascular blood pressure, and rate of the restitution are changing over the course of HD. A total of three sets of computations are made for patients having the three filtration coefficients mentioned previously. By comparing the temporal changes of the variables so calculated will help us better understand how and why that the filtration coefficient can be a facilitating factor for the patient to generate a fluid restitution to adequately compensate for the fluid extracted by the dialyzer and hence the prevention of the development of hypovolemia.
In the FCA, the full circulation is divided into three compartments: the macrocirculation, microcirculation, and the splenic microcirculation. The blood flowing in six groups of microvessels (the small arteries, arterioles, capillaries, post-capillaries, venules, and small veins) has a microvessel hematocrit in the range of 90–20% of Ha (Lipowsky et al., 1980). The blood pressure in the small arteries can be 100 mmHg, while that in the small veins is 2–4 mmHg. The organs in our body may have different filtration coefficients. In the FCA, the six groups are grouped into one microcirculation compartment with Pmic being its blood pressure, Hmic as its microvascular hematocrit of the microcirculation, and KSo as its filtration coefficient. Because the red blood cells (RBCs) in the splenic microcirculation are tethered by the microvessel wall, the hematocrit there can be 2.07 times of Ha (Gibson et al., 1946). Equations are formulated in our previous study to describe the transvascular fluid and protein movement between the microcirculation and the tissue. The equations are used to deduce from the measured PPC increment (Cp’-Cp’)/Cp’ and hematocrit increment (Ha’-Ha)/Ha’, the filtration coefficient KSo, the change in plasma volume ΔVp, and the reduction in microvascular blood volume ΔVmic. We will use the morphometric and hemodynamic characteristics of the microcirculation to deduce a value for Pmic and Hmic and to partition the calculated microvascular blood volume reduction to the six microvessel groups. The FCA simulates the transvascular protein movement as the transport of a fluid across the endothelia having γCp as its protein concentration. The constant γ is termed as the permeability fraction. A way to find the value of γ is described.
A hematocrit equation has been established in FCA to show how these three factors, namely, a change in plasma volume (ΔVp), a change in microvascular blood volume (ΔVmic), and a splenic RBC release change of the arterial hematocrit. Graphical results are generated to show how these three factors alter the arterial hematocrit over the course of HD. With known ΔVmic, we can calculate the change in macrovascular blood volume. The meaning of a change in microvascular blood volume and the impact of a change in macrovascular blood volume on cardiac filling are elaborated from the perspective of a 13-generation circulation model (Rothe 2011).
For many hypovolemia studies, the increase in hematocrit over the course of HD is used to determine the reduction in plasma volume over the course of HD (Schneditz et al., 1992; Calvacanti et al., 2006; Dasselaar et al., 2007; Booth et al., 2011). The Van Beaumont (1972) hematocrit equation (VBHE) used in those studies can be derived from the hematocrit equation of the FCA under the assumption of no microvascular volume change and no splenic RBC release. In the study carried out by Schneditz et al. (1992), the blood volume change calculated from VBHE is used in their numerical procedure to determine the filtration coefficient of the more anemic patients. In FCA, we use the PPC data and the protein equation to determine the reduction in plasma volume and the filtration coefficient. The differences that are generated by these two computation procedures are examined.
2 ANALYSES, RESULTS, AND DISCUSSIONS
The process on changing plasma protein concentration. In this part of FCA, the plasma space in the entire circulation is treated as one compartment. Before HD, there is a constant filtration flux Jf (0) flowing out of the plasma compartment to the tissue. The 0 in the parenthesis identifies the quantity as one at the initiation of HD (t = 0). This flux carries a protein concentration Cf. Meanwhile, there is a constant lymphatic return Qlym which carries a protein concentration Clym. As the plasma volume and the PPC are not likely to change before the initiation of HD, we have the following requirements:
[image: image]
As the interstitial space is being flushed by the filtration, these two equalities also indicate that the protein concentration in the interstitial fluid space Ct equals Cf. We regard that the transvascular fluid movement Jf(t) is governed by the Starling hypothesis, that is,
[image: image]
where KSo is the filtration coefficient, Pmic (0) is a representative hydrostatic pressure of the microcirculation, Pt is the hydrostatic pressure on the tissue side, σ is the reflection coefficient, πp(t) is the plasma colloidal osmotic pressure (COP) at time t, and πt is the tissue COP. Over the course of HD, the total volume of the fluid restituted from the tissue is given by:
[image: image]
We consider that the volume of fluid being restituted from the tissue to the circulation is much smaller than the fluid volume of the interstitial fluid space. Thus, we can assume that the interstitial fluid pressure and the tissue COP are not altered by HD. Thus, the replacement of Qlym in Eq. 3 by Jf (0) converts Eq. 3 to the following form:
[image: image]
As derived later, Eq. 4 can be converted to the following algebraic equation:
[image: image]
where Δπp is πp’-πp, ΔPmic is Pmic’-Pmic, and k is an integration constant (Eq. 8). From now on, quantity without ’ is identified as one at t = 0, quantity with ’ as one at t = ΔT, and that with (t) as one at time t. Later on, Pmic is identified as a surface average of the blood pressure over the entire surface area of the microcirculation, and the pressure change ΔPmic can be calculated as:
[image: image]
where ζ is termed as the autonomous constant, and ΔVb is Vb’-Vb.
The volume of restitution subtracted by the extraction volume ΔVe is the change in plasma volume:
[image: image]
As we regard that the splenic RBC release does not change the blood volume of the splenic microvasculature, the change in total blood volume ΔVb is given by:
[image: image]
Let Cr be the protein concentration of the restituted fluid. Then, the protein mass added to the plasma compartment is CrΔVr. Thus, the increase in the protein mass over the course of HD is given by:
[image: image]
Eqs 7 and 9a can be combined to form the following equation:
[image: image]
where ΔCp is Cp’-Cp. As described later, we use the permeability fraction γ to characterize Cr as a fraction of Cp:
[image: image]
Termed the protein equation, Eq. 9b uses the change in PPC to calculate ΔVr/Vp. The first term ∆Cp/Cp’ in Eq. 9b is termed as the PPC increment (the increase in PPC induced by HD and then normalized by Cp’), the second term ∆Ve/Vp is termed as the extraction increment (the increment in PPC induced by the extraction), and the third term is the restitution dilution (the dilution of PPC by fluid restitution). As Cr is smaller than Cp, the value of restitution dilution is negative. The negativity makes us to name this third term as dilution.
Overall, we have six algebraic equations (Eqs. 5–10) to characterize the transvascular fluid and protein movements. The equations contain four modeling constants: KSo, σ, γ, and ζ. Here, KSo is treated as an input parameter, while σ is taken as 1, γ as 0.09, and ζ as 36.67 mmHg. The hemodialysis process is defined by two parameters: ΔT and ΔVe. Once the initial values of plasma volume Vp, blood volume Vb, and PPC Cp are given, then we can use the equations to solve for these six end-values: Cp’ or ΔCp, Cr, Vp’ or ΔVp, Vb’ or ΔVb, ΔVr, and ΔPmic. The value of Δπp is derived from Cp and Cp’ through the Landis and Pappenheimer (1963) equation (Eq. A6).
