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Toward Standardized Acoustic Radiation Force
(ARF)-Based Ultrasound Elasticity Measurements
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Abstract—Objective: Acoustic radiation force (ARF)-based approaches to measure tissue elasticity require transmission of
a focused high-energy acoustic pulse from a stationary ultrasound probe and ultrasound-based tracking of the resulting
tissue displacements to obtain stiffness images or shear wave speed
estimates. The method has established benefits in biomedical applications such as tumor detection and tissue fibrosis staging. One
limitation, however, is the dependence on applied probe pressure,
which is difficult to control manually and prohibits standardization of quantitative measurements. To overcome this limitation, we
built a robot prototype that controls probe contact forces for shear
wave speed quantification. Methods: The robot was evaluated with
controlled force increments applied to a tissue-mimicking phantom
and in vivo abdominal tissue from three human volunteers. Results:
The root-mean-square error between the desired and measured
forces was 0.07 N in the phantom and higher for the fatty layer of
in vivo abdominal tissue. The mean shear wave speeds increased
from 3.7 to 4.5 m/s in the phantom and 1.0 to 3.0 m/s in the in vivo fat
for compressive forces ranging from 2.5 to 30 N. The standard deviation of shear wave speeds obtained with the robotic approach were
low in most cases (<0.2 m/s) and comparable to that obtained with
a semiquantitative landmark-based method. Conclusion: Results
are promising for the introduction of robotic systems to control the
applied probe pressure for ARF-based measurements of tissue elasticity. Significance: This approach has potential benefits in longitudinal studies of disease progression, comparative studies between
patients, and large-scale multidimensional elasticity imaging.
Index Terms—ARFI, medical robotics, probe contact force,
probe pressure, shear wave speed quantification.

I. INTRODUCTION
COUSTIC radiation force (ARF)-based elasticity imaging
enables remote visualization and quantification of tissue
stiffness. It is beneficial in medical applications such as breast
cancer detection [1], [2], prostate cancer detection [3], [4], and
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liver fibrosis staging [5]. The technique is also useful for intraoperative guidance and monitoring of radio frequency ablation
surgeries of the liver [6], [7] or heart [8], [9] as the mechanical
properties of ablated regions differ when compared to healthy
tissue.
Achieved by transmitting focused high-energy acoustic
pulses to generate radiation force in tissue, the resulting ARFbased tissue displacements are tracked using ultrasound data acquired with a stationary probe [10], [11]. There are two general
classes of ARF-based elasticity imaging derived from transient
tissue responses. ARF impulse imaging tracks on-axis displacements in the region of excitation to produce an image of relative
tissue stiffness, whereas ARF-based shear wave imaging tracks
off-axis tissue displacements at known distances from the region of excitation and can be used to quantitatively report the
propagation speed of transverse waves [12]. The quantitative
approach relates the tracked tissue displacements to the stiffness of the interrogated tissue, as the square of the shear wave
velocity is proportional to the elastic modulus of the tissue, assuming that the tissue is locally homogenous, linear, elastic, and
isotropic [12]–[15].
Previous work demonstrates that the quality and utility of
ARF-based elasticity measurements depend on the applied
probe pressure when organs are located near the skin surface
and, therefore, subjected to compressive forces from the
ultrasound probe. Examples include the breast [16]–[18] and
transplanted kidneys [19]. To demonstrate the effects of probe
compression in quantitative ARF-based elasticity imaging,
Syversveen et al. [19] utilized a mechanical lever that rotated
about a fulcrum with known weights applied at fixed distances
along the lever. This approach is reasonable for laboratory
experiments but not convenient for translation to the clinic. Barr
and Zhang [18] describe a semiquantitative method that can be
used clinically and relies on landmarks in an ultrasound image
to indirectly control the probe pressure for breast imaging.
However, suitable landmarks may not always be available in
other organs. Our previous work [20] takes a robotic approach
demonstrating that a force-controlled robot has the potential
to improve ARF-based measurements of tissue elasticity by
providing consistent probe compression with less than 2%
variability in probe-induced strain measurements.
We envision that further development and testing of the
robotic approach has potential benefits in three clinical scenarios. First, for measurements that depend on the probe pressure,
it is currently difficult to compare two elasticity measurements
from the same patient acquired on different days. These types of

0018-9294 © 2015 IEEE. Translations and content mining are permitted for academic research only. Personal use is also permitted, but republication/redistribution
requires IEEE permission. See http://www.ieee.org/publications standards/publications/rights/index.html for more information.

