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Abstract 1 

Given evidence that fully-developed axisymmetric flow may be the exception rather than the 2 

rule, even in nominally ‘straight’ arteries, maximum velocity (Vmax) may lie outside of the 3 

Doppler sample volume (SV). The link between Vmax and derived quantities such as volume flow 4 

(Q) may therefore be more complex than commonly thought. We performed idealised virtual 5 

Doppler ultrasound on data from image-based computational fluid dynamics (CFD) models of 6 

the normal human carotid artery and investigated how velocity profile skewing and choice of 7 

sample volume affected Vmax waveforms and derived Q variables, considering common 8 

assumptions about velocity profile shape (i.e. Poiseuille or Womersley). Severe velocity profile 9 

skewing caused substantial errors in Vmax waveforms when using a small, centered SV, although 10 

peak Vmax was reliably detected; errors with a long SV covering the vessel diameter were 11 

orientation dependent but lower overall. Cycle-averaged Q calculated from Vmax was within 12 

±15%, although substantial skewing and use of a small SV caused 10-25% underestimation. 13 

Peak Q derived from Womersley’s theory was generally accurate to within ±10%. Vmax 14 

pulsatility and resistance indexes differed from Q-based values, although Q-based resistance 15 

index could be reliably predicted. Skewing introduced significant error into Vmax-derived Q 16 

waveforms, particularly during mid-late systole. Our findings suggest that errors in the Vmax and 17 

Q waveforms related to velocity profile skewing and use of a small SV, or orientation-dependent 18 

errors for a long SV, may limit their use in wave analysis or for constructing characteristic or 19 

patient-specific flow boundary conditions for model studies.  20 

Keywords: Doppler ultrasound, volume flow calculation, pulsatility index, resistance index, 21 

waveform, computational fluid dynamics, peak systolic velocity 22 

23 
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Introduction 1 

Routinely-acquired maximum Doppler spectral velocity ( maxV ) is widely considered to be a 2 

surrogate measure of blood volume flow (Q) and its pulsatility, and hence indirectly, of vascular 3 

impedance. Although key sources of error in Doppler ultrasound (DUS) are well-established, 4 

such as intrinsic spectral broadening, non-uniform beam insonation and operator variability 5 

(Corriveau and Johnston 2004, Evans 1985, Gill 1985, Hoskins 2011, Steinman et al. 2001), the 6 

relationship between maxV  waveforms and actual Q waveforms per se has received less attention. 7 

Specifically, a fully-developed, axisymmetric velocity profile is often assumed in the 8 

interpretation of Doppler spectral data (Evans 1985, Hoskins 2011, Pantos et al. 2007). 9 

However, the presence of vessel curvature is likely to cause velocity profile skewing and thus 10 

introduce error when calculating volume flow variables (e.g. peak or cycle-averaged Q) based on 11 

classical theories derived for long straight tubes (i.e. Poiseuille or Womersley theory).  12 

Such errors have been quantified by in vitro studies of secondary flows in tubes with a planar 13 

bend of constant curvature, i.e. Dean flow (Balbis et al. 2005, Krams et al. 2005, Leguy et al. 14 

2009, Tortoli et al. 2003), but the applicability of these results in real vessels, which may contain 15 

local and compound curvatures, is unclear. In a magnetic resonance imaging study, Ponzini et al 16 

(2010) found that Womersley-based estimates of peak Q were acceptable, however the velocity 17 

profiles encountered, from 10 “healthy young volunteers”, were basically axisymmetric. By 18 

contrast, in a study of 45 older adults selected randomly from a community-based cohort, Ford et 19 

al (2008) observed skewing of cycle-averaged velocity profiles at the common carotid arteries in 20 

60% of cases, and reaching 80% during late systole. Manbachi et al (2011) later showed that the 21 

mild, compound curvatures of the nominally ‘straight’ cervical carotid artery were sufficient to 22 

prevent flow from developing to axisymmetric, or even Dean-type profiles. 23 
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While one might expect that volume flow variables estimated from Vmax would become 1 

progressively more inaccurate as the velocity profile becomes less axisymmetric, such a 2 

relationship has not yet been established. Coupled with this issue is the possibility that the Vmax 3 

waveform (along with derived Q variables) may be influenced by the acquisition technique 4 

employed, particularly with respect to the choice of sample volume. For example, a small sample 5 

volume is commonly placed in the center of the vessel (Brands et al. 1996, Irace et al. 2011), but 6 

for a heavily skewed velocity profile, maxV  may lie outside this sample volume. This could have 7 

important implications for Doppler-based haemodynamic analyses that depend on the shape of 8 

the flow-velocity waveform, e.g. non-invasive wave intensity analysis (Khir et al. 2001, Manisty 9 

et al. 2009, Zambanini et al. 2002) or calculation of flow augmentation index (Hirata et al. 2006, 10 

