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Abstract

Blood volume flow estimation is becoming an integral part of quantitative medical imaging.
Three-dimensional color flow can be used to measure volumetric flow, but partial volume
correction is essential due to finite beam widths and lumen diameters. Color flow power was
previously assumed to be directly proportional to the perfused fractional color flow beam area
(voxel). We investigate the relationship between color flow power and fractionally-perfused
voxels. We simulate three-dimensional color flow imaging using Field Il based on a 3.75-MHz
mechanically-swept linear array. A 16-mm diameter tube with laminar flow was embedded into
soft tissue. We investigated two study scenarios: (1) where soft tissue backscatter is 40 dB higher
and (2) 40 dB lower relative to blood. Velocity and power were computed from color flow packets
(n=16) using autocorrelation. Study 1 employed a convolution-based wall filter. Study 2 did not
employ a wall filter. Volume flow was computed from the resulting color flow data as published
previously. Partial volume voxels in Study 1 show less power than those in Study 2, likely due to
wall filter effects. An “S’-shaped relationship was found between color flow power and
fractionally-perfused voxel area in Study 2, which could be due to an asymmetric lateral-
elevational point spread function. Flow computation is biased low by 7.3% and 7.9% in Study 1
and Study 2, respectively. Uncorrected simulation estimates are biased high by 41.5% and 12.5%
in Study 1 and Study 2, respectively. Our findings show that partial volume correction improves
three-dimensional volume flow estimation and that wall filter processing alters the proportionality
between color flow power and fractionally-perfused voxel area.

Index Terms
Biomarker; Quantification; 3D Imaging; Wall filter

. Introduction

BLOOD flow is essential for life, carrying nutrients and oxygen to the sites of consumption
for oxidative cell metabolism. Cardiac output averages about 5.0 L/min and the major
recipients are brain (13%), kidneys (20%), and liver/gut (25%) [1]. Undiagnosed changes in
blood flow can lead to disease or death. Health care providers qualitatively assess blood flow
using a range of surrogate measures, the simplest being pulse measurement by palpation [2]
and mean arterial blood pressure assessment. Sophisticated methods include catheterization
for thermodilution flow estimation [2, 3] and Fick’s gas exchange [2]. Noninvasive medical
imaging techniques for blood volume flow assessment include radioisotope imaging,
computed tomography (CT) with contrast injection, and phase contrast magnetic resonance
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imaging (MRI), all of which have limitations that need to be understood to allow for
meaningful use.

In ultrasound, volume flow is typically calculated using mean blood flow velocity (from
spectral Doppler) multiplied by an estimate of the vessel cross-sectional area. The method
relies on multiple assumptions that have limited its usefulness and reliability [4]. These
assumptions include a cylindrically symmetric flow profile depending on beam dimensions,
circular vessel cross-section that is time invariant, and a Doppler angle correction
requirement. Variations in each of these assumptions contribute to an overall error that can
be large depending on vessel size and location in the ultrasound beam [5].

Still, given these difficulties, there continue to be persistent attempts to employ volume flow
in clinical applications such as: OB [6], portal venous flow [7], and cardiac output [8].
Alternatively, a plethora of flow-related indices have evolved over time to try to estimate
flow changes in lieu of true volume flow [9]. Some of these include resistive index,
pulsatility index, systolic diastolic ratio, and volume flow index [10] (newer editions of [10]
do not list volume flow index). Other hemodynamic markers include velocity estimates such
as peak systolic (PS), end diastolic (ED), and minimum diastolic (MD) velocities. Such
velocity measurements are often the clinical standard due to the lack of adequate
alternatives. Hence, color flow and pulsed-wave Doppler are used to quantify and qualify
flow for diagnostic purposes.

Assessment of blood flow is of interest after surgical procedures that change the vascular
system. An example is cardiac surgery, where a study by Theodoraki et a/. (2015) [11]
assessed blood flow in abdominal organs. Specifically measured were Doppler velocities in
peak systole (PS), end diastole (ED), and minimum diastole (MD), along with the pulsatility
index (PI), resistive index (RI), and volume flow (VF), in both the liver and the kidney.
Portal vein velocity, for example, was 18.7+3.72, 26.6+4.11, and 18.5+2.42 cm/s, pre-
operative, day 1 post-op, and day 7, respectively. The average coefficient of variance for
these values was 16.1% and somewhat smaller than the average pairwise percent differences
between the three time points of 25.2%. Portal venous volume flow was 602+229, 709+181,
and 616+207 mL/min, pre-operative, day 1 post-op, and day 7, respectively. Here, the
average coefficient of variance was 32.4% and the average pairwise percent differences
between the three time points was 11.0%. Large variations could be due to subject specific
flow or unavoidable measurement inaccuracy.