2

IEEE TRANSACTIONS ON BIOMEDICAL ENGINEERING, VOL. 00, NO. 0, 2015

Fig. 2. Block diagram and schematic of the robotic system under force control
(PID = proportional-integral-derivative controller; PC = personal computer).

Fig. 1. Components of the custom-built robotic system include a 3 DOF
translation stage, a passive arm, and a force sensor mounted between the passive
arm and ultrasound probe holder.

longitudinal studies are desirable for monitoring disease progression in a single patient. The second scenario is comparative
studies between patients. If probe pressure can be controlled, the
disease progression in one patient could potentially be used as a
predictor for future patients with similar symptoms, thereby enabling more personalized treatment plans to halt, hinder, and/or
delay disease progression. Third, large-scale three-dimensional
(3-D) elasticity imaging is more readily conceivable with a
robotic approach, as it is currently difficult to combine two
elasticity images from adjacent regions of the same patient,
given expected discontinuities caused by limited control over
the applied probe pressure.
Although force-controlled robots have previously been built
to assist with carotid artery imaging [21], [22], reconstructive
surgery [23], automated assessment of Duchenne muscular
dystrophy [24], [25], and remote diagnoses in telemedicine
applications [26], [27], to the best of our knowledge, no forcecontrolled robots currently exist for ARF-based ultrasound applications. The existing force-controlled robots for other ultrasound applications utilized maximum probe contact forces
ranging from 2.0 to 20 N [21], [23]–[25], [27], and the required
force varied depending on the clinical task and organ being
imaged.
An independent study measured a combination of forces
caused by gripping and moving the ultrasound probe and applying pressure to enhance image quality, with forces as large
as 270 N for obese patients [28], [29]. Obese patients are known
to produce poorer images due to acoustic clutter, as quantified
in a previous study correlating clutter magnitude and body mass
index (BMI) [30]. The increased forces for these obese patients are likely caused by the increased probe pressure required
to displace subcutaneous fat, decrease the probe distance to
the target organ, and thereby improve image quality [31] (i.e.,
reduce acoustic clutter). This logic is consistent with sonographers who demonstrated typical and peak contact forces of 11.6–
21.4 and 15.6–64.9 N, respectively, for abdominal scans [32].
Additional abdominal scan studies reported mean and max

forces of 9.8 and 22 N, respectively, for obese patients (BMI
> 25) [33], 7.5 and 17.3 N, respectively, for normal weight patients (BMI = 18.5–25) [33], and 7.0 and 27.3 N, respectively,
along the probe axis for all patients (BMIs not reported) [34].
Thus, any robot that applies ultrasound probe contact forces up
to these previously reported values is clinically relevant.
This paper demonstrates the feasibility of using a robot to
control the applied probe contact force up to 30 N during ARFbased measurements of tissue elasticity. The robot was built in
our laboratory and its accuracy was previously tested in phantom, ex vivo, and in vivo canine data [20], [35], [36]. In this
paper, we extend previous measurements to in vivo human data
and couple the robotic system (with a force sensor resolution
of approximately 0.06 N) to an ultrasound system configured
to measure shear wave speeds. Although both qualitative and
quantitative measurements of tissue elasticity are expected to
benefit from this robotic approach, the focus of this paper is
quantitative elasticity imaging.
II. METHODS AND MATERIALS
A. Robotic System
The custom-built robot (see Fig. 1) consisted of a 3-degreeof-freedom (DOF) encoded translation stage (New England Affiliated Technologies, Lawrence, Massachusetts), an articulated
passive arm (Model 3.510-G51, Fisso, Zurich, Switzerland), and
a six-axis force/torque sensor (Nano25, ATI Industrial Automation, Apex, NC) mounted between the passive arm and ultrasound probe to measure probe-tissue contact forces. The end
effector of the robot was the ultrasound probe used to visualize
a target of interest.
A proportional-integral-derivative (PID) controller was implemented on a personal computer to control probe forces along
the axial dimension, which is normal to the face of the probe
(i.e., the z direction in Fig. 2). The force error as a function of
time e(t) is described by the following equation:
e(t) = Fd − Fm