Ochi et al. 2010).  11 

In this study, we investigated the influence of velocity profile skewing and choice of sample 12 

volume on the Vmax waveform and Vmax-derived volume flow variables in realistic arterial 13 

geometries by performing an idealized virtual DUS on data from image-based computational 14 

models of the carotid artery. 15 

Methods 16 

Study Subjects and Image Acquisition 17 

Eighteen subjects (age range, 37-84 years; mean ± SD, 58 ± 15 years) with apparently healthy 18 

carotid arteries were selected from the Baltimore Longitudinal Study of Aging (Ferrucci 2008), a 19 

cohort representing ‘normal vascular aging’ in the VALIDATE study (Vascular Aging – The 20 

Link That Bridges Age To Atherosclerosis). The study was approved by institutional review 21 

boards and subjects provided written informed consent. Contrast-enhanced angiograms 22 

(CEMRA) and phase contrast (PC) MRI sequences were acquired at 3.0 Tesla field strength 23 
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using surface radiofrequency (RF) coils. Scan parameters have been reported by Manbachi et al 1 

(2011) and Hoi et al (2010). 2 

Computational Fluid Dynamics 3 

To construct model geometry, the right carotid bifurcation was segmented semi-automatically 4 

from CEMRA images using Level Set methods as implemented in the open-source Vascular 5 

Modelling ToolKit (www.vmtk.org). The common carotid artery (CCA) was segmented to its 6 

thoracic origin. In six cases there was insufficient contrast to accurately segment a portion of the 7 

thoracic CCA owing to RF coil intensity profile. In these cases, the point at which the segmented 8 

lumen surface was subjectively rough was first identified (Px). Below this point the centreline of 9 

the segmentation, being relatively immune to the surface roughness, was used as the path along 10 

which the vessel boundary was extruded from Px down to the CCA origin.  11 

CFD was performed with a validated in-house solver using quadratic tetrahedral meshes (Ethier 12 

et al. 2000, Minev and Ethier 1998). Boundary flows were obtained from the retrospectively-13 

gated cine PC images and prescribed at the CCA and internal carotid artery (ICA) boundaries 14 

using fully-developed pulsatile (i.e. Womersley) velocity profiles, having adjusted ICA flow by 15 

the factor CCA/(ICA+ECA) at each time point to ensure flow conservation. A traction-free 16 

boundary condition was used for the external carotid artery (ECA). Vessel walls were assumed 17 

to be rigid and blood viscosity was taken to be 0.035 cm2/s. 18 

Velocity Profile Extraction 19 

Two-dimensional axial velocity profiles in the CCA were extracted from CFD data at 3, 7 and 11 20 

maximally-inscribed sphere radii proximal to the bifurcation (Hoi et al. 2010), corresponding to 21 

1.2±0.2, 2.2±0.4 and 3.3±0.5 cm from the bifurcation apex respectively, in agreement with the 22 

range of 1-3 cm typically used in CCA DUS studies (Carallo et al. 1999, Gnasso et al. 1996, 23 

Gnasso et al. 1997, Holdsworth et al. 1999). To classify the degree of velocity profile skewing, 24 
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the high velocity region (HVR) of each 2D profile was defined using the algorithm described by 1 

Ford et al (2008). Briefly, clusters of pixels containing velocities at least 20% above the mean 2 

were first identified. The velocity threshold was then adjusted until the largest cluster enclosed 3 

25% of the lumen. Using an automated algorithm, the shape of the HVR was classified as Type I 4 

(axisymmetric), Type II (skewed) or Type III (crescent), as illustrated in Fig. 1.  5 

From the total data set, the (time-varying) velocity profiles were selected based on their cycle-6 

averaged type: six Type I, six Type II and twelve Type III. These numbers were chosen to 7 

provide a representative sample of each profile type, rather than to mirror their relative 8 

incidences in vivo, which has been reported to be 38:24:38 (Ford et al. 2008).  If multiple 9 

profiles from the three slice locations in a given subject had the same type, only one of those 10 

slices was included in the analysis (selected randomly).   11 

Idealized Virtual Doppler Ultrasound 12 

To perform an idealized virtual DUS on the 2D velocity profile data, two virtual sample volumes 13 

were defined, with dimensions estimated on the basis of a previous study of actual Doppler 14 

sample volumes (Steinman et al. 2004). The first was a 1.5 mm square placed in the centre of the 15 

lumen, representing a small sample volume covering only part of the vessel diameter 16 

(‘SmallSV’, Fig. 1), similar to that in (Gnasso et al. 1996). The second represented an 17 

acquisition in which the gate range covered the whole vessel diameter (‘LongSV’), as in 18 

(Holdsworth et al. 1999, Kochanowicz et al. 2009). Volume flow was calculated (as described 19 

below) using the maximum velocity within each sample volume and over the full range of 20 

possible orientations (180° in 10° steps) in the case of the simulated LongSV acquisition.  21 
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Volume Flow Calculations 1 

