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Abstract—Acoustic radiation force impulse (ARFI) imaging involves the mechanical excitation of tissue using
localized, impulsive radiation force. This results in shear-wave propagation away from the region of excitation.
Using a single diagnostic transducer on a modified commercial ultrasound (US) scanner with conventional
beam-forming architecture, repeated excitations with multiple look directions facilitate imaging shear-wave
propagation. Direct inversion methods are then applied to estimate the associated Young’s modulus. Shear-wave
images are generated in tissue-mimicking phantoms,ex vivo human breast tissue andin vivo in the human
abdomen. Mean Young’s modulus values of between 3.8 and 5.6 kPa, 11.7 kPa and 14.0 kPa were estimated for
fat, fibroadenoma and skin, respectively. Reasonable agreement is demonstrated between structures in matched
B-mode and reconstructed modulus images. Although the relatively small magnitude of the displacement data
presents some challenges, the reconstructions suggest the clinical feasibility of radiation force induced shear-wave
imaging. (E-mail: kathy.nightingale@duke.edu) © 2003 World Federation for Ultrasound in Medicine &
Biology.
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INTRODUCTION

The ability to image the mechanical properties of tissue
noninvasively does not exist commercially today. How-
ever, manual palpation of tissues for the purpose of
disease identification and diagnosis is regularly per-
formed by clinicians. The utility of manual palpation is
limited to more superficial and/or larger structures be-
cause deeper and smaller structures are generally ob-
scured by overlying tissues. Thus, the goal of developing
an imaging system capable of evaluating the mechanical
properties of tissues at depth and with high resolution is
being pursued by several researchers (for example:
Plewes et al. 2000; Muthupillai et al. 1995; Ophir et al.
1999; Taylor et al. 2000; Hall et al. 2002; Zhu et al.
1999; Sarvazyan et al. 1998; Nightingale et al. 2002b;
Walker et al. 2000; Sandrin et al. 2002; de Korte and
vander Steen 2002; Steele et al. 2000; McKnight et al.
2002).

Methods for imaging the mechanical properties of
tissues involve mechanical excitation of the tissue and
observation of the tissue response. The traditional types
of excitation are static compression (i.e., elastography
and strain imaging [Ophir et al. 1999; Steele et al. 2000;
Bilgen and Insana 1998; Hall et al. 2002] and quasistatic
magnetic resonance elastography (MRE) [Plewes et al.
2000], and dynamic vibration excitation (i.e., sonoelas-
ticity [Taylor et al. 2000; Fu et al. 2000] and dynamic
MRE [McKnight et al. 2002; Van Houten et al. 2000;
Oliphant et al. 2001; Sinkus et al. 2000]). Transient
elastography has also been implemented utilizing tran-
sient dynamic excitation to characterize the mechanical
properties of tissues (Sandrin et al. 2002). Traditionally,
the source of the excitation has been external to the
tissue; however, naturally occurring physiologic motion
has also been utilized for arterial imaging (Arnett et al.
1994) and for cardiac (D’hooge et al. 2002; Varghese et
al. 2003) and arterial strain imaging (de Korte and vander
Steen 2002; Mai et al. 2001).

Recently, acoustic radiation force has been used to
generate internal mechanical excitation noninvasively
(Sugimoto et al. 1990; Sarvazyan et al. 1998; Fatemi and
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Greenleaf 2000; Walker et al. 2000; Nightingale et al.
2002b; Bercoff et al. 2002). Acoustic radiation force is
generated by a transfer of momentum from the acoustic
wave to the tissue. In soft tissues, the force is applied in
the direction of wave propagation and the magnitude of
the force can be approximated by:

F �
Wabsorbed

c
�

2�I

c
, (1)

where F, dyn/(1000 cm)3 or kg/(s2cm2), is acoustic ra-
diation force, Wabsorbed, W/(100 cm)3, is the power ab-
sorbed by the medium at a given spatial location, c (m/s)
is the speed of sound in the medium, � (Np/m) is the
absorption coefficient of the medium and I (W/cm2) is
the temporal average intensity at a given spatial location.
The spatial distribution of the radiation force field is,
thus, determined by both the transmitted acoustic param-
eters and the tissue properties. For a thorough discussion
of the radiation force phenomenon, the reader is referred
to Sarvazyan et al. (1998).