For pulsed-wave Doppler ultrasound, a modest error in velocity, angle, and lumen diameter
can result in a large volumetric flow error. In fact, Gill [12] has observed 14% standard
deviation in pulsed-wave measurements of umbilical flow — these resulted from uncertainties
of diameter and beam-to-flow orientation of 0.4 mm and 3°, respectively. Holland et al. [13]
concluded that /n vivo volume flow estimation using pulsed-wave ultrasound can lead to
errors of up to 50% in small vessels (3.2-mm diameter) and were reduced to 17% ina 12.7-
mm diameter pulsatile flow model. Similarly, the 2D spectral Doppler volume flow (2D
SDVF) method has an interobserver variability of up to 40% with an average of 27% for
slower flows (100 mL/min) [5].
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In order to overcome traditional limitations, a variety of ultrasonic flowmeters have been
created. Lynnworth and Liu [14] reported 50 years of ultrasonic flowmeters, mostly for
industrial use where mass flow rate is well established, including under harsh environmental
conditions. Medical implementations also date back 50+ years. Franklin ef a/. [15]
introduced a clamp-on pulsed flowmeter with separate transmit and receive apertures that
assessed the differential upstream/downstream time-of-flight to determine the average flow
rate. Fox introduced a cross-beam imaging approach to determine 3D flow vectors
transcutaneously, which was, over a 6 dB range, in good agreement with theoretical
predictions [16]. Picot and Embree implemented a one-dimensional volume flow estimation
technique on a Philips CV1 system where the flow velocity profile is integrated across the
lumen and angle corrected by the user. Vessel diameter changes through the cardiac cycle
are autocorrected due to the integration, which automatically ends at the actual vessel
boundary. User-determined beam-to-flow angle inputs were found to be the largest sources
of uncertainty. Ricci et al. demonstrated a multigate Doppler method [17] by which real-time
vector velocities [18] are acquired. The latter does not rely on user selected Doppler angle
correction and was implemented on an advanced open platform for ultrasound research
(ULA-OP) [19]. Simulations showed a 0.75° error over a range of 90° and a 0.6 cm/s bias
for a 50 cm/s peak parabolic flow.

Hottinger and Meindl [20] introduced volume flow acquisition in terms of a flux
measurement. Analytically, volume flow is the amount of volume that is displaced per unit
time. A mathematical description of flux and its assessment is given by Gaul’ theorem:

—_
Q=f57-dA @

where v is the measured mean velocity vector for each integration surface element vector

ﬁ), and Qs the resulting flow rate computed by summing the total flux across surface S.
While Hottinger and Meindl do not mention GauB, they derive the same equation. In their
two-beam approach, one beam completely encompasses the lumen of interest and the second
beam completely resides within the lumen and serves as a reference. This approach is
geometry and angle independent as long as there is a Doppler shift and would work
especially well with annular arrays. Moser et a/. [21] continued with the concept of Gaul?’
theorem and conducted initial benchtop measurements using a 2D ultrasound array with 6 by
6 elements. Sun et al. [22] furthered the implementation by using a cardiac ultrasound
scanner (Vingmed CFM750, 3.5-MHz phased array) and integrated color flow velocity along
two arcs to form a first order bowl-shape surface. They termed this process surface
integration of velocity vectors (SIVV) and in benchtop experiments estimated stroke volume
rates to within £10%. Poulsen and Kim [23] improved the scanning by producing 6
elevational scan angles using a similar cardiac scanner (Vingmed CFM-800A, 6-MHz
annular phased array) and included B-mode based segmentation since they saw flow 2-3
mm outside the lumen due to “finite sample volume effects”. /n vivo validations have shown
mean flow estimation bias of —3.9% [24] and 10-15% error [25] in porcine arterial studies
using thermodilution, and 4.7% bias with 10% error [26] when using MRI human in mitral
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valve flow as reference standards. Kim et a/.[24] stated a principal limitation was the low
lateral resolution of their imaging system when defining the flow area.

Color flow power mode imaging was introduced by Rubin et a/. [27] as an alternative to
color flow. Power is related to the number of moving red blood cells in a sample volume,
and the acquisition is less angle dependent than color flow. Fractional moving blood volume
has been defined as an estimate of vascularity based on color flow power [28].