The two HD studies carried out by Minutolo et al. (2003) on patients with normal and anemic (N and A) hematocrit and the high ultrafiltration experiment carried out by Schneditz et al. (1992) on patients with more anemic (MA) hematocrit are to be identified as N78%, A72%, and MA18%20 HD, respectively. The percentage defines the ΔVe/Vp imposed to the HD. The first two HDs have 240 min as ΔT. The two digits 20 in the last HD is used to highlight that its HD time ΔT is 20 min. These HD parameters, ΔVe, ΔT, and the initial value of Cp, Vp, and Vb and the final PPC Cp’, can be found or derived from the publications. In our previous analysis, we used Eqs 5–10 and Eq. A6 to calculate these seven variables: Cr, ΔVr, ∆Vp, ∆Vb, Δπp, ΔPmic, and kKSo. Here, we use the equations in the Appendix to calculate the temporal changes of Vr(t), Vp(t), Vb(t), Pmic (t), πp(t), and the integration constant k and filtration coefficient KSo.
The second series of HDs will be identified as low KSo, medium KSo, and high KSo HD. They are to have these filtration coefficients: 0.43, 0.85, and 5.88 ml/min/mmHg, which are the filtration coefficients found for N78%, A72%, and MA18%20 HD, respectively. The initial conditions and the settings of ΔVe and ΔT for this second series are those of N78% HD.
Microvascular morphometry, hemodynamics, and hemodialysis. In formulating FCA, two new modeling constants, the permeability fraction γ and the autonomous constant ζ, and the microvascular blood pressure are introduced. In this section, a procedure based on the morphometry and hemodynamics of the microcirculation is presented to assess what likely values are to be set for the two constants and one pressure variable.
The morphometry data (generation number, vessel type, number of vessels, diameter, and length) of a central vascular tree model are reproduced in the first five columns of Table 1 (Rothe 2011). The surface areas and volumes of these vessels are listed in the 5th and 7th column of the table. With So and Vo being the total surface area and the total blood volume of the vascular tree, the surface and volume fractions (Sn/So and Vn/Vo) of the 13-generations circulation are depicted in Figures 1A,B.
TABLE 1 | Morphometry and hemodynamics of a central vascular treea (Rothe 2011).
[image: Table 1][image: Figure 1]FIGURE 1 | (A) Distribution of the surface fraction of a 13-generation central vascular tree. (B) Distribution of the volume fraction. (C) Distribution of the hematocrit ratio Hvessel/Ha.
Through the relation between the in vivo microvascular hematocrit and vessel diameter (Lipowsky et al., 1980), we use the diameter reported in the table to set a value as the microvessel hematocrit Hmic,n of the nth generation and present it through this ratio αn (= Hmic,n/Ha) in the 9th column of Table 1. For the current investigations, the vessels of the 5th to 10th generation are categorized as microvessels, as their hematocrit ratios are all smaller than unity. Among these six generations, only the capillaries may be considered as rigid (Fung 1966), while other larger microvessels are distensible.
It is noted from Figure 1A that almost 99% of the surface area of the circulation resides in the microcirculation. All blood vessels are lined by endothelial cells, and the filtration and permeation characteristics of various microvessels may be similar to each other. Thus, the total surface area of the microcirculation should be taken as the So in Eq. 2. For this surface distribution, we form an S-axis (the 7th column) to mark the location of a point within the vascular network. As an example, the entrance of the microcirculation (i.e., the entrance of small arteries) is located at an S of 0.35% which is the sum of the surface areas of all vessel upstream of the entrance divided by the total surface area (87.5 m2). Correspondently, the exit of the microcirculation is located at an S of 99.3%. The blood volumes tabulated in the 8th column indicate that 70% of the total blood volume resides in the 10th to 12th generation. We calculate the relative viscosity of blood μ* as 13.2 αn2 + 1.30 αn +1.45 and then take the resistance of the nth generation as A∙μ* Ln/(Nn∙Dn4). The resistance for each generation so calculated is shown in the last column of Table 1.
In the next five paragraphs, we will use the data in Table 1 to determine what value should be set for ΔPmic in Eq. 5. Suppose the cardiac output for the central circulation of Table 1 is set at 1.38 L/min, the arterial blood pressure at 140 mmHg, and the venous blood pressure at 0, then we can find a value for A to generate the distribution of blood pressure (the solid line) shown in Figure 2A. This distribution of blood pressure along the S-axis will be taken as that of the patient whose HD has been just initiated.
[image: Figure 2]FIGURE 2 | (A) Distribution of the pre-HD blood pressure P. Pmic is the surface weighted average of the pressure in the microcirculation, and Pb is the base pressure (Eq. 7). The up arrows indicate fluid filtration to the tissue, and the down arrow indicates fluid absorption by the circulation. (B) Distribution of post-HD blood pressure and the correspondent Pmic’ and Pb.
Based on the studies of Minutolo et al. (2003) and LaForte et al. (1994), the drop in the arterial blood pressure at the end of HD ΔPa is 20 mmHg while the drop in venous blood pressure ΔPv is −3 mmHg. By guessing the cardiac output as 1.21 L/min, setting Pv’ as −3 mmHg, and using the resistance distribution shown in Table 1 to do the pressure calculation, the distribution of blood pressure at the end of HD is shown as the solid line in Figure 2B. The pressure distribution shown in Figure 2A indicates that the pressure in the microcirculation to drop from 110 to 4 mmHg at the beginning of HD, while Figure 2B indicate that the drop is from 94 to 0.2 mmHg at the end of HD.
Let Pb be σ πp (0) + Pt - σ πt. These four pressures Pb, πp, Pt, and πt may be considered as constants as one moves along from the arterial end to the venous end of the microcirculation. The fluid flux Jf in Eq. 2 generated over the microvascular surface at time 0 is now calculated as:
[image: image]
If KSo is a constant, then the last equality of Eq. 11 shows that Pmic is a surface average of the blood pressure in the microcirculation. The integration of the beginning pressure P shown in Figure 2A yields 19.2 mmHg as the value of Pmic. It is noted that Pb is used in Eq. 11 to show that P-Pb is the net pressure driving the fluid flux Jf. The presence of Pb in Eq. 11 has no effect on the determination of Pmic. With Pmic so determined, we plot the line P = Pmic as the dotted line in Figure 2A. The intercept between the dotted line and solid line as pointed by an arrow in Figure 2A corresponds to an S of 0.22, a location that is slightly downstream of the entrances of capillaries. We choose Pb as 17.2 mmHg so that there is a net driving pressure of 2 mmHg to produce the filtration flux before the initiation of HD (Patients with anemic hematocrit and a body weight of 54 Kg has the KS product as 0.85 ml/min/mmHg. This 2-mmHg pressure is chosen such that the fluid flows through the interstitial corresponding to a lymphatic flow of 1.7 L/day (= 2 mmHg ∙ 0.85 ml/min/mmHg)). The line P = Pb is plotted as the broken line in Figure 2A. Then, the up arrows in Figure 2A originated from the broken line represent filtration for that portion of microcirculation, while the down arrows represent absorption.
