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Abstract—Ultrasound ultrafast imaging (UI) allows acquisition of thousands of frames per second with a sustained
image quality at any depth in the field of view. Therefore, it would be ideally suited to obtain good statistical sampling of fast-moving tissues using spectral-based techniques to derive the backscatter coefficient (BSC) and associated quantitative parameters. In UI, an image is formed by insonifying the medium with plane waves steered at
different angles, beamforming them and compounding the resulting radiofrequency images. We aimed at validating, experimentally, the effect of these beamforming protocols on the BSC, under both isotropic and anisotropic
conditions. Using UI techniques with a linear array transducer (5–14 MHz), we estimated the BSCs of tissuemimicking phantoms and flowing porcine blood at depths up to 35 mm with a frame rate reaching 514 Hz.
UI-based data were compared with those obtained using single-element transducers and conventional focusing imaging. Results revealed that UI compounded images can produce valid estimates of BSCs and effective scatterer
size (errors less than 2.2 ± 0.8 and 0.26 ± 0.2 dB for blood and phantom experiments, respectively). This work
also describes the use of pre-compounded UI images (i.e., steered images) to assess the angular dependency of
circulating red blood cells. We have concluded that UI data sets can be used for BSC spectral tissue analysis
and anisotropy characterization. (E-mail: guy.cloutier@umontreal.ca) Ó 2015 World Federation for Ultrasound
in Medicine & Biology.
Key Words: Quantitative ultrasound, Backscatter coefficient, Spectral analysis, Plane wave imaging, Reference
phantom technique, Planar reflector technique, Erythrocyte aggregation.

The central quantitative parameter used for spectral
tissue characterization is the backscatter coefficient
(BSC). The BSC is a fundamental property of a tissue
that describes how effectively it is able to return acoustic
energy to the transducer, independent of the investigated
depth and the instrumentation (Ghoshal et al. 2013; Wear
et al. 2005). Formally, it is defined as the scattered
intensity in the backward direction per unit solid angle
per unit volume normalized by the incident wave
intensity (Ghoshal et al. 2013). In practice, the BSC is
related to the power spectral density (PSD) of the radiofrequency (RF) signal echo (Oelze 2013; Szabo 2004),
as described by

INTRODUCTION
Ultrasound tissue characterization using spectral methods
has been extensively studied and validated, both theoretically and experimentally, over the last 30 y (Faran 1951;
Insana and Brown 1993; Lizzi et al. 1983, 1988; Waag
et al. 1983). Its clinical relevance was reported in
studies on detection of inflammatory response (Tripette
et al. 2013), breast cancer treatment monitoring
(Sadeghi-Naini et al. 2013), detection of prothrombotic
factors (Yu et al. 2011) and prediction of coronary plaque
composition (Nair et al. 2002).

PSDð f Þ 5 Að f ; dÞIð f ; dÞBSCð f Þ;
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(1)