Liu and Burns [29] implemented a direct proportionality factor, the Doppler spectrum, in
their attenuation compensated C-mode flowmeter. Our group has implemented a 3D volume
flow estimation method based on Gaul}’ theorem that corrects for partial-volume effects
based on histogram analysis of color flow power image data, which yields weighting factors
for the integration area elements. Clinical ultrasound scanners provide velocity information
for finite-sized ultrasound beams, i.e., color flow beams. This requires integration over finite
area elements. For such, (1) can be rewritten in a finite sum, (2), over all beams and
extended to include a weighting factor for each beam, which compensates for beams that are
partially outside the blood vessel:

0= Z 71‘ : (Zl X wl-) )

ieS

Equation 2 is our extension to 3D volumetric blood flow measurement by means of surface
integration of velocity vectors. In (2), 71‘ is the color flow velocity in pixel 7as obtained

from the ultrasound scanner or the color flow simulation, A ; is the associated cross-sectional
area element in the c-plane (lateral-elevational plane) of pixel 7 and w;is a weighting
coefficient for A ; that accounts for area elements which span across the lumen

circumference and partially reside outside blood flow. A pixel that is 20% within the blood
vessel and 80% outside the vessel would have a weight w;of 0.2, i.e., 20%. Weights are
obtained from color flow power [27] and used to correct for partial volume [30]. Surface
integration is an angle-independent technique that can be understood by observing a cross-

sectional perfused area Xl. (Figure 1). Here, the measured blood flow velocity (v’ ) is
multiplied by X)l. to yield volumetric flow, Q; The elegance about this formalism is that
X)l. = Xolcos(al.) and V', =V, x cos(e,), where a;is the angle between the lumen direction

and ultrasound beam. While Xl. and 71’ have an angle dependence,

- - - 5
Qicio1.2)=Ag Vo=A V=4, V, does not since cos(a;) terms cancel. When
. — . — —
choosing the areas A, to be parallel V', to, i.e., A I.“T’i, only 4, = |A l.| and v, = V'] need to be

known. Areas do not need to be circular. Practical implementations will still have an angle
dependence due to velocities falling into the wall filter when a, approaches 90°.

Experimental verification of 3D volume flow using a GE/Kretz Voluson 730 clinical scanner
and a RAB2-5 probe showed a mean error of less than 15% [30]. Higher frequency vascular
probes (mechanically swept linear arrays, 4D10L and 4D16L, on a GE LOGIQ 9 scanner)
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were used to assess femoral and carotid flow pre-clinically /n vivo (-7.04% bias and 9.52%
standard deviation) [31]. Initial clinical studies were performed on umbilical cords [32] and
transjugular intrahepatic portosystemic shunts [33]. Most recently, 3D volume flow
measurements were shown to be helpful in diagnosing preeclampsia (p=0.035) [34]. In this
work, we show the effects of color flow power based partial volume correction on volume
flow acquired by 3D color flow. The work is mainly of simulation in nature; however, it is
motivated by experimental observations.

[I. Materials and Methods

A. Experiments

Experimental data has been acquired to motivate the simulation work of this investigation,
not for a one-to-one comparison between experimental and simulation results.

Flow phantom experiments were performed using a modified EPIQ 7G (Philips Ultrasound,
Bothell, WA, USA) equipped with an X6-1 probe to acquire 3D color flow data. Color flow
image acquisition settings were selected as follows: flow opt = med, freq opt = adapt, sweep
angle = 50°, PRF = 1872 Hz, wall filter = low (56 Hz), line density = med, and number of
volumes = 6. The vessel was positioned at the color flow focus depth, 4 cm. A flow phantom
with an 8-mm diameter wall-less channel (ATS Laboratories, Bridgeport, CT, USA) was
connected within a closed-loop tubing circuit that included a pulse dampener. A peristaltic
pump was used to circulate blood mimicking fluid (Model 046: CIRS, Norfolk, VA, USA) at
a constant volume flow rate of 600 mL/min. DICOM export contained color flow velocity
and color flow power data for acquired 3D volumes. The blood mimicking fluid has the
following properties: speed of sound 1550 m/s, particle concentration 18+1 mg/mL, particle
diameter 4.7 ym, and particle density 1.03+0.015 g/mL.

B. Simulations

Color flow was simulated using Jgrgen Jensen’s public domain ultrasound simulation
software Field 11 [35]. Surface integration as described above and illustrated in Figure 1
requires 3D ultrasound data. Therefore, a 3D ultrasound probe was simulated by creating a
1D imaging array that is mechanically linearly translated in the elevational direction. Details
of the simulated imaging probe are given in Table I and correspond to a common abdominal
imaging probe design, without reference to any particular manufacturer or system. Lateral
and elevational beams were spaced at —6 dB (round-trip) relative to their respective beam
width. The field of view was chosen to be 3 by 4 cm (lateral by elevational) with a 16-mm
diameter lumen at its center and with the flow directed towards the imaging probe. Blood
and tissue were simulated as randomly placed scatterers with 15 per resolution cell of the
achieved point-spread-function (PSF) as defined by —6 dB in axial, lateral, and elevational
directions. Two studies were performed. In Study 1, tissue was set to a scatterer strength of
unity (1) and blood —40 dB relative to tissue (i.e., 0.01). In Study 2, tissue scattering was set
to —40 dB relative to blood, i.e., 0.0001. Study 2 mimicked the case of no dominant static
(tissue) signal interfering with the dynamic (blood flow) signal and thus no need for a wall
filter to eliminate such effects. For both studies tissue attenuation was set to 0 dB. A
parabolic flow profile was simulated with a maximum velocity of 6.35 cm/s, which
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corresponds to 6.38 mL/s volumetric flow (Table I1). In total, 100 volumes were simulated
with 16 non-interleaved Doppler firings each to track flow, along with 104 lateral beams
(0.288-mm lateral width) and 21 elevational beams (1.87-mm elevational width). Simulated
scanlines were tested for fully developed speckle as an indication for the proper number of
scatterers per resolution cell (Figure 2). Fully developed ultrasonic speckle follows the
Rayleigh distribution [36]. Color flow processing followed the method described by
Namekawa and Kasai [19, 37]. A convolution wall filter was employed with a kernel length
of 4 (k=[0.16 0.53-0.53-0.16)).