When radiation force is applied to a given spatial
volume for a short duration (i.e., the focal region of a
focused acoustic beam with a temporal application time
on the order of 1 ms), transient shear waves are generated
that propagate away from the initial region of excitation
(Sarvazyan et al. 1998). Shear-wave propagation speed
and attenuation are directly related to the mechanical
properties of the tissue. Existing reconstruction methods
that derive shear modulus from dynamic displacement
information can be applied to these data (Muthupillai et
al. 1995; Sinkus et al. 2000; Oliphant et al. 2001; Sandrin
et al. 2002; Fu et al. 2000; Bercoff et al. 2002).

Shear modulus reconstruction methods can be di-
vided into two general categories: 1. forward/iterative
methods that minimize the difference between displace-
ments calculated using finite element methods with as-
sumed material properties and the experimentally mea-
sured displacements (Plewes et al. 2000; Van Houten et
al. 2000), 2. direct inversion of the differential equation
of motion (Oliphant et al. 2001; Sandrin et al. 2002;
Bercoff et al. 2002) can be employed to compute shear
modulus. After the shear modulus has been determined,
the corresponding Young’s modulus can be estimated.
The relationships between shear-wave speed, shear mod-
ulus and Young’s modulus for a linear isotropic medium
are provided below:

ct � ��

�
;� � G �

E

2�1 � ��
, (2)

where ct is shear wave speed, � is a lame constant, � is
density, G is shear modulus, E is Young’s modulus and

� is Poisson’ s ratio (which is generally assumed to be 0.5
for soft tissue (i.e., incompressible), providing the rela-
tionship E � 3G). The second method is considerably
less computationally intensive; however, it suffers from
limitations when applied to data with poor signal-to-
noise ratio (SNR). Forward/iterative methods are more
robust in the presence of noise; however, they require
knowledge of the tissue structure (i.e., boundary condi-
tions). Recently, the direct inversion method of Oliphant
et al. (2001) was applied to radiation-force-induced shear
waves in tissue-mimicking phantoms with good results
(Bercoff et al. 2002). In this paper, we also employ this
reconstruction approach.

Reconstruction of the tissue shear modulus distribu-
tion from transient shear-wave excitation as generated
using acoustic radiation force is complicated by the fact
that frame rates must be fast enough to sample the
region-of-interest (ROI) at the Nyquist sampling limit.
This can be accomplished in ultrasonography either by
extensive parallel processing (Sandrin et al. 2002; Ber-
coff et al. 2002), which requires custom beam forming
architecture, or by repeated interrogations with different
“ track” directions (which can be implemented on com-
mercial scanners with reduced frame rates), or some
combination of the two. In this study, we used the
repeated interrogation approach.

The goal of this work was to present preliminary
results demonstrating the feasibility of using acoustic
radiation force to generate transient shear waves in vivo
and ex vivo and to evaluate the potential for using direct
inversion methods to reconstruct shear modulus maps
from these data.

METHODS

Experiments were performed in tissue-mimicking
phantoms, in vivo and in fresh ex vivo tissue samples,
immediately after surgical excision and prior to patho-
logic examination. The in vivo experiments were per-
formed with a hand-held transducer and a 10-mm stand-
off pad was placed between the transducer and the skin.
The ex vivo tissue experiments were performed with the
transducer held by a ring stand, these tissues were im-
aged at room temperature within 2 h of excision. The
transducer was coupled to the tissue samples using ul-
trasonic gel. After imaging the ex vivo tissue samples, the
location of the transducer was marked with ink and the
tissue was dissected along the imaging plane to identify
tissue structures corresponding to the ARFI datasets.