Following the procedure commonly performed in vivo when calculating Q from DUS 2 

measurements, maximum instantaneous velocity ( maxV ) from each sample volume was assumed 3 

to lie on the vessel centreline and the vessel was assumed to be cylindrical with an effective 4 

radius, R. If the effects of flow pulsatility are ignored, the resulting Poiseuille velocity profile is 5 

parabolic and Q can be calculated via, 6 

 2 max
P

( )( )
2

V tQ t R= π  (1) 7 

where, in our case, R = (A/π)1/2, with A the lumen cross-sectional area. In reality, flow pulsatility 8 

leads to a blunting of the velocity profile as compared with Poiseuille flow. For fully-developed 9 

pulsatile flow, Womersley’s theory (Womersley 1957) leads to the following analytical 10 

expression,  11 
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where 3
2

k kiζ = α , k kRα = ω ν  is the Womersley number, ν  is kinematic viscosity (here 13 

assumed to be 0.035 cm2/s), kω  is angular frequency of the k-th sinusoidal harmonic and J0 and 14 

J1 are first order Bessel functions of the first and second kind (Cezeaux and van Grondelle 1997, 15 

Leguy et al. 2009).  Pulsatility index (PI) and resistance index (RI) were calculated as (Gosling 16 

et al. 1971, Pourcelot 1976), 17 

 peak min peak min

av peak

PI , RI
Q Q Q Q
Q Q
− −

= =  (3) 18 

where peakQ , minQ  and avQ  are the peak, minimum and average volume flows over the cardiac 19 

cycle. Note that these indexes are here calculated using features of the Q waveform rather than 20 
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the Vmax waveform. The latter is more commonly used in clinical research, but may be 1 

confounded by velocity profile skewing. Waveform feature points were defined as in (Ford et al. 2 

2005, Holdsworth et al. 1999). Due to the rigid wall assumption in the CFD simulations, cross-3 

sectional area was constant and hence all results pertaining to Q in this study equally apply to the 4 

estimation of mean velocity from Vmax. 5 

To avoid confusion, throughout this manuscript ‘maximum’ refers to the greatest instantaneous 6 

value (for the velocity spectrum), while ‘peak’ refers to the largest value during the cardiac cycle 7 

(for the maxV  and Q waveforms). 8 

Results 9 

Cycle-averaged velocity profiles obtained from CFD are shown in Fig. 2, along with contours 10 

outlining the HVR used to classify the profile type. Cycle-averaged maxV  detected by SmallSV 11 

was 0.5±0.7%, 2.6±2.4% and 12.2±6.5% below the true cycle-averaged maxV  for Type I, II and 12 

III profiles respectively. For LongSV, the departure from true cycle-averaged Vmax depended on 13 

the orientation of the sample volume, but was less than 6% in all cases and for all orientations. 14 

Greater degrees of velocity profile skewing (i.e. Type I à Type III) were associated with greater 15 

differences between true Vmax waveforms and those obtained from SmallSV or LongSV (Fig. 3). 16 

For SmallSV, the largest instantaneous differences were 3.1±4.1%, 9.4±6.6% and 26.8±13.7%, 17 

which overall occurred 24±17 ms after peak systole; for LongSV, the differences were 18 

4.1±5.3%, 11.8±7.1% and 15.1±8.1% for the ‘worst’ orientation and zero when LongSV was 19 

oriented such that true Vmax was detected. With SmallSV and some LongSV orientations, 20 

substantial qualitative differences between true and measured Vmax waveforms were apparent, 21 

mainly in Type III cases (Fig. 3). Nevertheless, peak systolic maxV  was detected accurately 22 
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regardless of the profile type or sample volume (mean±SD differences of 3±4% and 1±2% 1 

overall for SmallSV and LongSV respectively, maximum differences 11% and 5%).  2 

Noting that avQ  calculated from Poiseuille and Womersley assumptions were identical (as 3 

expected from theory), Fig. 4A compares true and estimated avQ  values for SmallSV and 4 

LongSV, where data points and associated vertical bars indicate the average value and the range 5 

of values respectively over the range of LongSV orientations. For Type I and Type II profiles, 6 

and both sample volumes, avQ  errors were within ±15% and the median error was well below 7 

5% (Fig. 5, left panel). avQ  was generally underestimated for Type III profiles, while use of 8 

LongSV halved the median error compared with SmallSV (–16% vs. –8%); however, in one 9 

instance LongSV overestimated avQ  by 23%.  10 

For all profile types, peakQ  was underestimated by ~20% if a Poiseuille profile was assumed. Use 11 

of a Womersley profile was more accurate, as expected (median errors <5%, Fig. 4B and Fig. 5, 12 

right panel). Although the total spread of errors was greater with higher degrees of velocity 13 

profile skewing (maximum absolute errors were 7%, 16% and 35% for Type I, II and III, using 14 

LongSV), in 88% of all cases the peakQ  error was less than 10%. In addition, the choice of 15 

sample volume had a minor influence on peakQ  estimation. 16 

PI and RI calculated from the Q waveform were underestimated by ~30% and ~10% respectively 17 

when assuming Poiseuille conditions, with the exception of Type III cases where PI errors were 18 

generally <20% (Fig. 6, see the Supplemental Figure for scatter plots). Median PI and RI errors 19 

were reduced to <5% by assuming Womersley flow conditions, again with the exception that PI 20 

was then overestimated by ~20% for Type III profiles. Overall, calculated RI displayed less error 21 

than PI and the choice of sample volume had a minor influence. 22 
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Representative Q waveforms are shown in Fig. 7. Orientation of LongSV had no effect on 1 

calculated Q waveforms for Type I, a variable effect for Type II, and an appreciable effect for 2 