[1l. Results and Discussion

A. Experiments

Clinical ultrasound scanners commonly provide the user with the ability to adjust the color
flow signal receive gain. By doing so, the number of color flow velocity pixels shown on the
screen will directly vary with gain. Figure 3 shows the change in color pixels for color gain
ranging from 31% to 71% of maximum gain. Adequate gain selection depends on the
intentions of the scan and clinical strategies may target filling the lumen with color for good
signal to noise. Results for computing volume flow by surface integration with and without
partial volume correction are shown in Figure 4. All data points represent mean and standard
deviation over 20 volumes. Open circles show volumetric flow as computed solely by color
pixel integration (non-partial volume corrected) and demonstrate a direct dependence with
color gain. The last three settings (55% to 71%) are near or at full color saturation. Correct
volumetric flow measured by this method is subject to variability due to manually set color
gain. As seen from a curve fit of the first 8 settings (15% to 51%), volume flow increases at
a rate of 37 mL/min per 1%-point change in receive gain. That is a 6% change in measured
flow for 1% change in receive color gain (in the range of 15% to 51%), which is a
potentially strong source of user-induced error. Solid circles show volume flow computed by
the method shown in (2). Weighting coefficients were obtained from color flow power [30].
Using this method, the resulting volumetric flow rises for increasing receive gain and
converges to £11% of actual flow (600 mL/min, solid line) after reaching 45% receive gain.
In this range the average error is 3.4%. Even for fully bloomed receive gain settings, i.e.,
55% to 71% as seen in Fig. 3, partial volume corrected flow accurately depicts flow with a
mean error of 1.9%, whereas velocity x area, i.e., non-partial volume corrected flow, yields
flow with a mean error of 358%. Even non-saturated cases, i.e., 31% to 51%, yield an
average error of 50.9%. Actual pump flow is shown as the horizontal solid line and +10% as
horizontal dashed lines. Onscreen color flow pixels may deviate from the raw DICOM data
that we use to compute volume flow since (1) we use the original Doppler firing vectors, i.e.,
before scan conversion and (2) onscreen data may be processed for color-write priority, i.e.,
the threshold for when to write color pixels over bright B-mode pixels. Figure 3 illustrates
what the user experiences when setting color flow gain. Even for a fully saturated color flow
image, partial volume correction yields volume flow with only 1.9% error. By this method,
the user selected color flow gain has little influence on the resulting quantitative volume
flow measurement as long as the user fills the lumen, here, 45% or more gain. Not filling the
lumen with color would underestimate flow. However, this would be counterintuitive in a
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clinical setting where the user specifically uses the gain knob to fill the lumen with color
pixels.

B. Simulations

Simulations were performed to determine the effect of partial volume on the resulting color
flow power. Figure 5 shows the color velocity and power for the elevational-lateral (c-plane)
and axial-lateral planes of simulated flow. A total of 100 volumes were computed and
averaged. Flow velocity ranges from 0 to 6.35 mL/s. Color flow power has been normalized
to a scale from 0 to 1. Profile plots of velocity and power are shown in Figure 6. The
simulated parabolic flow can be seen in the left column, however the theoretical maximum
flow speed of 6.35 cm/s is underestimated, as one might expect from the elevational beam
spacing of -6 dB, i.e., 1.87 mm. Axial dependence is flat with vy =5.68+0.03 cm/s (0.5%
relative standard deviation). Color flow power (in the right column) diminishes around the
lumen edge due to the wall filter and axially declines at a rate of 3% per millimeter. The
latter is assumed to be due to the elevational lens of the array.