We can add the resistances up to form a R-axis like the formation of the S-axis. Then, the plot of the blood pressure P against the R-axis will be a straight line with a negative slope. Let the total resistance be Rt. The intercept pointed at by the big arrow in Figure 2A has f Rt as its resistance with the resistance fraction f taking 0.9 as its value. This is to say that the Pmic can be calculated as:
[image: image]
The computation of the area over the part of blood pressure covered by the up arrows yields the filtration flux Qf as one driven by a pressure differential of 11.3 mmHg (i.e., the flux is 11.3 mmHg KSo), while the absorption flux Qa as one driven by −9.3 mmHg. The sum of the filtration and absorption flux is the net flux which is driven by 2 mmHg.
By the end of HD, the arterial blood pressure drops by about 20 mmHg while the venous blood pressure by 3 mmHg (LaForte et al., 1994; Minutolo et al., 2003). We then guess a cardiac output, set the venous pressure at –3 mmHg, and use the resistances listed in Table 1 to calculate the pressure distribution such that the calculated arterial blood pressure will now be 120 mmHg. The distribution of P′ so calculated is shown as the solid line in Figure 2B. The microvascular blood pressure Pmic’ now takes 14 mmHg as its value. It is located at an S′ of 0.215 and its correspondent resistance fraction f’ takes 0.88 as its value. Because these S′ and f’ closely approximate the S and f derived from the blood pressure before the HD, we use the following formula to determine the change in microvascular blood pressure ΔPmic:
[image: image]
In the CHRE of LaForte et al. (1994), they found that the drops in arterial and venous blood pressure are linearly related to the reduction in blood volume. The substitution of the linear relations to Eq. 13 yields Eq. 6 given earlier. The value of ζ is calculated as 36.7 mmHg for conscious rabbits and 23.7 mmHg for anesthetized rabbits. Because of the dependence on the consciousness of the rabbits, we term ζ as an autonomous constant.
In the following three paragraphs, we describe how ΔVr, Cr, and γ are related to the transvascular fluid and protein movement and what value should be used as γ. For patients with normal hematocrit, the HD induces the COP to increase by 16 mmHg (= Δπp). The new base pressure Pb’ (= Pt + πp’ - πt = Pb + Δπp) is now set as 33.2 mmHg (= 17.2 mmHg +16 mmHg). The line P’ = Pmic’ and P’ = Pb’ are plotted as the dotted and broken line in Figure 2B, respectively. As one sees the filtration arrows in Figure 2B are shorter than those depicted in Figure 2A, while the absorption arrows in Figure 2B are longer than those in Figure 2A. The pressure producing the filtration flux Qf’, absorption flux Qa’, and net flux (= Qf’–Qa’) are driven by these pressure differences 6.0, −25.2, and −19.2 mmHg, respectively.
On the arterial side of the microcirculation, the fluid in the vascular side is being filtrated at the rate Qf(t) from the circulation to the tissue. Let the protein concentration of the filtrated fluid be Cr,f. The semi-permeability of the endothelial lining may only allow a fraction of the protein in the plasma to filtrate to the tissue, i.e. Cr,f will be smaller than Cp. On the venous side, the fluid in the tissue is being absorbed to the circulation at a rate of Qa. Let the protein concentration of the interstitial fluid be Ct and that of the absorbed or restituted fluid be Cr,a which is a fraction of Ct. The integration of these fluid and protein fluxes over the HD time yields the following two integrals:
[image: image]
[image: image]
The permeability fraction: γ is the integral in Eq. 15 divided by ΔVr Cp. Beyond the formula given by Yuan and Rigor (2011) on transvascular protein movement, more information on the quantities within the two integrals in Eqs 14, 15 are required for calculating the value of γ.
As an alternative, we used in our previous analysis the following reasoning to deduce 0.09 as the value for γ. First, we set over the pre-HD time, the protein concentration of the filtration to the tissue Cr,f in this form γ1/2 Cp. As the interstitial fluid space is being flushed by this fluid for a long time, the protein concentration of the interstitial fluid Ct can take Cr,f as its value. Over the course of HD, the endothelia may allow a similar fraction of protein to be restituted back to the circulation. Thus, we take the protein concentration of the restituted fluid as γ 1/2 Ct which is also γCp. On their study of the composition of interstitial fluid, Fogh-Andersen et al. (1995) reported that the PPC of their subjects in supine position is 6.86 g/dl and the protein concentration of interstitial fluid is 2.06 g/dl. These two protein concentrations lead us to set the value of γ 1/2 as 0.3 (≈2.06/6.86). This selection is equivalent to set γ as 0.09. As a sensitivity check, some computations on ΔVp/Vp are made later on with 0.4 as the value of γ.
Dynamics of transvascular fluid and protein movement. The time courses of the restitution volume Vr(t) for the HD with low, medium, and high KSo are depicted as the solid, broken, and dotted line, respectively, in Figure 3A. As one can see that the initial rise in restitution volume is much higher for patients with higher KSo. Over the later time, the rate of increase in Vr becomes comparable for the three HDs. Because of their difference over the early stage of HD, more fluid is restituted from the tissue for patients with higher KSo.
[image: Figure 3]FIGURE 3 | (A) Temporal changes in fluid restitution volume Vr(t) over the course of HD. The patients taking the HD have low, medium, and high filtration coefficient KSo. The plasma volume of the patient is set at 2,785 ml, and the HD is performed with the relative extraction ΔVe/Vp as 77.8%. (B) Temporal changes in plasma volume induced by HD.
The subtraction of the extraction from the restitution is the reduction in plasma volume. Its time courses for the three HDs are depicted in Figure 3B. As the HD is initiated, the plasma volume is in a decreasing trend. Around the time of 24, 114, and 210 min, the plasma volume of the high, medium, and low KSo HD turns to an increasing trend, respectively. An increasing trend means that the rate of fluid restitution at that time is higher than the extraction rate. The decrease in Vp at the end of HD is larger for patients with lower KSo.
The changes in plasma COP, microvascular blood pressure, and the rate of fluid restitution are shown in Figures 4A–C. The results on COP indicate that the PPC is in a monotonic increasing trend over the course of HD. The end COP is the largest for patients with the lowest KSo. The rate of restitution is shown to rise as the time progresses and then approaches asymptotically to about 9.3 ml/min which is slightly higher than the extraction rate of 9.03 ml/min.
[image: Figure 4]FIGURE 4 | (A) Temporal increases on the plasma COP for patients with low, medium, and high filtration coefficient KSo. The HD is performed with the relative extraction ΔVe/Vp as 77.8%. (B) Temporal decreases in microvascular blood pressure. (C) Temporal changes of the rate of restitution.
The calculations presented in Figures 3, 4 are made with the same initial conditions of Vp, Vb, and Cp, the same modeling constant γ, ζ and the same HD parameters ΔVe and ΔT. The differences among the three HDs shown in Figures 3, 4 are the result that the filtration coefficient set for HD is different. However, there is one exception on the rate of restitution near the end of dialysis. At that time, the rates of the three HDs are about the same. Eq. 9b is made up of ΔVe/Vp, which describes how the extraction is to increase the PPC, and a term proportional to ΔVr(t)/Vp, which describes how the restitution is to dilute the PPC. Initially the increase in restitution volume is small and the restitution dilution is low. The high initial increment in PPC (ΔCp(t)/Cp’(t)) leads to a rapid increase in πp(t), Vr(t), and restitution dilution. Then, the increase in restitution dilution as indicated by Eq. 9b will slow down the rise in PPC. As the rate of restitution rises to the rate extraction, the PPC will increase no more. The plateauing of the restitution rate to the extraction rate, as shown in Figure 4C, is a condition projected by Eqs 5, 9b.