Experiments were performed with a Siemens Elegra
scanner (Siemens Medical Systems, Ultrasound Group,
Issaquah, WA, USA) that has been modified to allow
user control of the acoustic beam sequences and inten-
sities, as well as providing access to the raw radiofre-
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quency (RF) data. The beam sequences used for these
experiments consist of tracking beams and pushing
beams. The tracking beams were similar to those trans-
mitted during conventional B-mode imaging; 7.2 MHz,
0.2 �s pulse length, f/1 focal configuration, mechanical
index (MI) of 0.4, spatial peak temporal average (Ispta.3)
of 0.1 W/cm2 and a pulse-repetition frequency (PRF) of
5.6 kHz. Dynamic receive focusing was applied with an
f/1 receive aperture. The pushing beams were similar to
those transmitted during color Doppler sequences; how-
ever, the pulse length was increased considerably and the
aperture was not apodized (7.2 MHz, 27.8 �s pulse
length, MI of 1.2, Ispta.3 of � 1000 W/cm2 (applied for
less than 1 ms) and a PRF of 5.6 kHz). The total number
of pushing pulses (i.e., the duration of high-intensity
insonification), aperture size and focal point were varied
for different tissues.

The beam sequence was designed to quantify dis-
placement through time throughout a 2-D ROI, keeping
the pushing location constant within the ROI. For each
series of pushing pulses, a tracking line was fired first,
then between two and six pushing lines interspersed with
tracking lines (up to 1 ms), followed by several tracking
lines to observe the recovery response of the tissue (up to
10 ms). The pushing pulse location remained the same
and the location of the tracking lines was sequenced
across the ROI, interrogating each location for up to 10
ms. The lateral spacing of the tracking lines was deter-
mined by the desired ROI size, and typically ranging
from 0.2 to 0.75 mm. After firing the custom pulse
sequence, the corresponding B-mode image frame was
acquired. Data were acquired in real-time and processed
off-line.

The RF echo data (which was obtained by applying
depth-dependent focal delays to the data received at each
active element and summing these data) were 16-bit data,
acquired from the Elegra scanner at a sampling rate of 36
MHz. Off-line data processing was accomplished by
performing 1-D cross-correlation in the axial dimension
between up-sampled sequentially acquired tracking lines
(Trahey et al. 1987; O’Donnell et al. 1994). The RF data
were up-sampled to 216 MHz, then each tracking line
was divided into a series of search regions 0.53 mm in
length; the location of the peak in the cross-correlation
function between a kernel in the first tracking line (0.27
mm in length) and the corresponding search region in the
next tracking line was used to estimate the axial tissue
displacement in that region. Prior to peak location, the
correlated signal was further up-sampled to 4.3 GHz.
Thus, given an assumed acoustic velocity of 1540 m/s,
the minimum measured displacement is 0.18 �m. The
up-sampling was performed using a symmetrical filter
that allows the original data to pass through unchanged
and the interpolated values are selected to minimize the

mean square error between them and their ideal values
(i.e., the “ interp” function in MATLAB). A 75% overlap
of the kernel regions was used.

Complete ARFI datasets are generated by combin-
ing the data from each interrogation at each time step
(1/5632 s). This results in a 3-D data set of 2-D displace-
ment maps (axial and lateral position) that are updated at
a rate of 5632 Hz (i.e., a virtual frame rate of 5632 Hz).
The in vivo data are then filtered to remove the linear
component of the temporal profile of the displacement
data at each pixel (to account for respiratory and cardiac
motion artefacts) (Nightingale et al. 2002b). ARFI data
are presented in several ways. Typically, ARFI displace-
ment images are superimposed over matched B-mode
images.

To visualize shear-wave propagation, images are
generated of axial displacement as a function of lateral
position and time at a given depth. In these images,
shear-wave speed is reflected by the slope of the leading
edge of the wavefront through time. Shear waves are
rapidly attenuated in tissue-like media; thus, normaliza-
tion of the displacement values at each time step allows
better visualization of the wavefront.