C. Geometric segmentation

Partial volume color flow beams can be defined by the geometric relationship between color
beams in the lateral-elevational direction and the definition of the simulated lumen. Figure 7
shows a segmentation based on this classification. Geometric partial volume, i.e., the
fractional amount of the pixel that resides inside the lumen, is shown in panel (a). Each pixel
corresponds to one color flow beam. Yellow corresponds to fully contained in the lumen
(=1) and blue not contained in the lumen at all (=0). The lumen boundary is shown as
white/black dots. Voxels close to this boundary are partial and therefore shaded between
yellow and blue (<K< 1). Panels (b), (c), and (d) segment area into tissue (7=0), blood (=),
and partial pixel (<& 1).

D. Finite-beam segmentation

Actual acoustic beams are not limited by their spacing and extend in a decaying fashion
based on the point-spread-function (PSF). The PSF of the color flow beam was obtained by
simulated calibration (calc_hhp function of Field Il used to calculate pulse echo field) and
then used to determine the amount of lumen imaged by the beam in each position. A 2D
convolution of the PSF with a lumen function (/) yields the weighing factor needed for
partial volume correction:

1« x2+y2§r
I(x,y) = —
O—\Vx"+y">r )

w(x,y) = PSF(x,y) ® I(x,y)

where the partial volume weight wis computed for every c-plane beam position x (lateral
direction) and y (elevational direction). Using this quantity, one can redefine the
segmentation from Figure 7. The partial volume weight wis shown in panel (a) of Figure 8.
Panel (b) segments tissue (yellow) for an integrated PSF, i.e., weight wless than 20%.
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Analogously, blood (panel (c)) is defined as wmore than 80% and partial voxels are defined
as 20%< w<80%. This segmentation compares favorably with the solely geometrically
based one in Figure 7, yet takes into account actual beam characteristics. Both tissue and
100%-blood cut-off thresholds need to be >0 and <1, respectively, due to the infinite beam
extent. A tissue threshold of 0 would eliminate all tissue since the beam always sees some
blood flow. A more realistic simulation could introduce a total dynamic range for the
imaging system plus a noise floor. In such a case one could possibly set the tissue threshold
to zero. Given this segmentation information (Figure 8), we can associate partial volume
voxel information with color flow power.

Figures 9 and 10 show histograms of color flow power from Study 1 and Study 2,
respectively, segmented into background tissue (yellow), partial volume voxels (blue), and
blood (red). For Study 1, tissue power is low compared to the blood signal due to wall
filtering. Partial volume voxels reside between background tissue and blood since they carry
less power than blood and more than background. However, this only holds for the
(Rayleigh) population average, not for individual voxels. Simulation data originate from 100
volumes, with 11 axial, 104 lateral, and 21 elevational voxels, i.e., a total of 2.4 million
voxels.

It may be helpful to understand the effect of averaging on the power distribution since
averaging reduces speckle. One can assume that the segmented regions, i.e., background,
partial volume, and blood, will show less overlap in the histogram when averaged. We start
with N, color flow power volumes Vwith axial (x), lateral (y), and elevational (z)
dimensions, i.e., a 4-dimensional variable. The effects of averaging across volumes
(Hvotume avg), across c-planes (i.e., in the axial direction with Ny samples, Hayja/ 1), and
across volumes and axially (Hgyy ayg) are shown in panels (b), (c), and (d), respectively, in
Figures 9 and 10, in addition to no averaging at all (Hpp avg) in panel (a). Equation (4)
defines the four histogram sets H as:

e = (V@ Y.2.0))

N
1 <
Hvolume avg T N zl V(x,y,z,n)
np=
N O
1 &
Haxial avg T \N_ Zl V(x,y,z,n)
Xy=
N_ N
1 x n
Hfullavg “\N N Z Z V(x,y,z,n)
x nx=1n=1

Volume and axial averaging show a similar change in power overlap, even though the former
leads to 100 averages and the latter to 11 averages. Averaging across volumes and axially
provides the greatest separation, as shown in panel (d). The ultimate goal is to obtain partial
volume weights based on color flow power.
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Figures 11 and 12 (top row) show the relationship between color flow power and fractional
area for the same four levels of averaging as the histograms in Figures 9 and 10,
respectively. While no averaging allows for a full range of speckle in the color flow power,
i.e., from 0 to over 100,000 [arbitrary units], panel (a), increasing averaging causes speckle
reduction and thus leads to the statistical mean of the distribution, i.e., ~12,000, panel (d).
The relationship between color flow power and fractional area was assumed to be linear (red
dashed line); however, simulation results deviate from this straight-line relationship. Fifty
percent partial volume does not correspond to 50% color flow power. For Study 1, i.e.,
Figure 11, this could be due in part to the wall filter, which tapers the power as it approaches
the lumen boundary. For comparison, Figures 11 and 12 also show the c-plane color flow
power cross-sections (bottom row). The power of Study 2 fills the lumen more than that of
Study 1. In Study 2, all processing was the same, except that no wall filter was used. Fitting
partial volume weights with respect to color flow power yields an exponential and *S’-curve
shape for Study 1 (Figure 11) and Study 2 (Figure 12), respectively. The S-curve crosses the
straight-line at approximately 50% fractional area, which also equals 50% color flow power,
due to the definition of the straight-line. Lower powers (<50%) are associated with higher
than expected fractional area and higher powers (>50%) are associated with lower than
expected fractional area. The wording expected is taken relative to the straight-line
relationship.