We can calculate the total driving pressure and the pressure fraction, ΔPmic(t)/[(Δπp(t)-ΔPmic(t)]. At 1 h, the fractions of low, medium, and high KSo HD take these percentages 31, 32, and 23.6%, respectively. The correspondent values at the end of HD are 23.9%, 22.6%, and -28.9%. These percentages indicate that the reduction in microvascular blood pressure contributes about 30% of the driving pressure to restitute the fluid from the tissue.
For these three HDs, the filtration coefficient is the only variable being changed. The computation results indicate that KSo and ΔVp/Vp, as shown in Figure 5, have a one-to-one relation with the PPC increment ΔCp/Cp’. The data points in Figure 5A, computed from Eqs 8, 9b, can be matched by a straight line with a slope of 1.09 and a correlation coefficient (R2) of 0.9996. If 0.4 is set as γ, the relation between ΔCp/Cp’ and ΔVp/Vp is slightly curvilinear. The slope of the straight line fit is 1.47 and the R2 is 0.994. For a HD, ΔCp/Cp’ can be measured readily. If the HD is done with a ΔVe and ΔT similar to those used to derive the results shown in Figure 5, then the relations depicted in Figure 5A can be used to provide the first estimate of KSo and ΔVp/Vp.
[image: Figure 5]FIGURE 5 | (A) One-to-one relation between KSo and the PPC increment ΔCp/Cp’. (B) One-to-one relation between the relative change in plasma volume ΔVp/Vp and the PPC increment.
The time course of the plasma volume, PPC, and the restitution rate of N78% and MA18%20 HD is depicted in Figure 6. The HD with patients of normal hematocrit has ΔVe/Vp as 77.8%, and ΔT as 240 min. The ΔVe/Vp of the MA18%20 HD is 18.4%, and its ΔT as 20 min. The filtration coefficients used in the computations are 0.43 and 5.88 ml/min/mmHg, respectively. Their rate of extraction ΔVe/ΔT is 9.0 and 36.5 ml/min. To put these results for comparison, we normalize the time scale t of the figure by ΔT, the plasma volume change by ΔVe, and the rate of restitution by ΔVe/ΔT. A comparison of these results with those shown in Figure 3 indicates that a change in ΔVe and ΔT can significantly change the time courses of Vp(t) and dVr(t)/dt.
[image: Figure 6]FIGURE 6 | (A) Temporal changes in plasma volume of N78% HD carried out in patients with normal hematocrit (solid line) and that MA18%20 HD carried out in patients with more anemic hematocrit (dotted line). (B) Temporal changes in plasma COP πp(t) of the two HDs. (C) Temporal changes in the normalized rate of restitution dVr(t)/dt.
Multiple circulation system. Gibson et al. (1946) obtain tissue samples cleared of visible blood vessels and used the tagged RBC and plasma protein methodology to measure the blood volume of minute vessels in eight organs and the hematocrit of blood in minute vessels. The organ weight, total microvascular blood volume, and total blood volume of the eight organs are given in Table 2 The distribution of microcirculation volume Vmic,n and the ratio of the microvascular hematocrit Hmic,n to Ha of the eight organs are listed in the 6th column of Table 2. In reference to the weight of the nth organ (OWn), Vmic,n/OWn for these eight organs is in the range of 0.016–0.77 ml/g. We also calculate the normalized total blood volume of the nth organ (Vb,n)/OWn to highlight that the organ blood volume count is distributed over a wide range of 0.11–0.77 ml/g. The microvascular hematocrit of the spleen is 2.07 times of the arterial hematocrit. The other seven organs have a microvascular hematocrit in the range of 0.22–0.78 times of Ha. The volume weighted microvascular hematocrit for the seven organs (no spleen) is 0.47 Ha.
TABLE 2 | Organ weights, volumes of minute vessels, microvascular hematocrit, and the organ KSn product of a normal doga.
[image: Table 2]Measured by the isogravimetric technique, the KSn/OWn of the liver (Bennett and Rothe 1981), lung lobe (Lee et al., 1996), and hindlimb (identified as the muscle, Michel 1984) are listed in the 8th column of Table 2. In view of the alveolar structure of the lung and the dense vasculature of the liver, the endothelial surface area of the lungs per unit lung weight (Sn/OWn) may be the largest of the three organs and that of the muscle is the smallest. The value of KSn/Own and KSn are listed in the last two columns of Table 2.
The circulatory system is consisted of the vascular trees of various organs. From the perspective of the circulatory system, these trees can be viewed as multiple circulations arranged in parallel. Let the filtration coefficient of the nth circulation be KSn and its plasma volume be Vp,n. Then, we set the filtration coefficient KSo and the total plasma volume Vp of the circulatory system at:
[image: image]
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For the given ΔVe and Cp, we can use the values of KSo and Vp so determined to calculate Cp’, ΔCp/Cp’, ΔVr, ΔVp, ΔPmic, and Δπp .
Let us define the KS fraction λn of the nth circulation as:
[image: image]
and assign λn ΔVe as the extraction imposed to the nth circulation, λnVp as its plasma volume, and λnVb as its blood volume. λn ΔVr will be set at the fluid volume restituted from the nth circulation. The substitution of these parameters into Eqs 5–10 will reveal that all λn values are canceled out, and the five equations remain in the same forms. Remaining in the same form means that the values of Cp’, ΔCp/Cp’, ΔPmic, and Δπp calculated for the nth circulation will be identical to those derived for the multiple circulation system. This identity justifies the use of Eq. 16a to derive the KSo of the entire circulatory system. The limited data on KSn shown in Table 2 suggest that a significant fraction of the fluid restituted from the tissue through HD would be derived from the liver.
The plasma volume Vp,n set for the nth organ with the λn in Eq. 17 may not be the true plasma volume of that organ. Thus, the PPC of the plasma coming out from the nth organ will be different from the one calculated for the multiple system. As the plasma is being mixed in the heart chambers, the mixed final PPC becomes the one predicted by the FCA for the multiple system.
The FCA of PPC increment induced by the HD of more anemic patients indicates that the value of KSo/BW is 0.11 ml/(min mmHg kg). If we apply this value to a dog of 11.9 Kg, then its KSo will be 1.33 ml/(min mmHg), which is smaller than the sum of the three values given in the last column of Table. 2.
Microvessel hematocrit, whole body hematocrit, and Fcell ratio. In FCA, the circulation (not including the splenic microcirculation) is divided into a microcirculation and a macrocirculation compartment. Their blood volumes are designated as Vmic and Vmac. The hematocrit of the blood in these two compartments are Hmic and Ha. We use the fractional numbers α and β to describe the following relations:
[image: image]
The whole blood hematocrit Hw, the total RBC volume of the two compartments divided by the blood volume, and the Fcell ratio (=Hw/Ha) of the two compartment circulation can be calculated as:
[image: image]
[image: image]