To quantify the tissue mechanical properties, prop-
agation of the shear wave is modeled by the Helmholtz
wave equation (Sandrin et al. 2002),

�
�2u� i� x��

�t2 � ��� 2u� i� x��, (3)

where u�i(x�) is the displacement in the i direction at
location x�, � is density, � is shear modulus and t is time.
This equation applies to each component of displacement
independently. Knowledge of a single component (e.g.,
the z-component) of displacement allows reconstruction
of the local shear modulus � if � is assumed constant.
The local shear modulus is simply the ratio:

�
�2u� i� x��

�t2

�� 2u� i� x��
� �� x�� (4)

Evaluation of eqn (4) is complicated by noise, the un-
certain location of the shear wave and sampling nonuni-
formity.

The 2-D RF data set allows displacement to be
calculated in the z direction with great precision. Calcu-
lation of the Laplacian requires knowledge of the z
component of u� in a volume about the location of inter-
est. The partial derivatives of u� are readily calculated
from the displacement map in the z and, with less pre-
cision, the x directions. The y component is unknown,
however, and here taken to be zero. Outliers in the
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displacement data are removed by a median filter. The
data are then smoothed by a 2-D Gaussian low-pass filter
(Oliphant et al. 2001). From these smoothed displace-
ment estimates, the Laplacian and second temporal de-
rivative are calculated.

If displacement estimates are available at multiple
times during the passage of the shear wave for a
location of interest in the object, estimates of � can be
calculated at each time step and averaged, as was done
here.

A meaningful estimate of � can only be found if a
shear wave is present at the location of interest. Further-
more, inclusion of estimates of � in the average should
depend on the confidence in the estimate. To this end,
only estimates of � for which the denominator term
�� 2uz(x) exceeds a threshold are included in the average.
The threshold serves the dual purpose of detecting the
passage of a shear wave through the ROI, as well as
excluding particularly small values of �� 2uz(x) near zero
crossings, which are especially noise-sensitive in the
denominator. The threshold value (3% of the peak Lapla-
cian value occuring within the data) was determined
empirically. Figure 1 provides a flow chart of the calcu-
lation. The resulting images of shear modulus are median
filtered.

RESULTS

Two gelatin/graphite phantoms (A and C) with dif-
ferent gelatin bloom strengths (ratio 1:3), were con-
structed to evaluate the potential for radiation-force-
based shear modulus estimation (and, given that the
phantoms are relatively incompressible and isotropic,
Young’s modulus estimation). Given this construction, it
is expected that phantom C has a Young’s modulus (and
shear modulus) that is 3 times greater than phantom A
(Hall et al. 1997).

One method for shear-wave propagation visualiza-
tion is to observe the temporally/varying axial displace-
ment of the tissue at a given depth. For example, at the
focal depth, where the region of excitation is the narrow-
est, shear waves are observed propagating laterally away
from the region of excitation through time in phantoms A
and C (Fig. 2). The shear-wave speed, which is reflected
by the slope of the leading edge of the wave through
time, is dependent upon the shear modulus of the phan-
tom; the faster the speed, the higher the shear modulus.
The speeds of the wavefronts in the softer phantom (A)
(left and middle, Fig. 2) and stiffer phantom (C) (right-
hand image, Fig. 2) are estimated to be 1.0 and 1.7 m/s,
respectively, corresponding to shear modulus values of
1.0 and 2.9 kPa and Young’s modulus values of 3.0 and
8.7 kPa, eqn (2).

In addition to evaluating the shear-wave speed at the
focus using the edge of the wavefront in Fig. 2, direct
inversion methods were employed throughout the ROI
(eqn (4)) to estimate the shear moduli and related
Young’s moduli, using an assumed Poisson’ s ratio of 0.5
(Fig. 3). This figure portrays reconstructions in phantoms
A and C generated using two different focal configura-
tions. In these reconstructions of homogeneous phan-
toms, the region of excitation (ROE) is clearly apparent
as a region of increased magnitude. The corresponding
ROEs are reflected by the 2-D ARFI displacement pro-
files immediately after force cessation, shown in the first
column of Fig. 2. The mean Young’s modulus estimates
outside of the ROE (within the ROIs indicated on the
images) in the different reconstructions are 2.8 � 0.5 kPa
(upper center, phantom A, f/1.3), 3.8 � 0.8 kPa (lower
center, phantom A, f/9, weakly focused beam), 6.9 � 1.7
kPa (upper right, phantom C, f/1.3) and 10.0 � 0.9 kPa
(lower right, phantom C, f/9, weakly focused beam). The
estimated modulus values are consistently higher for the
weakly focused beam.