Volume flow was computed for the above discussed simulation data. Our previously
published algorithm [34] uses a histogram analysis to determine the color flow power that
represents 100% blood (blood only power). Subsequently that power was used to perform
partial volume correction in a linear manner. Here we report volume flow estimation using:
(@) linear partial volume correction, (b) non-linear partial volume correction, and (c) non-
partial volume correction (only integration of color flow velocities and voxel areas). Figure
13 shows these results for Study 1 and Study 2.

For non-partial volume correction and full averaging (M avg), flows for Study 1 and Study
2 are overestimated by 41.5% and 12.5%, respectively. Linear partial-volume corrected data,
as used in our experimental work [30-34], yields —13.2% and —7.8% bias, for Study 1 and
Study 2, respectively. Non-linear partial-volume corrected data yields —7.3% and —7.9%
bias, for Study 1 and Study 2, respectively. As can be seen from Figure 10, panel (d), even
full averaging still shows a finite amount of speckle, i.e., overlap of partial volume voxel
power with 100% blood voxel power. This is our justification for lowering the 100%-power
threshold for partial volume.

correction to 90%, which is, in practice, an empirical number. In addition, for both studies
the recovered flow velocity profile underestimates the true maximum velocity, which also
lowers the resulting volume flow.

IV. Conclusions

Partial volume correction allows for improved mapping of color flow power and the
fractional pixel area between a blood lumen and its surrounding background tissue. The
functional relationship between power and fractional area was previously assumed to be
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linear [30], but has now been shown, for the simulated imaging system, to be non-linear, i.e.,
increasing at a rate faster than linear (exponential or polynomial, n>1). Beam shape and
spacing, as well as wall filter, may contribute to this modified functional relationship.

Clinical ultrasound scanners commonly change these parameters (i.e., beam shape and wall
filter) depending on imaging depth, application, and scanhead. The ideal relationship
between partial volume and color flow power was assumed to be a straight line. However,
even for the case of stationary tissue 40 dB below blood scattering, the relationship was ‘S’-
shaped. This may have to do with the asymmetric point-spread-function of the simulated
color flow beam. Tissue power 40 dB below blood is unrealistic but exemplifies the need for
adequate wall filters that facilitate the use of color flow power for partial volume correction.
The relatively good performance of non-partial volume corrected data may be due to the
lack of noise and effects of user gain as seen in Figure 4. Further investigation is required to
understand the effects of these scanning parameters and noise on partial volume correction.
However, the technique of partial volume correction based on color flow power is an
effective approach for finite color flow beam widths — it reduces or potentially eliminates
operator dependence when assessing volumetric blood flow non-invasively using 3D
ultrasound.

Further investigation is necessary to obtain a deeper understanding of partial volume effects
and their mediation in volume flow assessment. Possible improvements include a study of
low velocity effects and their treatment by a range of wall filters. It would also be helpful to
improve the underlying MATLAB (Release 2018a, The MathWorks, Inc., Natick, MA)
simulation script from generic to state-of-the-art industry beamforming and subsequent color
flow processing. Such a simulation script would be a beneficial tool for commercial entities
to predict volume flow performance over a wide range of clinical applications, including /n
situ point spread function to vessel ratios. Similar to Tang et a/. [38] we have observed that
reliable histogram performance requires at least 4 voxels across the lumen that are 100%
blood. This requirement might present a challenge for small vessels at depth, where high
frequency beams are challenged by signal to noise and possible aberration effects.

While current efforts focus on mean flow estimation, future assessment of time-resolved
volumetric flow might present new challenges. Even though mechanically swept arrays are
able to map the cardiac cycle, with or without ECG gating, two-dimensional arrays have a
competitive speed advantage. The former may require 3-5 seconds to scan a single 3D
volume in color flow, whereas the latter may acquire 2—4 3D volumes per second and thus
yields quasi real-time mean flow estimation or rapid temporal flow assessment.