Type III. Variation in the Q waveform related to LongSV orientation was negligible prior to 3 

Qpeak, was most pronounced in the latter half of systole, and continued throughout most of 4 

diastole. Waveforms derived from SmallSV did not always lie within the waveform envelope 5 

derived from the set of LongSV orientations, and SmallSV Q was substantially less than LongSV 6 

Q in some Type III cases during the latter half of systole (e.g. Fig. 7 D&F). Taking the average 7 

values from the LongSV orientations, Fig. 8 shows normalised errors of instantaneous Q for the 8 

group data at a number of feature points throughout the cardiac cycle. The greatest errors 9 

occurred at peak systole (P1) for the Poiseuille assumption (all flow types), and during mid-10 

systole to early diastole (P2, M2, D1) for SmallSV (Type III).  11 

Discussion 12 

This study investigated the influence of velocity profile skewing on measured Vmax waveforms 13 

and derived volume flow variables in realistic arterial geometries. By analysing data from image-14 

based CFD models, true Vmax and Q were known a priori and we were able to avoid sources of 15 

uncertainty in DUS measurements such as intrinsic spectral broadening, area estimation and 16 

operator experience. Our results therefore represent a best-case scenario in terms of measuring 17 

volume flow from maxV  (and maxV  itself), allowing specific assessment of how velocity profile 18 

skewing and the choice of sample volume affect the derived quantities. 19 

Vmax waveforms 20 

In clinical vascular laboratories, the Vmax waveform is measured by tracing the highest frequency 21 

in the Doppler spectrum (Gaillard et al. 2010) and is most commonly acquired from a small 22 

sample volume placed in the centre of the vessel (SmallSV) (Blake et al. 2008, Cobbold 2007, 23 

Gnasso et al. 2001). Use of SmallSV implicitly assumes that flow is (at least approximately) 24 
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axisymmetric, with Vmax lying on the centreline. However, our results suggest that severe 1 

velocity profile skewing, which may be common even in nominally ‘straight’ vessels (Ford et al. 2 

2008), may cause true Vmax to lie outside of SmallSV. Although peak Vmax does not appear to be 3 

significantly affected by this, the detected Vmax waveform may be substantially different from the 4 

true Vmax waveform. Given that skewing is most severe during flow deceleration (Ford et al. 5 

2008), our data suggests that the greatest underestimation of Vmax  is likely to occur during mid-6 

late systole (Fig. 3).  7 

Misdetection of the Vmax waveform due to inappropriate sample volume selection in the presence 8 

of velocity profile skewing may have important implications for various haemodynamic 9 

analyses. Since flow-velocity waveforms are thought to contain important information about 10 

vascular impedance and arterial waves, these are being analysed in increasing detail, for 11 

example, with wave intensity analysis (Khir et al. 2001, Manisty et al. 2009, Zambanini et al. 12 

2002) or by quantifying a ‘flow augmentation index’ (FAI) (Hirata et al. 2006, Ochi et al. 2010). 13 

The latter quantifies the height of the secondary (flow-)velocity peak (‘P2’ in Fig. 8) compared 14 

with overall velocity amplitude and, given that the secondary peak occurs during mid-late 15 

systole, FAI may be particularly sensitive to skewing-related errors. Indeed, FAI calculated using 16 

SmallSV in our Type III cases differed from true FAI (i.e. as calculated using true Vmax) by –17 

25±24% (range, –50% to 33%). Similar issues are likely to affect wave intensity analysis and 18 

require further study. 19 

Two other approaches exist for choosing a sample volume and may be more likely to detect true 20 

Vmax. The first is to interactively move the small sample volume until the highest velocity is 21 

found (Fraser et al. 2008, Simon et al. 1990); this has been called the ‘max-line’ velocity by 22 

Leguy et al (2009). Another approach (which we called ‘LongSV’) is to use a sample volume 23 

that encompasses most or all of the vessel diameter (Holdsworth et al. 1999, Kochanowicz et al. 24 

2009). In the current study, we presented data for SmallSV and LongSV only, since the latter 25 
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effectively encompasses the max-line approach and also allowed study of the effect of LongSV 1 

orientation. Based on our findings, use of max-line or LongSV sample volumes may be 2 

preferable compared with SmallSV when features of the Vmax or Q waveforms are of interest. 3 