Fig. 1. Flow chart of modulus calculation, showing threshold-
ing on Laplacian.
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The reconstruction method was implemented on a
fresh ex vivo breast tissue sample that contained a large
fibroadenoma (Fig. 4). An f/1.3 focal configuration was
used for this experiment. In this figure, the top row
presents matched B-mode and reconstructed modulus
images. The left image in the middle row portrays the
ROE, with white horizontal lines indicating the depths at
which the propagation (i.e., displacement/time wavefront
data) is portrayed in the remaining three images (middle
right image and bottom row). The mean shear-wave
speed of the wavefront moving to the right in these
images is 2.0 � 0.3 and the mean speed of the wavefront
moving to the left is 1.0 � 0.2. This is interesting,
because the ROE was completely contained within the
fibroadenoma; thus, similar velocities were expected in
both directions. These speeds correspond to Young’s
moduli of 12 and 3 kPa, respectively. The reconstructed
Young’s modulus image exhibits reasonable agreement
of structural boundaries with the matched B-mode im-
age. The fibroadenoma has a higher mean Young’s mod-
ulus (11.7 � 3.0 kPa) than the fatty tissue above and to
the left (3.8 � 1.4 kPa). Interestingly, the reconstructed
values within the ROE appear to be consistent with those
of the surrounding tissue.

In contrast, in the in vivo abdomen example (Fig. 5),
the reconstructed modulus values within the ROE were
variable and have been masked off to facilitate visual-
ization of the tissue structure. An f/1.3 focal configura-
tion was also used in this experiment. In this figure, the

top row presents matched B-mode and reconstructed
modulus images. The left image in the middle row por-
trays the ROE, with white horizontal lines indicating the
depths at which the propagation (i.e., displacement/time
wavefront data) is portrayed in the remaining three im-
ages (middle right image and bottom row). The speed of
the wavefronts in the middle right image (i.e., the skin) is
fairly high, 3.2 � 0.4 m/s (corresponding to a Young’s
modulus of 31 kPa). The wavefronts in the bottom im-
ages are complex and the slopes of the wavefronts vary
with lateral position. The mean Young’s moduli por-
trayed in the upper right image, as determined from
solution of eqn (4) (excluding the ROE) are: 14.0 � 3.8
kPa for skin and 5.6 � 3.1 kPa for the underlying tissue.

DISCUSSION

The use of acoustic radiation force to generate shear
waves remotely was first predicted and demonstrated by
Sugimoto et al. (1990) and was more thoroughly treated
by Sarvazyan et al. (1998). In their work, a therapeutic
transducer was used to generate acoustic radiation force
and separate imaging systems were used to observe the

Fig. 2. (Left) Displacement through time at the focal depth (20
mm) of phantom A for an f/1.3 focal configuration. Shear-wave
propagation speed can be estimated by evaluating the edge of
the wavefront at different times. However, shear attenuation is
rather large, thus, normalizing the displacement by its peak
value at each time step provides a useful method for visualizing
the shear-wave propagation (center). The modulus of phantom
A was expected to be 1/3 the magnitude of that of phantom C.
(right) Normalized displacement at the focal depth through
time in phantom C, a stiffer phantom, for an f/1.3 focal con-
figuration. (The expected ratio of the modulus values is deter-
mined by the ratio of the bloom strength of the gelatin for
otherwise identical recipes that were used to make the phan-
toms) (Hall et al. 1997). Note that the inverse of the slope of the
lines shown in the center and right-hand images is indicative of
the shear wave speed, 1 and 1.7 m/s, respectively. Equation (2)
provides corresponding Young’s modulus values of 3.0 kPa

and 8.7 kPa.