(1)

where Fd is the desired force and Fm is the measured force.
This force error was converted to a velocity input u(t) for the
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9L4 probe was utilized to measure shear wave speeds in the abdominal fat of three male volunteers, as demonstrated in Fig. 3.
The human shear wave imaging studies were approved by the
Duke University Institutional Review Board.
C. Phantom Fabrication

Fig. 3. In vivo experimental setup showing placement of the ultrasound probe
used to visualize the abdominal fat of one volunteer.

Galil robot controller (Rocklin, CA) as follows:
 t
d
u(t) = Kp e(t) + Ki
e(τ )dτ + Kd e(t)
dt
0

(2)

where Kp , Ki , and Kd represent the constant tuning parameters
of the proportional, integral, and derivative terms, respectively,
of the PID controller. Note that we used a discrete formulation of
(2) (i.e., differences and summation rather than differentiation
and integration, respectively), as described by the following
equations:
u[n] = Kp e[n] + Ki A[n] + Kd (e[n] − e[n − 1])

(3)

e[n] = Fd [n] − Fm [n]

(4)

A[n] = A[n − 1] + e[n]

(5)

where n is the discrete time and A[n] is an accumulator that
is initialized to 0 at n = 0. A block diagram of this system is
shown in Fig. 2.
B. Imaging Equipment
The imaging equipment included a Siemens (Issaquah, WA)
S2000 scanner with the Virtual Touch software package installed [37]. This package was utilized to measure shear wave
speeds within a selected region of interest (ROI). As a brief
summary, the package enables application of an axial acoustic push pulse located lateral to the chosen ROI. Shear waves
are then generated that travel through the ROI, perpendicular to
the acoustic push direction. As the shear wavefront travels, the
generated displacements are detectable using ultrasound tracking beams, which are continuously transmitted until the passing
shear wavefront is identified. The shear wave speed is quantified
by observing the shear wavefront at several locations within the
ROI and correlating these locations with the elapsed time. In
general, shear wave speeds increase with tissue stiffness.
A Siemens 4C1 probe was utilized to measure shear wave
speeds in phantom experiments. A higher frequency Siemens

The phantom fabrication process was a modified version of
previously reported methods [38], [39]. Our nonlinear phantom
was composed of 250-bloom A-type gelatin (19 g), agar (0.93
g), deionized water (285 mL), graphite (17 g), ethanol (30.3 mL),
and 3% formaldehyde diluted with water (3.2 mL). The deionized water was poured into a beaker with a magnetic stirrer, and
the agar and gelatin powder were slowly added as the solution
was stirred, resulting in approximately 0.3% agar concentration
by weight. This concentration was empirically determined, as
phantoms with ≤0.2% agar concentration had poor structural
integrity, while phantoms with >0.3% agar concentration were
too stiff when subjected to compressive forces.
After the gelatin and agar were visibly dissolved, the beaker
was covered with plastic wrap and heated to 80 ◦ C for 1 h.
Graphite was then mixed into the solution for acoustic scattering
[38], and ethanol was added to obtain shear wave propagation
speeds close to those of human tissue [40]. The beaker was then
placed in a cold water bath until the solution cooled to 60 ◦ C,
then placed in a vacuum chamber for 15 min at approximately
−20 mmHg pressure. The diluted formaldehyde was then added
to increase cross linking among collagen fibers [38], and the
entire solution was poured into its prepared mold. The solutionfilled mold was then spun about its central axis for approximately 24 h to ensure homogenous distribution of the graphite
while casting.
We later learned that this fabrication process produced an unintentional cyst-like void in the phantom, likely formed while
casting. This void was approximately 1.1 times stiffer than its
surroundings (derived from the ratio of shear wave speed measurements) and shaped like a torus. This structure produced two
circular cyst-like cross sections in the ultrasound B-mode images, each approximately 2–3 cm in diameter. We leveraged
these cyst-like voids in this study to ensure that the shear wave
ROI was placed in the same relative position with each shear
wave speed measurement. These voids are otherwise not expected to affect the shear wave speed measurements as they
were located distal to the shear wave ROI.
After casting, the phantom was placed in a cylindrical glass
jar filled with mineral oil to keep the phantom neutrally buoyant
and lubricated, ensuring that it maintains its shape and does
not desiccate. The shape of the phantom can be approximated
as a conical frustum with top and base circles that are 6.34 and
7.50 cm in diameter, respectively. The height of the frustum was
approximately 6.3 cm.
D. Validation Experiments
We investigated two types of motion previously determined to
affect the consistency of robotic force control (and hence potentially affect the consistency of shear wave speed measurements)
[20].
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TABLE I
AVERAGE STRAIN IN ABDOMINAL FAT LAYER MEASURED USING ULTRASOUND
B-MODE IMAGES FROM THE CYCLIC MOTION EXPERIMENTS
Volunteer #