where f is the insonifying frequency; A is the signal attenuation at depth d caused by absorption, scattering and
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transmission of ultrasound in the acoustic path; and I is
the instrumentation effect that accounts for the transmitted pulse, transducer filtering and beam diffraction.
With this simplified definition, estimation of the BSC is
reduced to the compensation of two main confounding
factors: instrumentation properties and tissue attenuation.
Among different strategies to compensate for the
instrumentation, two techniques are of interest: the
planar reflector (Chen et al. 1997; Ueda and Ozawa
1985) and the reference phantom (Wang and Shung
1997; Yao et al. 1990) methods. With both approaches,
instrumentation effects are canceled out by dividing the
PSD of the interrogated tissue by that of the reflector/
phantom (see later Fig. 2). In the planar reflector technique, employed mainly in fundamental research using
single-element transducers, the frequency response of
the instrumentation is characterized by means of a
smooth plate of known reflectivity (typically stainless
steel, Plexiglas or quartz). The reflector surface creates
a high-amplitude RF echo of short duration (i.e., an impulse), which is gated out and used to estimate the spectral response of the instrumentation. The main advantage
of this method is that it needs no prior information other
than the geometry of the transducer and the reflectivity of
the planar surface. In the reference phantom technique,
commonly used with clinical array transducers, a wellcharacterized physical medium (i.e., with known attenuation, speed of sound and BSC) is insonified with the
same instrumentation parameters used to query the tissue.
This method has special requirements for the acoustic
properties of the reference medium; in particular, its
speed of sound and attenuation must be close to those
of the interrogated tissue (Ghoshal et al. 2013).
For most scattering tissues, the BSC presents an
intrinsic stochastic behavior as it depends on the random
position of scatterers (Insana and Brown 1993; Insana
et al. 1990; Teisseire et al. 2010) or, for spatially
correlated scatterers, on the pair-correlation function
describing the relative position of their structures, which
is also a random process (Fontaine et al. 1999;
Franceschini and Cloutier 2013; Saha and Kolios 2011;
Savery and Cloutier 2001). Likewise, the measurement of
BSC is affected by electronic noise, which is also
stochastic by nature. Thus, to obtain a robust estimate of
the BSC, coherent image compounding was implemented
by averaging decorrelated spectra from multiple locations
of the investigated tissue (Chen et al. 2005) or from the
same location in multiple frames with different angles of
observation (Gerig et al. 2004). Another approach consisted of deforming the tissue by applying an external pressure to obtain different signatures (Herd et al. 2011).
Alternatively, several decorrelated temporal frames taken
over the same region of interest (ROI) can be averaged to
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obtain a good BSC estimate in the case of fast-moving tissues (e.g., heart, vessel walls and flowing blood). However,
with conventional focusing imaging, this usually requires
gating and averaging over several cardiac cycles because
of the limited frame rate.
The reduction of the stochastic nature of the BSC
and the availability of a high frame rate to improve
spectral tissue characterization can be addressed using ultrafast imaging (UI) techniques. Recent hardware improvements, such as graphic processing units, have
enabled their use for real-time applications (Tanter and
Fink 2014). Theoretically, UI techniques can offer thousands of frames per second (Montaldo et al. 2009). Moreover, these techniques can improve the image quality in
terms of lateral resolution and contrast-to-noise ratio in
the full field of view (Garcia et al. 2013). These latter
studies indicated that the image quality is comparable
to that of multi-focus techniques, but with an increase
in effective frame rate.
One of the most common techniques for UI is plane
wave imaging (PWI). In contrast to the traditional lineby-line formation of B-mode images using conventional
focused beams, PWI uses all elements of an array transducer to emit a series of plane waves (Fig. 1a, b) and
receive resulting echoes. Plane wave imaging results in
diffraction hyperbolas (Fig. 1a), which must be collapsed
in a process called migration, or beamforming (Fig. 1b),
to generate an image. Several migration techniques have
been proposed, including delay-and-sum reconstruction
(Montaldo et al. 2009) and spectral domain signal interpolations (Garcia et al. 2013; Lu 1997). To produce a
B-mode image, migrated frames steered at different
angles are averaged to improve the lateral resolution
with compounding (Fig. 1c).
Backscatter coefficient estimation using PWI has
recently been validated in vitro for isotropic media (i.e.,
a tissue producing similar echoes independent of the
angle of insonification) (Garcia-Duitama et al. 2014;
Salles et al. 2014). However, several biological tissues
present anisotropic characteristics. In such cases,
compounding of images from different angles could
induce a biased BSC estimation as different information
is averaged. We therefore expected, in this study, to
evidence a bias in the characterization of anisotropic
media, caused by the directivity of scatterers.
This study thus aimed to validate experimentally the
possibility of using PWI to estimate BSCs in isotropic
and anisotropic media. We specifically intended verifying
the effect on BSC of single-angle insonifications (Fig. 1b)
and compounded images (Fig. 1c). The validity of the results was confirmed by comparing BSCs with those obtained with single-element transducers and conventional
focusing imaging (FI).
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METHODS
Overview
To assess the accuracy of BSCs estimated with PWI
data, two sets of experiments were conducted under both
isotropic and anisotropic conditions. For the isotropic
case, two tissue-mimicking phantoms with spherical scatterers were employed. For the anisotropic condition,
porcine flowing blood in a tube circuit was used, as it
can depict backscatter angular dependencies (Allard
et al. 1996).
Experiments are portrayed in four sections. First,
BSC estimates of both media were obtained from PWI
compounded images (Fig. 1c) and PWI single-angle images (Fig. 1b). Second, BSC estimates of both media were
compared with two benchmark BSCs obtained with
single-element transducers and with conventional FI.
Third, BSC estimates were fitted to appropriate scattering
models to assess the effect of the beamforming technique
on derived effective scatterer sizes. Finally, scatterer sizes
from PWI single-angle acquisitions were used to assess
the angular independency or dependency (i.e., isotropy
or anisotropy) of the scanned medium. Figure 2 summarizes the acquired data sets and their purpose for estimation of the BSC. Signal processing was performed using
MATLAB (Version 2010a, The MathWorks, Natick,
MA, USA).
Description of phantoms
Two tissue-mimicking phantoms were bought from
the University of Wisconsin at Madison. They were
molded using an acrylic cylindrical ring 15 cm in diameter and 4 cm in height (Fig. 2). A 25-mm-thick Saran
wrap layer acted as an acoustic window on top and bottom planar surfaces. The tissue-mimicking material of
both phantoms was made of agar at a mass fraction of
2%. Each phantom contained 4.5 g/L soda lime glass
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spherical scatterers with a diameter of 42.3 6 1.1 mm
(Duke Fisher Catalog No. 09-980-090, Thermo Fisher
Scientific, Waltham, MA, USA) or 49.0 6 1.4 mm
(Duke Fisher Catalog No. 09-980-091); these phantoms
are labeled Duke40 and Duke50, respectively.
Porcine blood experimental setup
Experimental conditions described by Yuan and
Shung (1988a, 1988b) were replicated in this section.
Briefly, three porcine blood samples of 2.5 L each
were collected from a local slaughterhouse. After
centrifugation, the buffy coat was removed, and the
hematocrit was adjusted to 3% or 45% in autologous
plasma. The blood was circulated in a steady flow
system (Fig. 3). The circuit included a nearly horizontal
(inclined by 3 ) polyvinyl chloride (PVC) tube
(length 5 130 cm, inner diameter 5 2.5 cm) that ensured
a fully developed laminar flow at measured speeds. An
acoustic window made of agar at a mass fraction of 3%
was placed 115 cm downstream from the tube entrance.
The flow was controlled with a relief valve and measured
with an electromagnetic flowmeter (Model FM-701 D,
Carolina Medical Electronics, East Bend, NC, USA).
Flow was adjusted to create mean shear rates of 2 and
10 s21, using the definition of Yuan and Shung (1988a).
Blood was pumped from the lower to the upper reservoir
using a peristaltic pump (Model 5000, Sarns, Ann Arbor,
MI, USA), to avoid erythrocyte hemolysis.
Array transducer acquisition protocol (for FI and PWI)
Both conventional focusing and plane wave data sets
were acquired with SonixRP and SonixTouch systems
(Ultrasonix Medical, Analogic, Boston, MA, USA) for
phantoms and blood experiments, respectively. Both systems were equipped with a L14-5/38 linear array transducer (38-mm width, 128 elements, 9.5-MHz center
frequency, 5- to 14-MHz 26-dB bandwidth).