Volume flow 4 

Volume flow is not routinely measured in the clinic, but is of interest in a number of research 5 

settings (Hartley et al. 2010, Taylor and Steinman 2010). For example, Q is needed in “patient-6 

specific” computational modelling studies for specifying inlet/outlet boundary conditions (Xiang 7 

et al. 2011). More subtly, the question of whether Doppler-derived Vmax provides equivalent 8 

information to volume flow (or mean velocity, Vmean) is of fundamental importance when 9 

translating new haemodynamic analyses from the animal laboratory to clinical settings. In 10 

particular, the Vmax waveform obtained from SmallSV has been used in place of the mean 11 

velocity waveform to calculate wave intensity and to separate haemodynamic waveforms into 12 

forward and backward components to quantify wave reflection (Khir et al. 2001, Manisty et al. 13 

2009, Zambanini et al. 2002). Our study suggests that velocity profile skewing, which may be 14 

more common than is often appreciated even in ‘approximately straight’ vessels, may limit the 15 

use of Poiseuille or Womersley assumptions when estimating volume flow or Vmean from Vmax. 16 

Severe skewing (Type III) caused underestimation of cycle-averaged Vmax and hence Qav when 17 

using SmallSV. As might be expected, there was a negligible effect with less marked skewing 18 

(Type I or II) since true maxV  was more reliably detected. However, aside from misdetection of  19 

Vmax, a second source of error was the fact that the CCA velocity profile was not fully developed 20 

(Ford et al. 2008). Even when the cycle-averaged velocity profile was classified as axisymmetric 21 

(Type I) or mildly skewed (Type II), errors of ±15% were observed. This may be partly 22 

explained based on previous findings that cases with Type I or Type II cycle-averaged profiles 23 

frequently display a Type III (highly skewed) profile during flow deceleration (Ford et al. 2008). 24 
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Consistent with this, a disproportionate contribution to the RMS error in our data (64% for the 1 

Womersley-derived Q waveforms) occurred between peak systole and the dichrotic notch (a 2 

period covering only ~33% of the cardiac cycle).  3 

An important principle reflected in our results and those of others (Evans 1985, Leguy et al. 4 

2009) is that Womersley and Poiseuille approaches are identical when considering cycle-5 

averaged Q, because all pulsatile harmonics in Womersley’s solution have a zero mean, but not 6 

when considering transient features of the Q waveform. For this reason, Qpeak was consistently 7 

underestimated by ~20% under the assumption of a parabolic profile, as was found in previous 8 

studies investigating idealised geometries (Leguy et al. 2009, Ponzini et al. 2006). By contrast, 9 

the Womersley approach led to near-zero median errors for Qpeak. Interestingly this was the case 10 

regardless of the degree of (cycle-averaged) velocity profile skewing, most likely because 11 

significant skewing generally arises after peak systole (Ford et al. 2008). Although the range of 12 

absolute errors for Qpeak increased progressively from Type I to Type III, the absolute error was 13 

less than 10% in 21/24 of cases (SmallSV or LongSV). By contrast, for Qav, errors of 10% or 14 

less occurred in only 10/24 (SmallSV) and 15/24 (LongSV) of cases, suggesting, in accord with 15 

Leguy et al (2009), that Qpeak may be more reliably estimated than Qav when assuming a fully-16 

developed velocity profile. 17 

The relationship between the maxV  waveform and the Q waveform has received little attention in 18 

recent literature, other than the oft-stated assumption of fully-developed flow. In canine iliac 19 

arteries, Evans and MacPherson (1982) found that the shape of waveforms from an 20 

electromagnetic flow probe and DUS “were broadly similar…but differed in details which may 21 

be important in some instances”. Using an idealised representation of the brachial artery, Leguy 22 

et al (2009) reported that Womersley-derived Q waveforms were quite accurate, notwithstanding 23 

some underestimation of Q after peak systole, a finding qualitatively similar to ours.  24 
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Data presented in the current study that employed realistic CCA geometry suggests that, given an 1 

ideal DUS acquisition, use of Womersley’s theory may in some cases lead to accurate Q 2 

waveforms (e.g. Fig. 7 B,C), whereas in other cases the derived waveform may exhibit 3 

substantial quantitative and qualitative departures from the true waveform (e.g. Fig. 7 D-F). 4 

Perhaps surprisingly, instantaneous Q  derived via a parabolic profile were generally comparable 5 

with those derived from a Womersley profile, with the important exception of peak systole when 6 

Q was systematically underestimated (Fig. 8). Overall, the departure of estimated waveforms 7 

from the true waveform was greater in Type III cases and during mid-to-late systole (Fig. 8). 8 

Underestimation of true maxV  by SmallSV caused Q to be underestimated by up to 50% during 9 

this time. Nevertheless, considerable error (up to ±25%) remained when using LongSV or a 10 

max-line sample volume (data not shown, see discussion above).   11 

Flow Pulsatility 12 

Aside from detailed waveform analysis, the flow waveform is often broadly characterized in 13 

terms of its overall pulsatility, that is, how oscillatory the flow is compared with its mean value. 14 

Specifically, the well-known pulsatility and resistance indexes (Gosling et al. 1971, Pourcelot 15 

1976) are generally considered to be indicators of distal microvascular resistance (Naessen and 16 