Fig. 3. Reconstructed Young’s modulus images from homoge-
neous phantoms A (center column) and C (right column), using
two different focal configurations; top row: f/1.3, 15 mm ap-
erture; bottom row: weakly focused (f/9), 4.4 mm aperture. The
ROIs used to compute mean modulus values are outlined in
each image. The left-most column presents the normalized
displacement 0.4 ms after force cessation in the softer phantom.
These two images reflect the spatial extent and magnitude of
the applied force (i.e., the ROE) demonstrating the different
geometries for the two focal configurations. (upper center)
Image of phantom A generated with the same data that are
shown in the center image of Fig. 2. The upper right image of
phantom C was generated with the same data that is shown in
the right-hand image of Fig. 2. (lower center) Image of phan-
tom A generated using a weakly focused (f/9), 4.4-mm aper-
ture. (lower right) Image of phantom C also generated using the

weakly focused (f/9), 4.4-mm aperture.
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resulting shear waves in tissue-mimicking phantoms. In
the work presented herein, using a single diagnostic US
transducer both to generate acoustic radiation force and
image the resulting shear waves, similar behavior was
observed near the focal region of the acoustic beam (Fig.
2, left).

In homogeneous media (i.e., the phantoms), the
Young’s moduli determined by the slope estimation
method at the focus are in reasonable agreement with
those estimated by the direct inversion method. How-
ever, in heterogeneous media, the slope method can be
misleading and is not robust. For example, there is an
apparent difference in wavefront speed to the left and
right within the fibroadenoma (Fig. 4, middle and bottom

Fig. 4. (top row) Matched B-mode (left) and reconstructed
Young’s modulus image (right) of an ex vivo breast tissue
sample. There was a large fibroadenoma on the right side of the
tissue sample, outlined in black in the B-mode image and
clearly apparent as a region of increased modulus in the recon-
structed image. (middle row) 2-D ARFI displacement data
immediately after force cessation, indicating the spatial extent
of the region of excitation (left) and normalized axial displace-
ment through time at a depth of 10 mm (right). (white hori-
zontal lines) in the ROE image the depths at which the corre-
sponding displacement/time images are displayed. (bottom
row) Normalized axial displacement through time at depths of
12 mm (left) and 14 mm (right). Note that the slopes of the
wavefronts indicate that the shear wave traveled faster to the
right (1.6 m/s) than it did to the left (0.9 m/s). This is mislead-
ing, however, because the region of excitation is completely
contained within the fibroadenoma. The difference likely oc-
curs due to reflection at the boundary of the fibroadenoma
(which occurs on the left side, near �4 mm laterally). The
reconstructed image demonstrates consistently higher Young’s
modulus values throughout the fibroadenoma (even within and
to the left of the ROE) and presents reasonable boundary

definition.

Fig. 5. (top row) Matched B-mode (left) and reconstructed
Young’s modulus image (right) of an in vivo human male
abdomen. A stand-off pad was used in this experiment, so the
skin ranges from 10 to 13 mm in depth, with the transition from
skin to underlying tissue indicated by the black line in the
B-mode image. Beneath the skin is presumably fatty tissue. The
ROE has been masked off in black in the reconstructed image
because the reconstructed values in this region are highly
variable and are not considered valid due to the absence of a
longitudinal coupling coefficient (�) in eq. (4) (middle row)
2-D ARFI displacement data immediately after force cessation,
indicating the spatial extent of the region of excitation (left) and
normalized axial displacement through time at a depth of 12
mm (right). (white horizontal lines) in the ROE image the
depths at which the corresponding displacement/time images
are displayed. (bottom row) Normalized axial displacement
through time at depths of 17 mm (left) and 20 mm (right). Note
that the slopes of the wavefronts indicate that the shear wave
traveled faster at a depth of 12 mm in the skin than in the
underlying fatty tissue. This is consistent with the reconstructed
image above (excluding the ROE), indicating a higher Young’s

modulus in the skin.
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rows), and no information is apparent outside its bound-
aries. This is likely caused by reflection and/or refraction
at the boundary of the fibroadenoma at �4 mm laterally.
In contrast, the reconstructed Young’s modulus image
demonstrates a fairly uniform modulus within the fibro-
adenoma, and the surrounding tissue exhibits a fairly
uniform, lower modulus.