Fig. 1. Process for formation of plane wave images. (a) Envelope-detected radiofrequency images insonified at 210 ,
0 and 10 . (b) Migrated images showing a lack of lateral resolution. Note that beamforming artifacts depend on the angle
of insonification after migration. (c) Compounded image with restored lateral resolution.
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Fig. 2. Spectra required for instrumentation compensation during backscatter coefficient (BSC) estimation using different
setups. The first letter of the spectrum subscripts indicates the
interrogated medium (S 5 tested sample, P 5 planar reflector,
R 5 reference medium); the second letter denotes the instrument used (S 5 single-element transducer, A 5 array transducer). Complete expressions for BSC estimation are given
in eqns (2) and (4) for the reference medium and planar
reflector techniques, respectively. For phantoms, BSCRS was
experimentally estimated using the planar reflector technique.
For the erythrocyte suspension, BSCRS was analytically
calculated from a blood scattering model.

For phantoms, the transducer was translated in the
elevation direction using ultrasound gel to acquire decorrelated signals. For blood, the transducer was placed in
contact with the acoustic window over the axis of the
PVC tube, as represented in Figure 3. The same system
parameters (i.e., pulse shape, voltage, gain) were used
to insonify the tested sample and the reference medium
(used in the reference phantom technique illustrated in
Fig. 2).
The clinical software Exam Version 6.0.7 of the Ultrasonix scanners was used to acquire the conventional FI
data set. The beam was focused at a 2.0-cm depth for
phantom data and at a 3.0-cm depth for porcine blood

Fig. 3. Experimental setup used for estimating backscatter coefficients of porcine flowing blood. Blood is pumped from a
lower to an upper reservoir, where height differences cause a
non-pulsatile flow. Ultrasound images are acquired through an
acoustic window in agar placed toward the end of the tube
entrance. The entrance length allowed a laminar steady flow.
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experiments. One hundred frames containing 128 scan
lines each were acquired with an aperture varying from
16 to 32 elements, depending on the lateral position of
active elements. All images were acquired at a depth of
7 cm with a frame rate of 33 Hz. The raw RF data were
sampled at 40 MHz and recorded directly from the
Exam software interface.
Plane waves were generated using the Ultrasonix
beamforming library (Texo 6.0.7) for focused beams
with a far focus at 30 cm. RF raw data were recorded
on the SonixDAQ archiving system (Ultrasonix) and
sampled at 40 MHz. For phantoms, the transmission protocol consisted of five steered plane wave insonifications
at 610 , 65 and 0 . For blood, angular insonifications
were increased to 615 , 610 , 65 and 0 (see
Fig. 4a) to evidence possible anisotropic effects. All images were acquired at a depth of 7 cm with a frame rate
before compounding of 514 Hz (equivalent to 102 and
73 Hz after compounding for phantom and blood experiments, respectively).
The single-angle images were beamformed using
the ‘‘delay-and-sum’’ technique described in detail by
Montaldo et al. (2009) and using an f-number of 2. Compounded images were reconstructed as the average of a
complete set of migrated steered insonifications, as illustrated in Figure 1c.
Speed of sound and attenuation coefficient
To compute BSCs with signal loss compensation,
both two-way travel and signal attenuation are required.

Fig. 4. Ultrasound B-mode image of porcine blood flowing into
the circuit of Figure 3. The arrowhead to the left indicates the
focal distance used for focusing imaging. (a) Angles considered
for plane-wave imaging steering of the wavefront. (b, c) Lower
and upper regions of interest for backscatter coefficient analysis.
(d) Schematic representation of the orientation of flowing erythrocyte aggregates, inspired by Figure 9 of Qin et al. (1998) and
used to interpret the effective scatterer radius analysis of
Figure 10.
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For phantoms, speed of sound and attenuation were
measured experimentally using the substitution method
detailed in Shung (2005). Two single-element transducers
were employed to cover the bandwidth of the array transducer used for plane wave imaging. The first singleelement transducer had a 26-dB bandwidth of 4.2–10.5
MHz (center frequency of 7.5 MHz) and an f-number of
4, whereas the second one had a 26-dB bandwidth of
10.9–32.3 MHz (center frequency of 20 MHz) with an
f-number of 3. The attenuation coefficient aS ; expressed
in decibels per centimeter, was computed by fitting the
experimental data to the power-law equation aS 5 bf n ,
where b and n are coefficients to be estimated (Sehgal
and Greenleaf 1982). This phenomenologic model was
selected as it is regularly used on ultrasound attenuation
data sets (Prince and Links 2006). For blood, the speed
of sound was assumed at 1580 m/s for all hematocrits
(Bushberg et al. 2002). Blood attenuation was considered
to be 0.26f dB/cm at 45% hematocrit and 0.006f dB/cm
at 3% hematocrit, where f is expressed in megahertz
(Wang and Shung 1997).
Definition of regions of interest
The ROI was defined as the segment of the image
that was used to estimate the BSC. As local artifacts could
appear in images because of different beamforming strategies, some depths and lateral regions were consistently
excluded. For conventional FI and single-element transducers, regions far from the focal zone were not used
because of the low signal-to-noise ratio (SNR). For
PWI, artifacts appearing in lateral regions because of
beam steering and grating lobes were also excluded
(see later the description of Fig. 9a, b). For phantoms,
the selected ROIs were within the 12- to 35-mm image
depth (i.e., 26-dB focal zone), excluding 5 mm laterally
on both sides of images (white box in Fig. 9a). For blood,
the ROI was positioned to reproduce that used by Yuan
and Shung (1988a). It consisted of the distal half of the
tube ranging from 23 to 35 mm in depth, as represented
by the white rectangle of Figure 4b.
Spectral estimation
To process the signal in the frequency domain, the
Welch method for spectral smoothing was applied
(Semmlow 2004; Welch 1967). Briefly, RF lines in the
ROI were segmented with squared windows of 15l of
side and 75% of overlap between them. RF lines inside
each window were zero padded to 128 samples and
multiplied by a Hann window before computing a
power spectrum. It was assumed that all RF segments
inside a window shared the same acoustic properties.
The power spectra of every window inside the ROI
were averaged to obtain a mean power spectrum
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for each sample (e.g., to obtain SSA or SRA in Figure 2,
for the tested sample and the reference medium,
respectively).
Signal processing for BSC estimation using an array
transducer
For conventional focusing and plane wave data sets,
the BSC was calculated using the reference phantom
technique as
BSCSA ð f ; dÞ 5 D