Bakos 2001, Wladimiroff et al. 1986). Although PI and RI are actually determined by a number 17 

of factors (Adamson 1999) and should therefore be interpreted with caution (Batton et al. 1983, 18 

Czosnyka et al. 1996), these parameters nevertheless appear to have value (Hecher et al. 1995, 19 

Sharma et al. 2007).  20 

Due to the ubiquity of DUS, reported PI and RI are almost universally calculated from the maxV  21 

waveform. However, an underlying assumption is that maxV  pulsatility directly reflects Q 22 

pulsatility. Given that volume flow is the ultimate link between pressure and resistance (or 23 

impedance), failure of this assumption could potentially confound the correct interpretation of in 24 



15 

vivo data. In Fig. 9, we compare Q-based PI and RI with values obtained from the maxV  1 

waveform (in this instance we have pooled all cases and used the true maxV  waveform, not that 2 

obtained from a limited sample volume). Noting that use of rigid walls in the CFD models would 3 

cause some overestimation of systolic velocities (since the vessel does not expand as pressure 4 

rises), the crosses represent values obtained after approximately correcting mean and peak 5 

velocities for an assumed 10% diameter increase (Gamble et al. 1994); values from uncorrected 6 

velocities are shown with boxes. It can be seen that velocity-based PI underestimates the Q-7 

based values (by 26% ± 11%) and that correction for compliance effects causes even greater 8 

underestimation (by 44% ± 26%); the underestimation of RI is less pronounced (9% ± 3%, 9 

uncorrected; 16% ± 11%, corrected). Despite this inequality of Vmax and Q-based PI and RI, there 10 

was a linear relationship between Vmax-derived and Q-derived indexes (R2 > 0.8, p < 0.001 for 11 

both PI and RI), suggesting that the Vmax-derived indexes provide a valid qualitative 12 

representation of the Q-derived indexes. 13 

In this study, we also assessed the possibility of measuring volume flow pulsatility via the Vmax-14 

derived Q waveform. Estimation of RI using Womersley’s theory was excellent in all cases 15 

(20/24 having errors <5%) due mainly to the accuracy of derived Qpeak. While PI estimates were 16 

quite accurate for Type I or II cases (all but two cases with errors <10%), most PI errors for Type 17 

III cases lay between 10% and 30%, these errors arising from the mid-late systolic skewing of 18 

the velocity profiles.  19 

Other Doppler-based techniques for measuring volume flow 20 

A number of other techniques for estimating Q from DUS have been described that do not 21 

depend on maxV . The most popular of these calculates Q as the product of vessel cross-sectional 22 

area and the mean instantaneous velocity ( meanV ) of all scatterers passing through LongSV. 23 

Although this method has been used for Q estimation (Gill 1985, Mitchell et al. 2001, Sato et al. 24 
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2011, Scheel et al. 2000) and wave analysis (Niki et al. 2002), it is prone to substantial errors 1 

related to a number of factors, notably non-uniform sonification of the lumen due to a limited 2 

beam width (Burns 1992, Evans 1985, Evans et al. 1989, Hoskins 1990). Based on our findings, 3 

LongSV orientation is also likely to influence Q values derived from meanV  in the presence of 4 

velocity profile skewing. In addition, it should be noted that maxV  can be measured more reliably 5 

than meanV  (Evans et al. 1989), hence our interest in using the former.   6 

A variety of multi-gate approaches, including colour Doppler, have also been used to derive Q 7 

(Hoeks et al. 1981, Picot et al. 1995, Soustiel et al. 2003, Tortoli et al. 1996). These measure 8 

velocity in many small sample volumes spaced across the vessel lumen. Traditionally, each 9 

velocity sample is multiplied with an associated semi-annulus area (assuming an axisymmetric 10 

profile) and then summed over all semi-annuli to obtain Q (Gill 1985). In a more recent 11 

adaptation, the axisymmetry assumption was avoided by assuming velocities follow a sinusoidal 12 

pattern around each semi-annulus, with encouraging results found in slightly curved flow 13 

phantoms (Leguy et al. 2009). Many other methods for estimating Q from DUS have been 14 

proposed (Cobbold 2007, Hoskins 2011, Richards et al. 2009) and may help overcome the need 15 

for assumptions about the velocity profile. Unfortunately these methods are either in preclinical 16 

phases of development or require special equipment or processing; in the current study, we 17 

intentionally addressed only techniques based on maxV , which is readily measurable in any 18 

clinical or experimental setting. 19 

Sources of error not addressed in this study 20 

Use of computational fluid dynamics in this study allowed us to assess the influence of velocity 21 

profile assumptions and the choice of sample volume on DUS-derived Vmax waveforms and 22 

volume flow parameters. Although not the focus of our study, a number of other important 23 

sources of error should be acknowledged. For instance, intrinsic spectral broadening can cause 24 
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substantial overestimation of maxV  (Hoskins 2011, Steinman et al. 2001). Thus in a study of 1 

commercial scanners it was found that even measurement of steady flow in a straight flow 2 

phantom via maxV  produced errors of between 10% and 40% due to spectral broadening (Winkler 3 

et al. 1995). Although this effect can be corrected for in principle (Steinman et al. 2001, Winkler 4 

et al. 1995), the correction depends on probe characteristics as well as focal length. Inaccuracies 5 

in measuring vessel cross-sectional area due to a non-circular lumen or limited spatial resolution, 6 

along with neglect of compliance effects, also translate to errors in calculated Q (Hoskins et al. 7 