Eq. 19a indicates that Hw is a volume weighted average hematocrit of the two compartments. We can form a full circulation by adding the pulmonary circulation and the four heart chambers to the central circulation shown in Table 1. The sum of the microvessel blood volumes in this full circulation yields a value of β close to 0.326. The volume weighted hematocrit of the full circulation yields a value of α close to 0.54. The selection of 0.326 and 0.54 will make the Fcell defined in Eq. 19b to take 0.85 as its value. If we set the volume of splenic microcirculation that contains high hematocrit blood as 4.2% of Vb and its hematocrit as 2.07 Ha, the Fcell for the micro- and macrocirculation and the splenic microcirculation will be increased to 0.90.
For comparison, Dasselaar et al. (2007) reported that the Fcell ratio measured for their HD patients is 0.896 ± 0.036. In their article, Chien and Gregersen (1962) point out that Fcell of subjects is 0.9 and that of subjects with no spleen is 0.85.
The initial value of β is 0.326. As the time progresses, the microvascular blood volume and the blood volume will be decreased by the HD. As calculated for N78% HD, the value of β derived from the FCA is reduced to 0.273 and the Fcell ratio is increased to 0.874. For calculations, we assume that the fractional constant α is not altered by the change in microvascular blood volume.
Factors changing the arterial hematocrit. A change in plasma volume ΔVp, a change in microvascular blood volume ΔVmic, and a shift of the concentrated RBC from the spleen ΔVrbc to the circulation lead to the following change in the arterial hematocrit of blood circulating through the macrocirculation:
[image: image]
This equation is derived from the conservation of RBC in the macrocirculation compartment and is termed as the hematocrit equation.
The results of CHRE indicate that the reduction in microcirculation blood volume due to hemorrhage is linearly related to the reduction in blood volume by the following equation:
[image: image]
The constant η takes 0.65 as its value (LaForte et al., 1994). In view of the large volume distributions in the small veins (Table 1), most of the ΔVmic could be originated from the volume reduction of small veins (the 10th generation).
In our previous analysis on the data of A72% and Ma18%20, if ΔVrbc is set as zero, the FCA projects that the microcirculation would be dilated by 3.3%Vb and 2.5%Vb, respectively. The arterioles are the only microvessel generation that could be induced by HD to dilate. As shown in Table 1, the arterioles contain only 1.2% of the blood volume. The large dilatation percentages estimated for ΔVmic/Vb indicate that the spleen is activated by the HD to release the concentrated RBC at these volumes (ΔVrbc*): 0.03%Vb (N78%), 1.09%Vb (A78%), and 0.91%Vb (MA18%). These percentages are derived with η set as 0.65. If we decrease η to 0.4 (i.e., the microcirculation is more rigid), the FCA projects that the spleen of patients of normal hematocrit is induced by N78% HD to retain 0.74%Vb of the concentrated RBC from the general circulation. The reduction in total radioactivity of the tagged RBC in the spleen found by Yu et al. suggests that the spleen is not likely to be activated by the HD to retain RBC from the central circulation.
To illustrate how splenic RBC release and microvascular volume reduction change arterial hematocrit over the course of HD, we set ΔVp/Vp as the one derived from Eq. 7, ΔVmic as the one derived from Eq. 21 with η set at 0.65, and ΔVrbc(t) computed from the following linear function of t:
[image: image]
The arterial hematocrit Ha(t) is calculated first with ΔVp only (the dotted line), then ΔVp and ΔVmic (the broken line), and finally with ΔVp, ΔVmic, and ΔVrbc (the solid line). The hematocrit changes for N78%, A72%, and MA18%20 HD are presented in Figures 7A–C respectively. It is noted that the end point of the solid line corresponds to the hematocrit Ha’ measured in the experiments. The results shown in the figure indicate that the reduction in the microvascular blood volume will reduce the hematocrit from that induced by the plasma volume change. In the opposite direction and as expected, splenic RBC releases will lead to an increase in the arterial hematocrit.
[image: Figure 7]FIGURE 7 | (A) Temporal changes in the arterial hematocrit increment Ha(t)-Ha (0)/Ha(t) for the N78% HD. The dotted, broken, and solid lines show the increment induced only by ΔVp, ΔVp, and ΔVmic, and all three ΔVp, ΔVmic, and ΔVrbc, respectively. (B) Temporal changes in the arterial hematocrit increment for A72% HD. (C) Temporal changes in the arterial hematocrit increment for MA18%20 HD.
If HD does not induce the spleen to release its highly concentrated blood to the circulation (i.e. ΔVrbc = 0) and the microcirculation is rigid so that ΔVmic = 0, then Eq. 20 is simplified to the following form:
[image: image]
If we set Fcell at unity and replace ΔVp by ΔVb (Eq. 8), then Eq. 23 is further simplified to VBHE, which is widely used to determine the relative change in the blood volume (RCBV and ΔVb/Vb) induced by HD. For the N78%, A72%, and MA18%20 HD, the VBHE projects that the patients would have RCBV as -11.7%, -10.2%, and -7.9%, respectively. The correspondent changes derived from the previous FCA are -14.5%, -8.3%, and -5.6%.
The RCBV measured by a tagging technology is assessed as −17.3% and that calculated by VBHE is −8.2% (Dasselaar et al., 2007). They conclude that the VBHE underestimates RCBV for patients with normal hematocrit and overestimates for patients with anemic hematocrit. The hematocrit of their patients is about 40% which is slightly below the normal hematocrit (42.4%) referred in thisarticle. Their conclusion is compatible to our finding that the RCBV derived from the VBHE for patients with normal hematocrit is smaller than the RCBV derived from the FCA.
Reduction in macrovascular blood volume. Since the sum of macro- and microvascular blood volume is the total blood volume, we have the change in macrovascular blood volume as:
[image: image]
In view of the large volume fractions of the venous macrocirculation (Table 1), most of the ΔVmac could be originated from the venous macrocirculation. For N78%, A72%, and MA18% HD, the FCA projects the macrovascular volume reduction values (ΔVmac/Vb) are −4.9%, −2.9%, and −2.0, respectively.
The venous macrocirculation has been regarded as a volume reservoir that can be used to improve venous return and cardiac filling. Because the right atrium resides downstream of the venous macrocirculation, it is likely that the macrovascular blood volume reduction derived from the FCA can be used as an index in characterizing whether the cardiac filling is being reduced by the HD.
Comparisons with other experimentations and analyses. LaForte et al. (1994) carried out their hemorrhage (5, 10, and 15% of the blood volume) in 2 min and then reinfusion in the next 2 minutes. Over this short period, the volume of the fluid restituted from the tissue will be much smaller than that of HD performed over 4 h. Similar changes in the hematocrit are also found for rabbits with their spleen removed (LaForte et al., 1992). Thus, the hematocrit decreases over the 2-min hemorrhage is generated mostly by a reduction in the microvascular volume. For 10% hemorrhage experiments, they found that the PPC is reduced by 0.027 ± 0.008 g/dl and the hematocrit by 1.20 ± 0.04%. The correspondent PPC increment ΔCp/Cp’ is 0.5%, and the hematocrit increment ΔHa/Ha’ is 3.6%. The analysis of the protein and hematocrit data yields these estimations:
(i) The splenic RBC release is minimally induced by CHRE, and the rabbit’s microcirculation functions like a passive elastic system.
(ii) The hemorrhage volume of 7% is derived from the fluid being restituted from the tissue over 2 min, 60% from the reduction in microvascular blood volume (= ΔVmic), and 33% from the reduction in macrocirculation blood volume (= ΔVmac),
(iii) The filtration coefficient of rabbit as projected by FCA is 0.21 ml/(min mmHg kg). The correspondent estimate derived from FCA of three HDs has the filtration coefficient in the range of 0.008–0.085 ml/(min mmHg kg).