SSA ð f ; dÞ10
SRA ð f ; dÞ10

aS ðf ;2dÞ
10

aR ðf ;2dÞ
10

E BSCRS ð f ; dÞ; (2)
d

where SSA and SRA represent power spectra of the tested
sample and the reference medium, respectively; aS and
aR are attenuation coefficients of the latter media, respectively; h$id corresponds to the spectrum averaged from all
windows found at depth d; and BSCRS is the known BSC
from the reference medium. Note that in all cases, SRA
was acquired with the same beamforming strategy used
for SSA. In particular, for single-angle images in PWI,
SRA was calculated from temporal frames at the same
angle of insonification used for the tested sample.
For phantoms, BSCRS was obtained experimentally
with single-element transducers and the planar reflector
technique, as detailed later under Estimation of the
BSC of Phantoms with a Single-Element Transducer.
Both Duke40 and Duke50 phantoms were used as tested
sample and reference as follows: during BSC estimation
of the Duke40 phantom (i.e., when it was considered as
the sample phantom, BSCSA), the Duke50 singleelement data set was used as the well-characterized reference, BSCRS, and vice versa.
For porcine blood, the reference medium consisted
of a suspension of erythrocytes in saline at a low hematocrit, as suggested by Wang and Shung (1997). We
considered a suspension at 3% hematocrit flowing in
the same circuit of Figure 2 at a mean shear rate of 2
s21. The saline medium restrains the formation of erythrocyte aggregates, thus providing a reproducible reference whatever the donor. BSCRS was analytically
calculated employing the state-of-the-art effective medium and structure factor model (EMTSFM) for
blood scattering (Franceschini and Cloutier 2013;
Franceschini et al. 2011), as
 


BSCRS 3% ð f ; sÞ 5 m hagg sð f ; s; gz ÞS hagg ; f ; s ; (3)
where m is the number density of aggregates in the medium that depends on the volume fraction of aggregates,
hagg (calculated as the ratio of the hematocrit h to the volume fraction of erythrocytes into an aggregate, defined as
the internal hematocrit hi ); sðf ; s; gz Þ is the backscatter
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cross-section of an aggregate that depends on the insonifying frequency, f, the effective radius of the erythrocyte
aggregate, s, and the acoustic impedance contrast between the suspending medium (saline in this case) and
erythrocyte aggregates, gz; S is the structure factor depending on hagg , the frequency and the aggregate effective
radius. To model the erythrocyte saline solution (i.e., the
reference medium with no aggregation), the aggregate in
eqn (3) was considered to contain a single erythrocyte;
thus, the following parameters were assumed: h 5 3%;
hi 5 100%; s 5 2.7 mm; and gz 5 0.13 (Franceschini
and Cloutier 2013). The frequency range in eqn (3)
matched the bandwidth of the array transducer. The structure factor S was approached by an analytical solution for
solid spheres (Wertheim 1963), as proposed in the original description of the EMTSFM.
Comparison of estimated PWI BSCs with benchmark
BSCs
To validate the accuracy of BSCs estimated with
PWI, they were compared with two benchmarks: the
BSC estimated with a single-element transducer and
that obtained with FI. For phantoms, the single-element
transducer BSC was experimentally measured by
applying the planar reflector technique, as detailed in
the next section. For porcine blood, the BSC measured
with a single-element transducer was taken from the literature (Yuan and Shung 1988b). Quantitative error comparisons were done with the FI BSC data sets.
Estimation of the BSC of phantoms with a singleelement transducer
The same single-element transducers used for speed
of sound and attenuation coefficient estimation were used
for this experiment. The definition of the ROI and the
spectral estimation method were identical to those used
for BSC estimation using the linear array transducer.
To obtain SSS (Fig. 2), RF data were acquired scanning the phantoms with each transducer controlled by a
3-D positioner. Phantoms were submerged in degassed
water at 22 C. Each transducer was positioned perpendicular to the phantom surface, and its focal point at 2-cm
depth was located in the middle of the phantom. Then,
the transducer was moved laterally to acquire nine
spatially decorrelated images composed of at least 61
scan lines, each separated by a beam width. The beam
width was estimated as 1.02 3 l 3 f-number (Cobbold
2007), where l is the wavelength in water at 22 C at
the transducer central frequency.
To obtain SPS (Fig. 2), RF data from the planar
reflector were acquired at different depths of the focal
zone. The transducer was first positioned at a distance
corresponding to the proximal edge of the 26-dB region.
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Then, it was moved axially away from the Plexiglas surface, with a step of half of a wavelength, until the Plexiglas surface coincided with the distal edge of the 26-dB
focal region. At each step, a single scan line was acquired.
Signal processing for BSC estimation in phantoms using
a single-element transducer
To obtain BSCs from phantoms with a singleelement transducer, the planar reflector technique and
the diffraction correction of Chen et al. (1997) were
applied. The BSC of each window within a ROI was
calculated as
aS ðf ;2dÞ
10