1
2
3

Fig. 4. Screenshots from the ultrasound system with green rectangles demonstrating the location of shear wave speed ROIs in all images of the (a) phantom
(relative to the two cyst-like structures) and (b) abdominal fat (relative to the
fat-muscle boundary). The image depths were 6 and 3.5 cm, respectively, with
the dots on the right of each image separated by 5 mm each to indicate the scale.

1) Cyclic Motion: The first experiment investigated cyclic
motion, where the applied probe pressure was incrementally
adjusted without losing contact with the image target. The phantom described in Section II-C was utilized to study this type of
motion. The applied probe contact force was adjusted from 5 to
30 N then returned to 5 N in 5 N (or −5 N) increments. These
forces are within the range used clinically, with the higher forces
representing those used for obese and difficult-to-image patients
[28] to reduce the presence of acoustic clutter [30]. Shear wave
speed measurements were obtained with each force increment,
with the ROI consistently placed above and between the two
visible cyst-like structures in the phantom, as indicated by the
green rectangle in Fig. 4(a). The depth of the center of this ROI
ranged 2–2.6 cm, depending on the location of the structures
as the phantom was compressed. One steady-state reading of
the measured force under force control was saved with each
increment. This experiment was performed three times.
The above study was repeated in three male volunteers, where
the shear wave ROI was consistently placed in the fat layer
located directly above the abdominal muscles, as shown in
Fig. 4(b). The depth of the center of this ROI ranged 1.3–1.6
cm for Volunteer 1, 0.5–1.4 cm for Volunteer 2, and 1.2–1.4
cm for Volunteer 3, depending on the location of the fat-muscle
boundary as the fat was compressed. This region was chosen to
investigate the variability in shear wave speeds as a result of fat
compression for comparison to that of the female breast, which
is composed of up to 56% fat [41]. This fatty component experiences the greatest rate of change of shear wave speeds over
a large range of compressive forces, when compared to other
tissues [18].
Each volunteer was positioned supine on a gurney and the
robot was fixed on a separate cart (as shown in Fig. 3). The
wheels of the gurney and cart were locked to ensure no lateral
motion. The applied probe force was incrementally adjusted
from 2.5 to 30 N then incrementally returned to 2.5 N. The
increment size was 2.5 N from 2.5 to 10 N and 5 N, otherwise.
The volunteers inhaled and held their breath at the start of each
new acquisition for each force increment and were asked to
remain still during the acquisitions. The time to complete one
cycle was approximately 4–5 min. Three cycles were completed
for Volunteers 2 and 3, and two cycles were completed for
Volunteer 1 to minimize the overall scan time, particularly when
considering the time required to scan this volunteer during the
second experiment described in Section II-D2.