Practical clinical considerations include aberration distortion of the color flow beam which
may distort the spatial extent of the intersected lumen, thus affecting flow quantification (Q).
A linear spatial distortion of the order Ae would result in a quadratic order Ae + (Ag)? flow
distortion. On the contrary, uniform spatial beam displacement, i.e., beam translation, would
not affect Q. Possible acoustic reverberations in the vessel are not of great concern for the
estimation of Q since the c-plane needs to intersect the lumen in a non-parallel geometry —
reverberations have not been observed thus far, neither in B-mode nor color flow. However,
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in this geometry, axial partial volume of a voxel due to the slanted lumen and finite color
flow pulse length may warrant future investigation.
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Fig. 1.

Illﬂstration for surface integration. In this Gedanken experiment, the flow Qs obtained by
multiplying the cross-sectional (lumen) area A and flow velocity magnitude vas seen by
color flow imaging. Since A;= Ay/cos(a;) and v;= vy x cos(a)), this technique results in an
angle independent volume flow estimate. Since the velocity vectors 71' are parallel to the

area vectors, only scalar velocities v;need to be acquired. Areas Ag to A, are c-planes of the
depicted probe P.
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Fig. 2.

Histogram of 1Q speckle amplitude distribution for a single volume. Before wall filter (right
distribution) the signal is dominated by tissue, after wall filter it is dominated by the lower
amplitude blood signal (left). The curve fits (red lines) reflect a Rayleigh distribution with
two independent variables, mean and amplitude. [36]
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Fig. 3.

Cc?lor mode 2D (axial-lateral, centered at 4 cm depth) screen displays as a function of
onscreen displayed color flow receive gain setting (noted above each image). Color and
dimensional scale bar are shown on the right. The dimensional scale bar shows a 1 cm
distance with a 5 mm subdivision.
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Fig. 4.
Volume flow as a function of color flow receive gain. Solid circles are computed based on

(2), where partial volume effects are compensated by color flow power. Open circles are
computed solely on the basis of color flow velocity and area (non-partial volume method). A
line fit of the first 8 data points (sloped solid line) shows the strong gain dependence of the
non-partial volume method where the user-set gain determines the measured volumetric
flow. Partial volume corrected flow (solid circles) remains within £11% error for the gain
range from 45% to 71%. Note that even for fully bloomed receive gain settings, i.e., 55% to
71% as seen in Fig. 3, partial volume corrected flow accurately depicts flow with a mean
error of 1.9%, whereas the non-partial volume method yields flow with a mean error of
358%. Even the non-saturated cases, i.e., 31% to 51%, yield an average error of 50.9%.
Actual flow is shown as the horizontal solid line and +10% as horizontal dashed lines. Error
bars show the variation of 20 repeated acquisitions.
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Fig. 5.
Simulation derived color flow velocity and power images. Columns show alternating

velocity (cm/s) and normalized power on a linear scale. The top row presents c-plane cross-
sections in the axial center of the simulated volume (27 to 35 mm axially, wall filter). The
bottom row presents axial-lateral sections in the elevational center (no wall filter). The
simulated lumen (16-mm diameter) is indicated by white dotted lines. Data is averaged
(N=100).
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Simulation derived color flow velocity and power profiles across a 16-mm diameter lumen.
The left two panels show velocity (cm/s) and the right two panels power (arbitrary units) on
a linear scale. The top row presents lateral profiles in the axial center of the simulated
volume (31 mm axially, elevational center). The bottom row presents axial profiles at the
lateral and elevational center. All simulated volumes have been averaged for this display
(N=100). Dashed lines refer to the Study 1 simulation and solid lines refer to Study 2.
Dashed vertical lines show the lumen boundaries. Dotted lines show the true velocity profile.
The maximum velocity is underestimated by 11% and 9% in Study 1 and Study 2,

respectively.
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Fig. 7.

Lateral-elevational cross-section showing color flow beam voxels in the c-plane. Assuming a
geometric beam shape, i.e., each beam/voxel is evaluated for its geometric partial area
residing inside the simulated lumen as computed from the beam spacing and lumen
definition. (a) Color coded partial volume voxels, blue representing background tissue, i.e.,
0% blood background, and 100% blood (yellow) in the lumen. Partial voxels are shaded
from blue to yellow. (b) Image showing 100% tissue (yellow). (c) Image showing 100%
blood (yellow). (d) Image showing only partial volume voxels (yellow). The simulated
lumen of 16-mm diameter is indicated in each image as a solid line.
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Fig. 8.