SSS ð f ; dÞ$10
BSCSS ð f ; dÞ 5
SPS ð f ; dÞ

$r 2 $D:

(4)

In eqn (4), SSS and SPS are power spectra of the tested
phantom sample and of the planar reflector at frequency f
and depth d, respectively; as is the attenuation coefficient
of the interrogated sample; r is the pressure reflection coefficient of the planar reflector, assumed as 0.37 for Plexiglas in degassed water (Han et al. 2013); and D is the
beam diffraction correction function of Chen et al.
(1997) given by
d2
A0 Z

 
 
with Eð f ; dÞ 5 12e2iGp J0 Gp 1iJ1 Gp

Dð f ; dÞ 5 2:174jEð f ; dÞj

2

(5)

In the latter equations, d is the depth of the window; A0 is
the transducer active area; Z is the lateral size of the window used to gate out the RF signal; Gp is the pressuregain factor, defined as Gp ðf ; dÞ 5 A0 f =cs d, where cs is
the speed of sound; and J0 and J1 are the zero- and
first-order Bessel functions of the first kind, respectively.
Quantitative assessment of PWI BSCs
The mean deviation between BSCs computed with
PWI and FI data sets was calculated, in decibels, as



1 X 
BSCPWI ðf Þ 
DevðBSCPWI ; BSCFI Þ 5
10 log
;
BSCFI ðf Þ 
kBk f in B
(6)
where B is the set of frequencies in the analyzed bandwidth; and BSCPWI ðf Þ and BSCFI ðf Þ are mean BSCs
calculated from a set of nine images (frames) with PWI
and FI, respectively. For PWI, mean BSCs were determined from single-angle images and from steered images
that were compounded in the time domain to compute a
mean BSC. Deviations in eqn (6) were averaged for
both phantoms and for both shear rates in the case of flowing blood.
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Derived BSC scatterer size and anisotropy assessment
To assess the effect of the beamforming technique
on quantitative tissue characterization parameters, estimated BSCs were fitted to a scattering model appropriate
to each medium. In this study, only the effective scatterer
radius was estimated as the scatterer concentrations are
known. For phantoms, the Faran (1951) model was chosen as it accurately describes randomly distributed rigid
spheres in a homogeneous medium. This model considers
physical and mechanical properties for both scatterers
and the medium (i.e., mass density, speed of sound and,
for scatterers, Poisson ratio, radius and number density).
For soda lime glass scatterers, these properties were
considered to be a mass density of 2.38 g/cm3, Poisson ratio of 0.23, speed of sound of 5620 m/s (Ide 1937) and
known-number densities of 0.05 and 0.03 million scatterers/mL for Duke40 and Duke50, respectively. Speed
of sound and mass density of the background medium
were measured as 1530 m/s and 1.01 g/cm3, respectively.
For blood, the EMTSFM scattering model of eqn (3)
was selected as it takes into account coherent scattering
caused by the high number density of red cell aggregates.
We assumed spherical aggregates with an internal hematocrit hi of 74% (i.e., the maximum volume concentration of
solid spheres in hexagonal close packing) (Franceschini
and Cloutier 2013). The acoustic impedance contrast gz
was again fixed at 0.13; the hematocrit was experimentally
fixed at 45%, and the remaining parameter to determine
was the effective aggregate radius, s.
The criterion to minimize when determining the
effective scatterer size was the normalized root-meansquare error between the experimental BSCSA and that
predicted by the scattering model:
8vﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃ9


<u
u 1 X BSCSA ðf Þ2BSCM ðf ; sÞ 2 =
b
:
s 5 arg mins t
;
: kBk f in B
BSCM ðf ; sÞ
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at b 5 0.034 6 0.01 and n 5 1.67 6 0.3 in the bandwidth
range of 5 to 14 MHz. These values also accounted for the
transmission loss between the Saran wrap layer and the
phantom itself. The numerical similarity of these acoustic
measures for both phantoms ensures that beam diffraction
was similar and that the reference phantom technique was
suitable for instrumentation compensation. Because both
phantoms had the same mean attenuation, estimated
BSCSA using the reference phantom technique was
dependent only on the BSCRS of the reference medium
and on estimated power spectra SSA and SRA (eqn [2]).
BSCs estimated using plane wave imaging versus
benchmark measures
Mean BSCs for both isotropic phantoms are illustrated in Figure 5. Standard deviations are hidden for
clarity. The solid and dashed lines represent benchmark
BSCs obtained with single-element transducers. The
overlap of results suggests consistency in BSC estimation
for all imaging techniques.
For blood experiments, samples from three swine
were analyzed at two shear rates. The lower shear rate
(2 s21) promoted the formation of larger erythrocyte aggregates, which increased the BSC magnitude. BSCs are
presented comparing the two benchmarks (i.e., singleelement transducer and FI, Fig. 6) and all PWI techniques
versus FI (Fig. 7). First, we observe agreement in magnitude and slope between BSCs obtained with FI and those
from the literature at a normal fibrinogen concentration

(7)
In this expression, b
s is the estimated effective scatterer
radius; BSCSA and BSCM are backscatter coefficients
obtained experimentally and by the scattering model
evaluated at the radius s, respectively. An exhaustive
search was employed to solve the minimization problem
within the bandwidth of 5 to 14 MHz. The range of b
s
obtained from PWI single-angle images (between 215
and 15 ) was used to assess the anisotropy.