2010). In addition, since the ultrasound beam is not parallel to the direction of axial flow, any in-8 

plane velocity components related to Dean-type flows contribute to the detected velocity signal 9 

and hence can introduce errors into axial velocity measurements (Balbis et al. 2005, Krams et al. 10 

2005). Finally, interoperator variability constitutes a large source of error in DUS studies 11 

(Corriveau and Johnston 2004, Mikkonen et al. 1996).  Nevertheless, our study demonstrates the 12 

non-negligible errors that would occur even for an ‘ideal’ DUS acquisition. 13 

Limitations 14 

As mentioned previously, the virtual DUS performed in this study was intentionally simplistic in 15 

order to parse out the influence of velocity profile and choice of sample volume on velocity 16 

waveform and volume flow errors. We therefore did not account for the 3D power distribution of 17 

the ultrasound beam, the exact shape of the sample volume (Steinman et al. 2004) or the effects 18 

of beam angle relative to the axial direction. Moreover, in practice the maxV  follower in DUS 19 

systems does not detect the absolute maximum, but uses methods that are more robust against 20 

spectral noise (Steinman et al. 2001); of course, noise is not an issue when analysing CFD data. 21 

The CFD modelling ignored wall distensibility and thus may have overestimated systolic 22 

velocities. Nevertheless, our approach was internally consistent and avoided assumptions about 23 

diameter variation when estimating Q. In practice, although wall distensibility is almost 24 
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universally ignored when estimating flow from DUS, a 10% error in diameter (typical for the 1 

CCA (Gamble et al. 1994)) will translate to a 20% error in cross-sectional area and hence Q. 2 

This is a problem in regards to estimating not only mean diameter (Hoskins 2011), but also its 3 

variation during the cardiac cycle.  4 

Despite the simplifications, data obtained from the MRI-based CFD models compared 5 

favourably with published normal values. The mean (range) of maximal and cycle-averaged maxV  6 

were 95 (58-128) cm/s and 51 (28-67) cm/s respectively, compared with 96 (50-169) cm/s and 7 

41 (15-65) cm/s reported by Schoning et al (1994). Similarly, velocity-based PI (mean 1.37, 8 

range 0.83-1.90) and RI (0.72, 0.56-0.80) compared well with reported PI (1.72, 0.91-3.33) and 9 

RI (0.72, 0.55-0.9) (Schoning et al. 1994). Finally, Qav obtained from PC-MRI and used for CFD 10 

boundary conditions (6.4±1.0 mL/s) were very similar to values reported by Vanninen et al 11 

(1995) in normal subjects (6.5±0.9 mL/s). 12 

Conclusions 13 

Velocity profile skewing, likely prevalent even in mildly/locally curved arteries such as the 14 

common carotid, can break the oft-assumed close link between maxV  and Q. On the one hand, 15 

skewing can cause underestimation of maxV  if a small sample volume is indiscriminately placed 16 

in the centre of the vessel. On the other hand, skewing invalidates the assumption of fully-17 

developed axisymmetric flow. Nevertheless, if Womersley’s theory is used, and assuming one 18 

could achieve an ‘ideal’ DUS acquisition, our data suggests errors in the range ±15% may be 19 

expected for cycle-averaged Q. Estimates of peak Q may be quite reliable (most errors < 10%) 20 

because substantial velocity profile skewing tends to emerge only after peak systole. maxV  and Q-21 

based indexes of pulsatility are not identical but the accuracy of Q-based RI (derived from maxV ) 22 

is excellent. Vmax and derived volume flow waveforms may differ substantially from the true 23 
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waveforms, although the differences can be minimised by ensuring that true maxV  is detected, e.g. 1 

by using a LongSV or ‘max-line’ sample volume.  2 
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Figure Legends 1 

Fig. 1.  Illustration of the idealised sample volumes (SmallSV, LongSV) in the virtual Doppler 2 

ultrasound, shown in the vessel cross-section and in relation to the three flow types seen in the 3 

common carotid artery, axisymmetric (Type I), skewed (Type II) and crescent (Type III). 4 

Velocities are represented by coloured contours. 5 

Fig. 2.  Cycle-averaged velocity profiles and high velocity region (white contour) extracted from 6 

the computational fluid dynamics data and used in the analysis, grouped by the three flow types. 7 

Fig. 3. Comparison of true Vmax waveforms versus Vmax waveforms detected with SmallSV and 8 

LongSV. For LongSV, the grey shading corresponds to the range of waveforms obtained over 9 

the range of possible orientations. 10 

Fig. 4.  Scatterplots of actual versus estimated (A) cycle-averaged flow, Qav; and (B) peak 11 

systolic flow, Qpeak. Note that Poiseuille and Womersley approximations are identical for Qav. 12 