Lateral-elevational cross-section showing color flow beam voxels in the c-plane. Assuming a
finite beam shape, i.e., each voxel is evaluated based on its integrated color beam point-
spread-function cropped by the geometry of the lumen (4). (a) Color coded partial volume
voxels, 0% blood (blue) in tissue background and 100% blood (yellow) in the lumen. Partial
voxels are shaded from blue to yellow. (b) Image showing 100% tissue (yellow). (c) Image
showing 100% blood (yellow). (d) Image showing only partial volume voxels (yellow). The
simulated lumen of 16-mm diameter is indicated in each image as a solid line.
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Histogram of color flow power (Study 1) coded by bar color as blood (red), tissue (yellow),
and partial blood and tissue (blue). Non-averaged data are shown in panel (a). Averaging
either by volume or axially yields the data shown in panels (b) and (c), respectively.
Averaging both, by volume and axially, yields the histogram shown in panel (d). A higher
level of averaging reduces speckle variation and therefore reduces the overlap of partial
volume voxels with background tissue and with lumen/blood voxels.
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Histogram of color flow power (Study 2) coded by bar color as blood (red), tissue (yellow),
and partial blood and tissue (blue). Non-averaged data are shown in panel (a). Averaging
either by volume or axially yields the data shown in panels (b) and (c), respectively.
Averaging both, by volume and axially, yields the histogram shown in panel (d). A higher
level of averaging reduces speckle variation and therefore reduces the overlap of partial
volume voxels with background tissue and with lumen/blood voxels.
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Fig. 11.

Relationship between partial voxel area and color flow power (Study 1) for raw and
averaged data shown as 2D histograms. Color bar indicates normalized histogram count.
Each column shows one type of averaging. Top row shows color flow power (abscissa)
versus partial volume weight wfrom (2) (ordinate). Dashed red line indicates where power
and partial voxel area are directly proportional. A fractional area of 0 and 1 correspond to
background tissue and blood, respectively. Red open circles are computed as mean power in
each fractional area bin. White ‘x’ are computed as the weighted mean, i.e., for each
fractional area bin, the sum over all power values times their histogram count, normalized by
the total histogram count in each fractional area bin. Black line histogram fit Pis defined in
the top left panel. Bottom row shows lateral-elevational lumen cross-section for each type of
averaging. The simulated lumen (16-mm diameter) is indicated by the white dotted line.
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Fig. 12.

Relationship between partial voxel area and color flow power (Study 2) for raw and
averaged data shown as 2D histograms. Color bar indicates normalized histogram count.
Each column shows one type of averaging. Top row shows color flow power (abscissa)
versus partial volume weight wfrom (2) (ordinate). Dashed red line indicates where power
and partial voxel area are directly proportional. A fractional area of 0 and 1 correspond to
background tissue and blood, respectively. Red open circles are computed as mean power in
each fractional area bin. White ‘x” are computed as the weighted mean, i.e., for each
fractional area bin, the sum over all power values times their histogram count, normalized by
the total histogram count in each fractional area bin. Black line histogram fit Pis defined in
the top left panel. Bottom row shows lateral-elevational lumen cross-section for each type of
averaging. The simulated lumen (16-mm diameter) is indicated by the white dotted line.

IEEE Trans Ultrason Ferroelectr Freq Control. Author manuscript; available in PMC 2020 November 01.



1duosnuepy Joyiny 1duosnuely Joyiny 1duosnuepy Joyiny

1duosnuely Joyiny

Kripfgans et al.

Flow estimate re. true flow
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Fig. 13.

Volume flow estimation using simulated color flow data. Left three bars represent results for
the simulation of blood flow in Study 1, whereas the right three bars represent those from
Study 2. Each group shows estimated volume flow (Q) relative to true flow. Linear partial
volume correction (PVC), as in [34], is shown in blue. Non-linear PVC, as resulting from
this work, is shown in orange and uses the fit functions AFigures 11 and 12) for Study 1 and
Study 2, respectively. The third bar in each group represents the flow result for no PVC.
Dashed horizontal line marks true volume flow at 100%. In Study 1, non-linear PVC
estimates Q by 5.8% better than linear PVC. In Study 2, linear and non-linear PVC differ by
0.2%.
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TABLE |

PARAMETERS OF SIMULATED ARRAY

Center frequency 3.75 MHz

Elements No., spacing, kerf 128, A, 10%

f-number 3

Elevational lens 30 mm

Burst length 4 cycles

PRF, Packet size 800 Hz, 16

Wall filter

Point-Spread-Function sensitivity level

for inclusion of scatterers

Lateral/elevational beam spacing

Field of view: axial
lateral

elevational

Convolution filter

-30dB (Tx)

-60 dB (Tx-Rx)

-6 dB (Tx-Rx)

2.65t03.52 cm (632 samples)
3cm (104 beams)
4cm (21 beams)
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TABLE Il

PARAMETERS OF SIMULATED PHANTOM

Vessel diameter 16 mm

Max. flow velocity 6.35 cm/s

Volume flow 6.38 mL/s

Scatterer density 15 per resolution cell

Number of scatterers in volume  4.29x106
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TABLE Il

FieLp 11 CONFIGURATION

Sound speed 1540 m/s
Attenuation 0 dB/MHz/cm
Sampling frequency 30x center frequency

Elevational discretization 7 sub-elements
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