(iv) If the VBHE is used to compute ΔVb and Eq. 7 to calculate ΔVr, then the calculation by Eq. 5 will yield 1.08 ml/(min mmHg kg) as the filtration coefficient of the rabbit, which is almost 5 times larger than the one estimated by the FCA.
For the HDs analyzed here, the dialysis is done over a long period of time, the fluid volume restituted from the tissue can be significantly larger than that generated from the CHRE of rabbits. As a result, the PPC and hematocrit increments found for the three HDs analyzed here have comparable values. The difference between these two increments indicates that the HD does induce significant change in microvascular blood volume and cause the spleen to release RBC to the circulation.
On the MA18%20 HD, Schneditz et al. (1992) used a protein analysis to derive the RCBV. Then the matching of the RCBV with that derived from the hematocrit data leads to a projection that the filtration coefficient of the more anemic patients is 5.6 ml/(min mmHg 50 Kg). This is equivalent to set the value of KSo as 7.74 ml/min/mmHg (= 69.1 Kg (BW) Χ 5.6 ml/(min mmHg 50 Kg)). In our FCA, we match the projected Cp’ with the measured one and deduced KSo as 5.9 ml/min/mmHg. The difference in data matching (hematocrit vs PPC) may be the reason that the estimate of Schneditz et al. (1992) on KSo is different from our estimate.
3 CONCLUDING REMARKS
In this article, we use the FCA to determine from the protein data of the three HD studies, namely, the restitution volume, the change in plasma volume, and the filtration coefficient of patients with normal, anemic, and more anemic hematocrit. To further verify FCA and the modeling of the circulation, we recommend that the following experiments be performed:
(i) The making of hourly PPC measurements over the course of HD. The measurements will verify whether the FCA projected the temporal changes in PPC correctly.
(ii) A total of two HDs with two different relative extractions (i.e., at two ΔVe/Vp) deriving the filtration coefficients from the protein data of these two HDs should have the same value. In cases that they do not, a different guess on the filtration coefficient and permeability fraction may lead FCA to generate results that can match the two measured PPC increments.
(iii) The performance of the tagged protein and RBC experiments of Dasselaar et al. (2007) and the use of their procedure projected the reduction in plasma volume. With the PPC also measured in these experiments, then we can examine whether the reduction in plasma volume projected by FCA matches that by the tagging technology.
(iv) The performance of the CHRE for the determination of η so that Eq. 20 can be used to determine the splenic RBC release.
(v) Yu et al. (1997) found that the splanchnic radioactivity decreases to 90% of the baseline value after 2 h of the accelerated fluid removal during dialysis. The volume reduction of the splanchnic macrocirculation can cause a decrease in radioactivity. If this radioactive technology can be shown to measure the splenic RBC release, then we have an independent way to verify the splenic RBC release projected by FCA.
The analysis of HD data with patients grouped according to their hematocrits leads to the recognition that patients having higher hematocrits are to have a smaller filtration coefficient and the suggestion that the filtration coefficient is a facilitator to generate more fluid restitution. As a result, we have a better compensation to the fluid extraction by the dialyzer and a lesser reduction in plasma volume for patients with lower hematocrit. It will be of interest to group patients according to their frequency of having intradialytic hypotension and/or their blood pressure variability (Flythe and Brunelli 2014) so that we can better understand what other factors can also be a limiting factor on having more fluid restitution. Through these experiments and data comparison, a better understanding of the factors inducing hypovolemia for patients taking HD can be the basis for one to modify the HD process such that the development of hypovolemia can be avoided over the course of HD.
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4 APPENDIX: EQUATIONS AND COMPUTATION PROCEDURE
The entire HD period is divided into M segments. For each segment [i∙dt to (i + 1)dt], the volume of fluid extracted by the dialyzer is dVe (= ΔVe/M). The initial value Cp(0), Vp(0), and Vb(0) are correspondent to the one set for Cp, Vp, and Vb in Eqs 3–5. In addition, we also have Vr (0) as zero. To start the calculations, we will set a value as KSo. Then, we guess the PPC increment for the ith segment as dCp. The values of various variables are computed by the following equations:
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The value of dCp is changed until the value of KS1 takes the value of KSo. Then, similar computations are performed for the next segment. The value of Cp(M), Vr(M), and Vp(M)-Vp(0) is taken as Cp’, ΔVr, and ΔVp, respectively. The value of k in Eq. 4 is computed as
[image: image]
Experimentally, the value of Cp’ is reported. Then, we can use Figure 5 to set a likely value for KSo. Iterations will be performed until the resulting Cp’ takes the experimentally measured value. The final value found for KSi is taken as KSo of that patient.
GLOSSARY
(t) Quantity without ’ is that at beginning time 0 and with ’ that at the end time ΔT. For temporal calculations, (t) is added to the quantity.
BW Body weight in kg.
CHRE Cyclic hemorrhage and reinfusion experiment.
COP Colloidal osmotic pressure.
Cr The protein concentration in fluid restituted from the tissue to the circulation, Eqs 9, 10.
FCA Full circulation analysis. The full circulation is represented by a macrocirculation, a microcirculation, and a splenic microcirculation.
Fcell The ratio of the whole body hematocrit to the arterial hematocrit, Eq. 19b.
HD Hemodialysis.
Hw Whole body hematocrit, Eq.19a.
k Constant in Eq. 5 and Eq. A8.
KSo Filtration coefficient with So representing the surface available for filtration
Pa Arterial blood pressure.
Pb Base pressure which is πp–πt–Pt. See Eq. 11.
Pmic Microvascular blood pressure. See Eqs. 2, 11, 12.
PPC Plasma protein concentration.
Pv Venous blood pressure.
RBC Red blood cell.
RCBV Relative change in blood volume.
Rn Flow resistance of the nth generation
S-axis Summation of the surface areas upstream of the point in the vasculature divided by So.
Vb Blood volume which is the sum of Vmac and Vmic.
VBHE van Beaumont hematocrit equation, Eq. 23 with Fcell set at 1.
Vmac Macrocirculation volume = (1-β) Vb.
Vmic Microcirculation volume = β Vb.
Vp Plasma volume = (1-Hw) Vb.
Vr Restitution volume.
α = Hmic/Ha.
β = Vmic/Vb. The value of β can change over the course of HD.
γ Permeability fraction, Eq. 10. γCp is taken as the protein concentration Cr in the fluid being restituted from the tissue to the circulation.
ΔPmic Change in microvascular blood pressure = Pmic’-Pmic. Eqs 5, 6.
ΔT HD time.
ΔVe Extraction volume or volume of ultrafiltrate being extracted by the dialyzer.
ΔVp Change in plasma volume = Vp’-Vp.
ΔVr Restitution volume or the total volume of the fluid restituted from the tissue.
Δπp Change in plasma COP = πp’-πp. Eq. 5.
ζ Autonomous constant which defines how the autonomous control changes the relation between ΔPmic and ΔVb. Eq. 6
η Fraction constant relating the change in microvascular blood volume to the change in total blood volume, See Eq. 21.
λn = KSn/KSo, where KSn is the filtration coefficient of the nth organ and KSo is that of the microcirculation. Eq. 17.
πp Plasma COP.
πt Tissue COP.
σ Reflection coefficient, Eq. 2.
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Liver %9
Lungs 252
Kidneys 58
Heart 83
Bowel 350
Muscle 3540
Brain 62