One problem with the direct inversion method em-
ployed herein is that eqn (3) models only shear propa-
gation, and does not model longitudinal propagation.
This is because the Lamé coefficient (�) that models the
coupling between shear and longitudinal waves is not
included. Therefore, the reconstructions are not valid
within and near the ROE where longitudinal and shear
waves interact. In each phantom reconstructed modulus
image (Fig. 3), the ROE is clearly apparent as a region of
increased magnitude in the shape of the geometric
shadow of the active transmit aperture. In the recon-
structed abdominal image (Fig. 5), some distortion
within the ROE appears to occur; however, in the recon-
structed breast tissue image (Fig. 4), distortion is not
apparent. These differences might be attributed to differ-
ences in the magnitude of the Lamé coefficient, �, in the
different media. Future work will involve derivation of a
tractable equation that incorporates this Lamé coeffi-
cient. The distortion of information within the ROE
differs from our experience with ARFI imaging, where
the ROE exhibits the highest SNR, and differences in
tissue displacement and recovery portray good agree-
ment with matched B-mode images within the ROE
(Nightingale et al. 2002a).

To reduce the size of the ROE one can modify the
transmit f-number and/or the transmit frequency of the
acoustic beam. Figure 3 provides reconstructed modulus
images generated using two different focal configura-
tions in both phantoms A and C. For any shear modulus
reconstruction method based upon solution of eqn (3), a
narrow region of excitation (i.e., bottom row of Fig. 3)
would be beneficial because it allows the largest region
of tissue to be reconstructed for a single pushing loca-
tion. Another advantage of a weakly focused focal con-
figuration is that the direction of shear-wave propagation
is primarily lateral and the direction of tissue displace-
ment is primarily axial. This is advantageous because, in
our experimental implementation, displacement is only
computed in the axial direction.

However, the mean modulus value in both the soft
(phantom A) and stiff (phantom C) phantoms is higher
for the weakly focused focal configuration (3.8 vs. 2.4
for phantom A and 10.0 vs. 6.8 for phantom C). This is
likely due to the assumption that the gradient of displace-
ment in the elevation dimension, the y component of u in
eqn (4), is 0. In the transient elastography method, San-
drin et al. (2002), the shear-wave excitation is generated

using two parallel rods that create a shear wave where
this assumption is valid; however, in ARFI excitation,
this is not necessarily true. To accurately quantify the
gradient of displacement in the elevation dimension, a
2-D transducer capable of acquiring data over a 3-D
volume of tissue would be required for ARFI data. For
the existing experimental setup, the validity of neglecting
this term differs for the two focal configurations, and
leads to an overestimation of the modulus. This suggests
that the neglected component might be larger (and, thus,
the assumption more problematic) in the f/9 (weakly
focused) than in the f/1.3 case. For both focal configu-
rations, phantom C was significantly stiffer than phantom
A, with ratios of 2.6 (weakly focused, f/9) and 2.5 (f/1.3).
These ratios are reasonably consistent with the expected
ratio of 3.0, as determined by the bloom strength ratios of
the two phantoms (Hall et al. 1997).

Equation (3) assumes a purely elastic media, ne-
glecting the effects of viscosity. Given that tissue is
inherently viscoelastic, this assumption is not accurate.
The effect of viscosity would be to introduce a complex
shear modulus (and, thus, shear wave speed). The as-
sumption of a real-valued shear modulus likely results in
an underestimation of the actual shear-modulus magni-
tude, which would be greater for tissues demonstrating
more viscoelastic behavior. Gelatin-based phantoms
have been shown to be fairly elastic Hall et al. 1997;
thus, this assumption is likely more problematic in tis-
sues than in our phantoms.