RESULTS
Speed of sound and attenuation of phantoms
Speeds of sound were estimated as 1533 6 3 and
1536 6 3 m/s for Duke40 and Duke50, respectively.
Attenuation coefficients for both phantoms were identical

Fig. 5. Mean backscatter coefficient (BSC) from isotropic
phantoms after averaging of nine image frames. Solid and
dotted lines represent benchmark BSCs measured with singleelement transducers. Hollow and filled markers represent
BSCs estimated for focused, compounded and single-angle
plane wave images for Duke40 and Duke50 phantoms, respectively. Focused and all plane wave techniques reproduced
consistently benchmark BSCs. Standard deviations are hidden
for clarity.
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deviations below 0.26 dB on average were observed.
For blood experiments, mean deviations ranged from
1.1 to 2.2 dB. The lowest deviation was obtained with
the compounded approach.
BSC artifacts induced by the beamforming protocol
Tissue-mimicking phantoms were considered to
have a reasonably homogeneous scatterer distribution.
Therefore, the entire analyzed volume should share
similar BSCs. We used this fact to identify image regions
with systematic artifacts produced by selected beamforming techniques. Figure 9 depicts parametric images of the
mean deviation (eqn [6]) computed for selected PWI
versus FI methods in the case of Duke50 phantom. Overall, errors were not dependent on depth, suggesting that
the attenuation was correctly compensated for and that
the SNR was sufficient to allow good BSC estimations.
Plane wave-steered images (Fig. 9a, b) revealed, as expected, lateral artifacts because of the reduced coherent
acoustic energy in these regions. Remarkably, the
0 data set also presented lateral artifacts (Fig. 9c). These
artifacts were also present in the compounded image,
although attenuated (Fig. 9d). As mentioned earlier, those
lateral regions were excluded from all data analyses.

Fig. 6. Mean backscatter coefficients (BSCs) of porcine flowing
blood estimated with conventional focusing imaging at mean
shear rates of 2 s21 (a) and 10 s21 (b). Dotted blue and red lines
are BSC estimations made with a single-element transducer at
normal and low plasma fibrinogen concentrations, respectively
(data taken from Yuan and Shung 1988b). Less erythrocyte aggregation and smaller BSCs are obtained at a low fibrinogen
level (Weng et al. 1996a, 1996b). Filled markers represent the
BSCs estimated from blood samples of three swine.

(Fig. 6). This agreement validates the use of the
EMTSFM to produce the reference BSCRS and also confirms that attenuation and beam diffraction were correctly
compensated for during the estimation process. From
Figure 6, it is also observed that inter-individual differences were present for the three swine. BSCs from compounded data matched well those of FI in magnitude and
spectral slope in most cases (with the exception of swine
1 at 2 s21) (Fig. 7). However, the anisotropy of blood
backscatter affected, as expected, the BSC magnitude at
each single angle. A consistent incremental bias in BSC
was observed for step changes in insonifying angles
(see the description of Fig. 10 for a better visualization
of the anisotropy).
Quantitative comparisons of PWI BSCs to benchmark
FI BSCs
Mean deviations (eqn [6]) of PWI beamforming
techniques are illustrated in Figure 8. For phantoms,

Derived scatterer sizes and anisotropy assessment
The effective scatterer radii derived from the model
fitting of phantom and blood experiments are shown in
Table 1. In both cases, estimates from compounded
PWI were in agreement with those of FI, with deviations
of less than 2.9 mm. For blood, PWI (compounded and
single angles) and FI data sets revealed a maximum error
of 7.5 mm compared with single-element transducer measures from the literature (by fitting the EMTSFM model
to the data of Yuan and Shung [1988b]). It is notable
that radii of phantom scatterers were consistent for all
single-angle measures. This may be attributed to the isotropy of embedded glass particles. In contrast, radii
observed for steered images in blood appeared angle
dependent.
This latter observation is better visualized in
Figure 10. Left panels in this figure correspond to radii
taken from the lower ROI of the blood vessel depicted
by the white rectangle of Figure 4b, whereas results in
right panels represent measures taken in the top yellow
ROI of Figure 4c. As observed, the anisotropic behavior
of scatterer radii was consistent from pig to pig.
Increasing or decreasing trends were observed from measures taken at 215 to 15 , depending on the position of
the ROI within the tube.
DISCUSSION
In this study, we estimated the BSC of two isotropic
tissue-mimicking phantoms and anisotropic aggregating
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Fig. 7. Mean backscatter coefficients (BSCs) of porcine flowing blood estimated with compounded and single-angle
plane wave images at mean shear rates of 2 and 10 s21 compared with focused images.