Vmic,n, mL
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37.1
209
47
5.6
14.4
57.1
20

Vmic,n/OWn mL/g

0.510
0.375
0.119
0.081
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0.041
0.016
0.082

Vb,n, mL
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76.2
66.2
257
e ]
383
130.4
6.6

Hmic,n/Ha

207
0.31
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021
0.52
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0.45
021

KSn/OWn

0.80
4.55

0.14

1.15
0.15

0.50

"The data in the 2nd to 6th column are derived from Table 1 of Gibson et al. (1946). OWn standss for organ weight. The total blood volume Vb of the dog is 1,150 mi, and the dog weighs

11.9 kg. The units of KSn/OWh and KSn ane mi/imin mmHg kg) and ml/min/immig, respectively.
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7 Capillaries
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9 Venules

10 Small veins

1 Main venule
branches

12 Large veins

13 Vena cava
Total

Number
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3
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0.0037
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0.037
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6
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Length
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0.2
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0.1
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200
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Surface
area
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0.01
0.08
0.19

0.03
8.36
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4.18
26.60
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31.62
0.45

0.15
0.02
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S-axis
(%)

0.00
0.01
0.10

0.32

035
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5412
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Volume
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39.7
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2925
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Hty/
Ha
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0.46

0.48
0.59

28
4.3
11.5
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325
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0.4

0.0
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0.3
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"By including the blood volume in the lungs and heart chambers, the total blood volume is 1376 ml. The cardliac output generating the pre-HD pressure is 1.376 L/min. The unit of

resistance R, is mmHg/(L/min).
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Simulation parameter

Thermodynamic state

Oxygen diffusivity (m?/s)

Density (kg/m°)

Dynamic viscosity (kg/m.s)

Reaction rate (™)

Reynolds number

Inlet oxygen concentration (kg/m°)

Vasa vasorum oxygen concentration (kg/m°)

Blood

Incompressile flid
1.6 x 107 Rappitsch and Perktold, (1996)
1,060

00035

1,100 Ku, (1997)
5.12 x 107 Vorp et al. (1998)
2.06 x 10" Kemmerling and Peattie, (2018)

Aneurysmal wall

Impermeable solid
1.08 x 107° Moore and Ethier, (1997)
1,000

8.4 x 107 Caputo et al. (2013)

T

Impermeable solid
1.34 x 107 Sun et al. (2009)
1,000
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Moderate-sized AAA bulge diameter (cm)

Large-sized AAA bulge diameter (cm)

Value

1 Hirsch, (2006)

24 Scoti et al. (2005)

01

4.2 Bhagavan et al. (2018)

5 Zhu et al. (2020)

7 Vorp et al. (1998); Cnotliwy, (2010)

Geometric parameter

Short ILT length (cm)
Medium ILT length (cm)
Long ILT length (cm)

Thin ILT thickness (cm)
Medium ILT thickness (cm)
Thick ILT thickness (cm)

Value

4
6 Wolf et al. (1994)

8

0.4 Vorp et al. (2001)
0.8 Wang et al. (2001)
1 Zhu et al. (2020)





OPS/images/fbioe-10-814995/math_2.gif
V.U;=0 inf2,





OPS/images/fbioe-10-814995/fbioe-10-814995-g011.gif





OPS/images/fbioe-10-814995/math_1.gif
p(Us.VUy) =V.oy infdy

(1)





OPS/images/fbioe-10-814995/fbioe-10-814995-g010.gif
S :

==
R

o :