Figures 4 and 5 portray matched B-mode and recon-
structed Young’s modulus images, as well as normalized
shear-wave propagation at different depths in tissue sam-
ples ex vivo and in vivo, respectively. To our knowledge,
this is the first demonstration of shear waves generated
by acoustic radiation force propagating through tissues.
Shear waves clearly propagate through different tissues
with different velocities, and the reconstructed modulus
images portray reasonable agreement with the matched
B-mode images. For example, the fibroadenoma on the
right side of the ex vivo breast tissue sample (Fig. 4)
exhibits higher modulus values than the fatty tissue
above and to the left. Quantification of the elastic moduli
of soft tissues and tissue-like materials is highly chal-
lenging, and the few numbers reported in the literature
vary greatly, depending upon measurement method, rate
of excitation, applied strain and sample size. Thus, com-
parison of modulus values seems appropriate only within
a given report; however, comparison of trends between
reports seems to be reasonable. For example, reported
modulus values for normal and diseased breast tissue
vary greatly in the literature (1 to 20 kPa for normal
breast tissue, and 3 to 100 kPa for breast fibroadenoma)
(Skovoroda et al. 1995; Samani et al. 2002; Krouskop et
al. 1998). However, a reported trend in the literature is
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consistent with that demonstrated herein; breast fibroad-
enomas have a higher elastic modulus than fatty tissue.

In the in vivo example (Fig. 5), the slope of the
wavefront in the skin (center right image) corresponds to
a higher modulus than that obtained from the direct-
inversion method. This might be due to the angle of
insonation and wave propagation. The wavefront is
tracked along a depth of 12 mm at all lateral locations;
however, the transducer was slightly angled with respect
to the skin. In addition, different slopes are evident at
different lateral locations in the underlying tissue (bot-
tom images). Although the displacement/time wave-
fronts are useful for visualizing wave propagation, the
direct inversion modulus reconstruction method is pref-
erable for 2-D heterogeneous tissue characterization. Us-
ing the direct inversion method, the skin demonstrates
higher Young’s moduli than the underlying fatty tissue
(outside of the ROE). We are not aware of another report
in the literature quantifying both the moduli of skin and
fat. However, intact skin is generally believed to have a
higher Young’s modulus than fat, as shown in these data.

The direct inversion modulus reconstruction method
is challenged in the presence of noise, due to the imple-
mentation of the Laplacian and second temporal deriva-
tive. Therefore, aggressive filtering was required. This
limits the resolution of the resulting images. In addition,
to avoid appreciable tissue heating during repeated in-
terrogation of a given location, the amount of energy that
can be delivered during each interrogation is reduced
from that used in 2-D ARFI imaging. Each pushing
interrogation generates approximately 0.2°C (Palmeri et
al. 2003) in 2-D ARFI imaging. For shear-wave imaging
in vivo, the cooling is negligible between interrogations;
thus, the heat accumulates and is linearly related to the
number of interrogations (Palmeri et al. 2003). Thus, to
achieve a 20-mm lateral field of view with spatial sam-
pling on the order of 0.5 mm (e.g., 40 interrogations), the
energy in each interrogation must be decreased by ap-
proximately 25% to maintain a local temperature in-
crease of less than 6°C. This decreases the resulting
tissue displacement magnitudes from those achieved in
2-D ARFI imaging and results in noisier displacement
data. Combined with the high attenuation of shear waves
in tissues, this presents a considerable challenge for
clinical applications of ARFI shear-wave imaging. Even
so, the demonstration of in vivo feasibility provided by
this work supports further investigation.

CONCLUSION

In this paper, we report the first demonstration of in
vivo and ex vivo shear-wave generation from acoustic
radiation force. Direct inversion methods were applied to
reconstruct the Young’s moduli from these data for dif-

ferent tissues and tissue-mimicking phantoms. Mean es-
timated modulus values for an ex vivo breast fibroade-
noma and in vivo skin were shown to be larger than those
for fat. A challenge for ARFI-based shear-wave imaging
is presented by the relatively small tissue displacements,
which are near the limit of detectability, in combination
with the relatively high attenuation of shear waves. This
is problematic for direct inversion modulus reconstruc-
tion methods, due to the implementation of the Laplacian
and second temporal derivative using relatively noisy
data. Even so, reasonable agreement between matched
structures in the B-mode and reconstructed modulus im-
ages was demonstrated in the tissue samples presented.
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