erythrocyte structures using two PWI strategies: compounded and single-angle insonifications. In isotropic
media, both PWI approaches provided accurate BSC estimations compared with benchmark measures. For flowing blood, even if mean deviations from benchmark BSC
values were higher than with the phantom data sets (1.1–
2.2 dB vs. 0.15–0.26 dB), it can be concluded that PWI
gave satisfying estimations of the backscatter coefficient.
Indeed, observed mean differences below 2.2 dB between
PWI and FI BSCs are smaller than the inter-subject variability for porcine blood (approximately 3 dB) (Shung
et al. 1992) and well below changes in BSC attributed
to the kinetics of red blood cell aggregation (approximately 12 dB) (Yuan and Shung 1988b).
For blood experiments, single-angle PWI revealed
angular dependencies of the effective scatterer size,
which may be attributed to the macroscopic orientation
of aggregates with flow streamlines, as postulated by
Allard et al. (1996) and Qin et al. (1998). If one considers
spherical aggregates, as assumed by the EMTSFM
model, one should expect small aggregates near the
vessel wall where the shear rate is maximum, larger aggregates near the tube center and smaller aggregates at
the tube center axis because of the well-known ‘‘black
hole’’ phenomenon (i.e., the reduction of the aggregation
when the shear rate is close to zero, see Yuan and Shung
[1989] and Qin et al. [1998]). This is illustrated in
Figure 4d.
With this latter figure, let us explain the results in
Figure 10. In the lower region of the tube (white rectangle), scatterer sizes increased from 215 to 15 insonification, likely because the macroscopic structure of
aggregates was more perpendicular to the plane wave
front at 15 . By opposite analogy, this also applies to
the upper region (yellow rectangle) where larger scatterer
sizes (higher backscatter) were observed at 215 . Thus,
this suggests that edges of flowing aggregates were tilted
with a 3-D cone-shaped orientation into the cylindrical
tube. An optical validation of this hypothesis has yet to
be proven, but current technologies make this difficult

because of the opacity of blood at a normal hematocrit.
However, this is consistent with previous observations
of higher backscatter when perpendicular muscle fiber
orientations are insonified (Recchia et al. 1995).
Even if results with compounded images were comparable to those of FI, the benefits of using plane waves to
calculate the BSC are threefold. First, higher frame rates
allow robust spectral characterization of fast-moving tissues such as the cardiac muscle, artery wall and pulsatile
blood flow. This advantage may be used to characterize
the BSC of transient events (e.g., turbulent motion downstream of a stenosis) (Cloutier et al. 1995). This may also
be advantageous to reduce the acquisition length while
maintaining sufficient records of RF data to reduce the
variance of BSC estimates with averaging. Second, the
quality of images, evaluated by the lateral resolution
and the contrast-to-noise ratio, had been shown by others
to be comparable to that of multi-focus imaging in the
whole field of view (Garcia et al. 2013; Montaldo et al.
2009). This property may favor the use of the whole
image depth for BSC estimation in the opposite of
conventional focusing imaging, where BSC estimation
is expected to be better at the focus. Third, we found

Fig. 8. Deviation of the backscatter coefficient (BSC) in decibels derived from plane wave techniques compared with the
BSC of conventional focusing imaging. Data from phantoms
are in dark blue, and those of porcine blood are in light blue.
STD 5 standard deviation.
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Fig. 9. Parametric images of the mean deviation of the backscatter coefficient (in dB) reveal regions with systematic artifacts induced by the beamforming protocol. Higher values (red) indicate regions with larger deviations from the benchmark backscatter coefficient (focused images). (a–c) Single-angle plane wave insonification at 210 , 10 and 0 ,
respectively; lateral biases caused by the steering of the wave front are observed. (d) Image compounded from plane
wave insonifications; attenuated lateral biases are still present on both sides. The white box in (a) indicates the region
of interest considered for backscatter coefficient analysis.

that the anisotropy of tissues can be assessed using the
angular data available before compounding. This
information is of medical relevance to study the
myocardium (Mottley and Miller 1988), tendons
(Hoffmeister et al. 1995) and aggregates of erythrocytes
(Allard et al. 1996; Savery and Cloutier 2005), to name
a few examples.
Plane wave imaging-derived techniques, however,
have limitations that may affect BSC estimation. First,
beam penetration without compounding is more limited
than with FI because the acoustic pressure of a plane
wave insonification is lower, particularly at the focus.
Conversely in PWI, if the frame rate is not of particular
interest for a specific application, the use of several insonification angles could lead to a slightly better SNR for
compounded images, thus leading to improved penetration. Nonetheless, the number of steered angles has a
limit when one is concerned by SNR improvement

(Garcia et al. 2013). Other techniques coming from radar
theory, like coded excitation and pulse compression
(Oelze 2007), can lessen this drawback. Spectral analysis
techniques have already been successfully used in
conjunction with coded excitation (Kanzler and Oelze
2008; Sanchez et al. 2009).
A second drawback is the reduced lateral resolution
affecting single-angle PWI images because of the lack of
transmit focusing. However, the compounding process
achieves a synthetic focusing for each pixel in the intersection of the beams, thus restoring the resolution
(Montaldo et al. 2009). Nonetheless, similar problems
could be present in compounded images if the beams of
pre-compounded images do not overlap. The triangular
region created by intersecting beams (Fig. 11) has been
previously discussed in the context of elastography using
multiple steered beams (Hansen et al. 2010). The depth at
which beams cease to overlap and, as a consequence, at
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Table 1. Effective radius of scatterers (in mm) in phantoms (i.e., glass beads) and blood (i.e., erythrocyte aggregates) after fitting
of their backscatter coefficients to appropriate scattering models*
Single-angle plane waves
Single element