Average Fat Thickness (mm)
at 5 N

at 30 N

20.0
14.3
16.5

17.8
11.0
15.2

Average Strain

11%
22%
8%

The strain in the fat region of the abdomen was measured by
using the ultrasound B-mode images to calculate the thickness of
the fat layer at the start of each cycle (2.5 N) and at the maximum
compressive force (30 N). The difference in these thickness
values for each cycle was divided by the initial thickness value
at 2.5 N compressive force to derive strain estimates.
Our initial goal was to achieve at least 25% average strain in
the fat region, similar to the strain reported for high compression
breast imaging [18], while using the same range of force values
for all volunteers. Although we were unable to meet this goal,
as reported in Table I, we limited the maximum applied force
to 30 N to avoid volunteer discomfort. In addition, this force
generally corresponded with the 12 cm range of motion limit of
our translation stage. This large range of motion was required
because abdominal fat is relatively unconstrained. Less probe
displacement would likely be required if the probe compressed
the tissue against a rigid structure such as the chest wall in
breast imaging. However, abdominal organ translation occurs
in addition to fat compression [35]. The abdominal fat is also
displaced during compression because it is not constrained to
motion only in the axial direction, indicating that greater forces
are required to achieve minimal strain in the axial direction.
2) Repeated Measurements Under a Single Breathhold: In
addition to the cyclic motion experiment, repeated shear wave
speed measurements were acquired under robotic force control,
while each volunteer held his breath. The maximum number
of acquisitions for each breathhold was 10 for Volunteers 2
and 3 and 4 or 5 for Volunteer 1 (based on the maximum time
limit that this volunteer was comfortable holding his breath).
The time duration of each breathhold was approximately 30–50
s, and the probe lost tissue contact between breathholds. The
applied force ranged 2.5–25 N for this experiment. Volunteer 1
completed a total of nine breathholds (three for each force of
5, 15, and 25 N), Volunteer 2 completed three breathholds (one
for each force of 2.5, 15, and 25 N), and Volunteer 3 completed
one breathhold at a force of 5 N. The number of breathholds
for each volunteer decreased over time due to increasing system
failures of the imaging equipment after multiple shear wave
speed acquisitions.
III. RESULTS
The desired force [Fd in (1)] was compared to the measured
force [Fm in (1)] for the cyclic motion experiment, as represented in Fig. 5. The diagonal line indicates the ideal 1:1 relationship between these two variables. Results demonstrate that
the force was controlled with root-mean-square (RMS) errors of
0.35, 0.56, and 0.60 N for Volunteers 1, 2, and 3, respectively,
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Fig. 5. Comparison of the desired force [Fd in (1)] to the measured force
[Fm in (1)] for the cyclic motion experiment. The dashed line indicates the
ideal relationship between these two parameters.

compared to 0.07 N for the phantom (not shown). We expect
higher RMS errors for the volunteers compared to the phantom because of the dynamic in vivo environment (e.g., pulsating
vessels, involuntary muscle motion).
The trajectory of the robotic end effector for the cyclic motion experiment is shown in Fig. 6(a) for the three volunteers.
A probe displacement of 0 cm indicates the start of each new
cycle, with each cycle differentiated by color. There appears to
be a force–displacement hysteresis for each cycle due to tissue
nonlinearities. However, the values for this hysteresis were generally not repeatable. Strain measurements corresponding to the
results shown in Fig. 6(a) are reported in Table I.
Fig. 6(b) demonstrates that the shear wave speed generally
increased with an increase in the desired force, indicating increased tissue stiffness. Although force–displacement hystereses were observed for each cycle in these experiments, there was
no apparent hysteresis in the shear wave speed measurements,
thus all measurements for the same desired force were averaged.
The results for the phantom and Volunteers 2 and 3 show the
mean ± one standard deviation of six measurements when the
desired force was ≤ 25 N and three measurements at the peak of
the cyclic motion (i.e., desired force of 30 N). The results for Volunteer 1, who had one less cycle than Volunteers 2 and 3, show
the mean ± one standard deviation of four and two measurements when the desired force was ≤25 and 30 N, respectively.
The maximum excursion for Volunteer 3 in Fig. 6(a) is up
to 4 cm greater than that of Volunteers 1 and 2. However, in
Fig. 6(b), the mean shear wave speeds for Volunteer 3 are similar
to those of Volunteers 1 and 2 for low and medium forces,
respectively, and between those of Volunteers 1 and 2 for the
highest forces investigated. In addition, the values of the shear
wave speeds at 30 N do not correlate with the measured strain
in the abdominal fat region (see Table I). For example, at 30 N
force, the interrogated fat region for Volunteer 2 experiences the
most strain but the lowest shear wave speed, when compared to
the other volunteers.