R 1111111






OPS/images/fbioe-10-814995/inline_99.gif





OPS/images/fbioe-10-814995/fbioe-10-814995-g009.gif
08cm

04cm

s






OPS/images/fbioe-10-814995/inline_98.gif
A3





OPS/images/fbioe-10-814995/fbioe-10-814995-g008.gif
osem

odem

&






OPS/images/fbioe-10-814995/inline_97.gif





OPS/images/fbioe-10-814995/fbioe-10-814995-g007.gif





OPS/images/fbioe-10-814995/inline_96.gif





OPS/images/fbioe-10-814995/fbioe-10-814995-g006.gif
ETTI
uuuuuuu






OPS/images/fbioe-10-814995/inline_95.gif





OPS/images/fbioe-10-814995/inline_94.gif
A





OPS/images/fbioe-10-814995/fbioe-10-814995-g005.gif





OPS/images/fbioe-10-814995/fbioe-10-814995-g004.gif





OPS/images/fbioe-10-814995/inline_93.gif





OPS/images/fbioe-10-814995/fbioe-10-814995-g003.gif





OPS/images/fbioe-10-814995/inline_92.gif





OPS/images/fbioe-10-814995/fbioe-10-814995-g002.gif





OPS/images/fbioe-10-814995/inline_91.gif





OPS/images/fbioe-10-814995/fbioe-10-814995-g001.gif





OPS/images/fbioe-10-814995/inline_90.gif
A





OPS/images/fbioe-10-814995/crossmark.jpg
©

|





OPS/images/fbioe-10-814995/inline_9.gif
U s





OPS/images/fbioe-10-836611/math_8.gif
w)

®





OPS/images/fbioe-10-814995/inline_89.gif
A





OPS/images/fbioe-10-836611/math_7.gif
:ngz(

) ;)
ox, " ox,

%) av





OPS/images/fbioe-10-814995/inline_88.gif
A





OPS/images/fbioe-10-836611/math_6.gif
TKE






OPS/images/fbioe-10-814995/inline_87.gif
A





OPS/images/fbioe-10-836611/math_5.gif
osI =

1, <WsS)dt|
T 1wssyldt

)

©





OPS/images/fbioe-10-814995/inline_86.gif





OPS/images/fbioe-10-814995/inline_85.gif
A





OPS/images/fbioe-09-774954/inline_3.gif





OPS/images/fbioe-09-774954/inline_4.gif





OPS/images/fbioe-09-774954/inline_5.gif
Re = puD/u

PQD/uA





OPS/images/fbioe-09-774954/inline_1.gif





OPS/images/fbioe-09-774954/inline_10.gif
(0 > 05 > 03)





OPS/images/fbioe-09-774954/inline_11.gif





OPS/images/fbioe-09-774954/inline_2.gif
D/2+\/p2nflu






OPS/images/fbioe-09-774954/fbioe-09-774954-t001.jpg
Case Age Sex Height

(years) (F/M) (cm)

Normal 1 51 M 169.8
2 69 F 161.3

3 62 F 151.7

4 31 M 175.7

5 52 M 1751

6 67 £ 151.6

7 36 F 165.8

8 51 F 154.4

9 72 M 1702

10 56 F 160.0

1 49 M 1771

12 76 F 143.9

Patient 1 64 M 169.4

BSA, body surface area; LV, left ventricle; EDV, end-diastolic volume: ESV, end-systolic volume: LVEF, left ventricular ejection fraction: LA, left atrium.

Weight
(kg)

60.6
61.8
85.7
747
705
61.2
51.4
456
67.2
60.0
84.2
435
742

BSA
(m?)

17
1.65
151

19
1.85
157
1.56
141
1.78
1.62
2.02
1.31
1.85

LV EDV
(mL)

76
70
74
13
169
102
68
76
106
102
133
68
130

LV ESV
(mL)

26
31
25
Al
65
34
22
29
42
35
48
27
46

LVEF
(%)

8323338282383

LA
diameter
(mm)

31
36
31
29
36
35
28
26
40
36
39
28
37

Aorta
(mm)

39
27
21
33
31
30
29
27
33
30
39
32
37
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Venc
(cm/s)

350
300
250
200
150
100

TKE, turbulent kinetic energy; MPTSS, maximum principal turbulence shear stress; TP, turbulence production; nw, near-wall,

Total TKE (mJ) Average MPTSS (Pa) Total TP (mW) nwWTKE (J/m°) nwMPTSS (Pa) nWTP (kW/m®)
Mean Max Mean Max Mean Max Mean Max Mean Max Mean Max
12 5.3 64.7 89.8 177.6 5125 79 37.4 66.1 89.7 1.4 35
12 54 505 729 1548 450.0 75 356 517 722 12 31
14 5.4 387 59.1 128.7 a17.7 82 33.3 39.7 58.1 0.9 &7
13 54 284 480 106.9 3076 84 329 292 46.1 08 25
15 57 19.1 380 895 3872 95 355 19.1 349 06 23
16 59 12.8 207 732 3617 99 352 122 249 05 1.9
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Total TKE (mJ)

Whole AA DA Arch
Peak Systole 46(3.1,59) 33(2.1,49) 1.3 (09, 1.6) 0.5(0.2,0.7)
Diastole -0.2(-03, -0.1) -0.1(-0.2,0.0 -0.2 (0. 1) -0.1(-02,00

Average MPTSS (Pa)

Whole AA DA Arch
Peak Systole 71.3 (687, 79.8) 37.1(31.3, 50.1) 25.4(21.4,342) 6.4 (4.6,9.4)
Diastole 19.3 (16.1, 22.1) 106 (8.1, 13.6) 6.4 (55,83 19(1.6,22)
total TP (mW)
Whole AA DA Arch
Peak Systole 365.7 (263.8, 425.0) 227.6 (1732, 358.9) 104.4 (19.7, 49.7) 25.9 (19.7, 49.7)
Diastole 8.6 (6.6, 12.3 46(3.3,6.3 28(23,42) 1.1(0.7,12)

nWTKE (J/m)

Whole AA DA Arch
Peak Systole 44.1 (34.8,57.4) 69.0 (47.7,78.2) 36.1(28.1, 47.1) 29.2 (243, 40.3)
Diastole -2.0(-40,-1.4) -2.8 (4.7, -0.7) -43(-6.1, -26) -4.9(-139, -2.8)
nwMPTSS (Pa)
‘Whole AA DA Arch
Peak Systole 721 (612, 80.9) 80.4 (72.2, 94.4) 730 (64.8, 88.1) 51.2(38.4,69.2)
Diastole 19.2 (16.1, 22.0) 20.1 (180, 23.8) 16.4 (14.6, 18.8) 15.0 (137, 18.2)
nwTP (W/m®)
Whole AA DA Arch
Peak Systole 36208 (3,160.1, 4,627.6) 5,634.0 (4,175.9, 6,71.9) 31730 (2092.3, 3,788.3) 2,024.7 (1370.2, 3,128.6)
Diastole 93.4 (806, 127.0) 102.9 (856, 138.6) 857 (638, 103.7) 76.6 (616, 85.1)

TKE, turbulent kinetic energy; MPTSS, maximum principal turbulence shear stress; TP, turbulence production; nw, near-wal; A, ascending aorta; DA, descending aorta. Data are shown
as median (1st quartie, 3rd quartile).
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