Vertical bars on the data points correspond to the range of estimated values over the range of 13 

LongSV orientations. 14 

Fig. 5.  Percentage errors in cycle-averaged flow and peak flow when calculated from the virtual 15 

Doppler ultrasound using LongSV or SmallSV, and by assuming Poiseuille or Womersley flow 16 

conditions. Red bars indicate median errors. 17 

Fig. 6.  Percentage errors in pulsatility and resistance indexes when calculated from the virtual 18 

Doppler ultrasound using LongSV or SmallSV, and by assuming Poiseuille or Womersley flow 19 

conditions. Red bars indicate median errors. 20 

Fig. 7.  Representative volume flow waveforms from the data set. A single waveform for 21 

SmallSV is shown whereas the shaded waveform envelope represents the range of waveforms 22 

obtained from LongSV for all orientations.   23 
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Fig. 8. Normalised errors in instantaneous volume flow for SmallSV and LongSV, and for 1 

Poiseuille and Womersley assumptions, represented as box plots with zero error centred on a 2 

representative normalised waveform. The thick portion of each box plot represents interquartile 3 

range and the whisker extends to the maximum and minimum errors. Feature points included are 4 

the two systolic peaks (P1, P2), the end-diastolic and end-systolic troughs (M0, M2) and four 5 

points during diastole (D1-D4), defined as in (Ford et al. 2005). 6 

Fig. 9.  Comparison of velocity- and flow-based pulsatility index (PI) and resistance index (RI).  7 

Squares represent values taken from the rigid-wall CFD model. Crosses represent values 8 

obtained after approximately correcting mean and peak velocity for an assumed 10% diameter 9 

variation over the cardiac cycle. 10 

Supplemental Figure.  Scatterplots of actual versus estimated (A) volume flow pulsatility index, 11 

PI, and (B) resistance index, RI. Vertical bars on the data points correspond to the range of 12 

estimated values over the range of LongSV orientations. 13 

 14 

 15 

16 
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Fig. 1.  Illustration of the idealised sample volumes (SmallSV, LongSV) in the virtual Doppler 1 

ultrasound, shown in the vessel cross-section and in relation to the three flow types seen in the 2 

common carotid artery, axisymmetric (Type I), skewed (Type II) and crescent (Type III). 3 

Velocities are represented by coloured contours. 4 
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 6 
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Fig. 2.  Cycle-averaged velocity profiles and high velocity region (white contour) extracted from 1 

the computational fluid dynamics data and used in the analysis, grouped by the three flow types. 2 
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 4 
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Fig. 3. Comparison of true Vmax waveforms versus Vmax waveforms detected with SmallSV and 1 

LongSV. For LongSV, the grey shading corresponds to the range of waveforms obtained over 2 

the range of possible orientations. 3 
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 5 
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Fig. 4.  Scatterplots of actual versus estimated (A) cycle-averaged flow, Qav; and (B) peak 1 

systolic flow, Qpeak. Note that Poiseuille and Womersley approximations are identical for Qav. 2 

Vertical bars on the data points correspond to the range of estimated values over the range of 3 

LongSV orientations. 4 
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 6 
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Fig. 5.  Percentage errors in cycle-averaged flow and peak flow when calculated from the virtual 1 

Doppler ultrasound using LongSV or SmallSV, and by assuming Poiseuille or Womersley flow 2 

conditions. Red bars indicate median errors. 3 
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Fig. 6.  Percentage errors in pulsatility and resistance indexes when calculated from the virtual 1 

Doppler ultrasound using LongSV or SmallSV, and by assuming Poiseuille or Womersley flow 2 

conditions. Red bars indicate median errors. 3 
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Fig. 7.  Representative volume flow waveforms from the data set. A single waveform for 1 

SmallSV is shown whereas the shaded waveform envelope represents the range of waveforms 2 

obtained from LongSV for all orientations.   3 
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Fig. 8. Normalised errors in instantaneous volume flow for SmallSV and LongSV, and for 1 

Poiseuille and Womersley assumptions, represented as box plots with zero error centred on a 2 

representative normalised waveform. The thick portion of each box plot represents interquartile 3 

range and the whisker extends to the maximum and minimum errors. Feature points included are 4 

the two systolic peaks (P1, P2), the end-diastolic and end-systolic troughs (M0, M2) and four 5 

points during diastole (D1-D4), defined as in (Ford et al. 2005). 6 
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Fig. 9.  Comparison of velocity- and flow-based pulsatility index (PI) and resistance index (RI).  1 

Squares represent values taken from the rigid-wall CFD model. Crosses represent values 2 

obtained after approximately correcting mean and peak velocity for an assumed 10% diameter 3 

variation over the cardiac cycle. 4 
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Supplemental Figure.  Scatterplots of actual versus estimated (A) volume flow pulsatility index, 1 

PI, and (B) resistance index, RI. Vertical bars on the data points correspond to the range of 2 

estimated values over the range of LongSV orientations. 3 
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