Focused

Compounded plane waves

215

210

25

0

5

10

15

NA
NA
2 s21

20.4
23.9
41.4y

10 s21

24.0y

20.1
23.4
43.4
47.4
42.5
25.9
23.4
22.4

20.2
23.1
41.4
48.9
45.4
26.7
23.8
22.8

NA
NA
38.5
43.2
40.4
24.6
22.8
22.5

20.3
23.2
38.3
42.4
38.7
22.8
20.5
19.8

20.3
23.3
39.2
44.0
39.8
23.0
19.8
18.9

20.2
23.3
40.9
46.2
42.3
24.3
21.5
21.0

20.4
23.7
39.0
44.5
41.2
24.4
21.4
21.2

20.1
23.5
39.6
44.2
42.0
25.9
22.8
22.6

NA
NA
40.6
45.5
43.6
26.9
24.1
23.6

Sample

Mean shear rate

Duke40
Duke50
Swine 1
Swine 2
Swine 3
Swine 1
Swine 2
Swine 3

NA 5 not applicable.
* For blood, backscatter coefficients from the lower region of interest of Figure 4 (white box) were considered. The actual radii of spheres within
Duke40 and Duke50 phantoms were 21.1 and 24.5 mm, respectively. The anisotropy of blood backscatter is evidenced when estimates from single angles
are compared between them.
y
Data from the literature. Inter-individual differences in aggregation of erythrocytes may exist with studied porcine blood samples.

which the lateral resolution is diminished is determined
by the width of the transducer, m, and the maximal steering angle, q (see Fig. 11). This depth is described by the
equation
m
:
(8)
d5
2 tanðqÞ
In the present study, the lack of lateral resolution on
single-angle images had no impact, as phantom and blood
flow echogenicity was homogeneous in the horizontal
direction with no hyper-echoic regions.
A third drawback is caused by beam steering, which
affects not only PWI but other beamforming techniques
employing oriented beams. As illustrated in Figure 9 (a,
b), beam steering causes regions below the lateral side

of the transducer to receive less acoustic pressure than
those below its center, potentially affecting the SNR of
the BSC. In this study, the latter drawback was avoided
by excluding lateral zones of each image as the depth
scanned was far from the interception limit (corresponding to 10.8 cm for our transducer measuring m 5 38 mm).
However, for small probes (e.g., arrays of 10 mm in
lateral length), the resolution triangle can imply serious
biases for BSC estimation, even at a depth as small as 3
cm. A possible approach to counteract this problem
may consist of normalizing the sample power spectrum
SSA in eqn (2) with a set of windows in the reference medium having the same loss in acoustic energy (i.e., the
same position in the ROI). Nevertheless, to have a consistent estimate with the reference medium, it would be

Fig. 10. Effective scatterer radius estimated from the fitting of the backscatter coefficient to a model of blood backscatter
at shear rates of 2 and 10 s21. Raising and decreasing trends in scatterer dimensions are observed when considering lower
and upper regions of interest depicted in Figure 4.
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Ghoshal et al. 2013). Another issue delaying acceptance
of quantitative spectral methods is the need for
calibration of the backscatter signal intensity (Wear
et al. 2005). It is common for most laboratories to create
their own reference medium, making it difficult to reproduce measurements (e.g., Salles et al. 2014; Wang and
Shung 1997; Wear et al. 2005). Calibrated commercial
tissue-mimicking phantoms would alleviate this problem
(Nam et al. 2012). Other challenges, such as real-time
display of parametric images, are still to be overcome;
nevertheless, hardware improvements, such as graphic
processing units, in addition to experimental validation
as discussed here, allow us to be hopeful of a future clinical scanner with spectral characterization capabilities.
CONCLUSIONS

Fig. 11. Depiction of the triangle with a higher lateral resolution for plane-wave compounded images, defined by the intersection of single-angle plane-wave images. After a distance d,
the gain in lateral resolution offered by compounding is lost
and the backscatter coefficient estimation quality may be
affected.

necessary to perform sufficient averaging of power
spectra. With a static reference phantom, this may be
difficult, but it may be possible in the case of flowing
blood, as different time frames may be used.
One important aspect of our results is that they were
obtained with a clinical scanner providing RF data and, in
the case of FI, with the same software employed for patient examination. This provides more evidence of the
possibility of integrating spectral tissue characterization
methods into clinical practice, even with new beamforming technologies. Historically, the implementation of
spectral-based quantitative ultrasound techniques on clinical scanners has been deferred for a few reasons; in
particular, the lack of access to RF signals and the
absence of a consensus on the methodology of BSC estimation were early problems (Anderson et al. 2010;
Madsen et al. 1999; Nam et al. 2011). Today, most of
these causes have been overcome. For example, several
commercial ultrasound scanners provide easy access to
RF data (before or after beamforming), thus facilitating
the implementation of robust BSC spectral methods.
State-of-the-art BSC estimation procedures can be found
in recent textbooks (Franceschini and Cloutier 2013;

Evidence suggesting the use of plane-wave imaging
for the estimation of the backscatter coefficient in biological tissues was discussed. BSC estimates obtained with
compounded plane-wave images were equivalent to those
obtained with single-element transducers and conventional focusing, in both isotropic and anisotropic media.
In particular, small differences were observed between
effective scatterer radii derived from the two techniques.
Additionally, we evidenced in experiments with porcine
blood that single-angle PWI images (i.e., before compounding) could be used to assess the anisotropy of flowing erythrocyte aggregates. These results suggest that
plane-wave imaging can be used for spectral tissue characterization, particularly in the case of fast-moving
tissues.
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