Fig. 6. (a) Force–displacement profiles of the robot end effector (i.e., the
ultrasound probe) for each volunteer, which demonstrates a hysteresis due to
tissue nonlinearities. Each color represents a different cycle. (b) Mean shear
wave speed as a function of the desired force. Error bars indicate ± one standard
deviation with those of Volunteers 2 and 3 slightly offset, to avoid overlap.

Fig. 7(a) illustrates the variability of shear wave speed measurements for each volunteer after repeated measurements during a single breathhold. The results are shown as box-whisker
plots, where the horizontal lines indicate the median of five measurements for Volunteer 1 and 10 measurements for Volunteers
2 and 3 for each force investigated, the top and bottom of each
box show the interquartile range (75th and 25th percentiles, respectively), and the lines extending from the boxes (i.e., the
whiskers) show the maximum and minimum values. There is
one outlier (+ symbol, Volunteer 2 at 2.5 N), defined as any
value greater than 1.5 times the interquartile range. Shear wave
speeds generally increased with increasing force, and Volunteer
1 generally exhibited similar shear wave speed magnitudes to
those observed during the cyclic motion experiment (see Fig. 6).
The result for Volunteer 3 had the greatest variability.
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compression, over a 5 N force range each). The external data
(black unfilled shapes) is similarly separated based on the results of three different volunteers [18], where each data point
for each volunteer represents the mean and standard deviation of
10 shear wave speeds obtained by a single sonographer. These
external data points were used to create the vertical line separating the compression states, which we defined as the midpoint
between the largest and smallest values in the low and high
compression states, respectively (i.e., 1.69 m/s). This definition
does not hold true for the robot-related data from Volunteers 2
and 3 obtained under a single breathhold at forces of 15 and
5 N, respectively (filled colored shapes), which is also evident
from Fig. 7(a). However, the definition is consistent for all of
the robot-related data acquired with the cyclic motion (unfilled
colored shapes) and all data from Volunteer 1 (filled and unfilled
colored circles).
Although the data were taken from two different imaging
targets (breast fat and abdominal fat), the standard deviations
from the three studies represented in Fig. 7(b) are similar.
IV. DISCUSSION

Fig. 7. (a) Box-whisker plots showing the variability of shear wave speed
measurements under robotic force control during breathhold. There is one outlier
(+ symbol), defined as any value greater than 1.5 times the interquartile range. (b)
Variability of our shear wave speed measurements acquired with cyclic motion
(unfilled colored shapes) and a single breath hold (filled colored shapes) was
compared to that of Barr and Zhang [18] who use a landmark-based approach to
control tissue compression. The data are separated into two compression states
(i.e., high and low) based on the external data [18], although not consistent for
all instances of the data acquired with our robot.

We compared our results to those of Barr and Zhang [18] who
described a landmark-based method to standardize the shear
wave speed measurements in the breast and quantified results
based on the mean and standard deviation from three volunteers under two compression states (i.e., low and high). The
low compression state corresponds to 0% (i.e., minimal) strain,
while the high compression state corresponds to 25% strain. To
enable comparisons of the variability of shear wave speed measurements from the different approaches, our data are plotted
alongside this analogous external data in Fig. 7(b).
Each filled colored data point in Fig. 7(b) represents the mean
and standard deviation of 4–5 shear wave speed measurements
from Volunteer 1 and 10 shear wave speed measurements from
Volunteers 2 and 3. The five unfilled colored data points for
each volunteer show results from the cyclic motion experiment at 2.5, 5, 7.5, 25, and 30 N (representing low and high

We successfully implemented a force-controlled robot to investigate the consistency of shear wave speed measurements
that vary with the applied force. The RMS errors between the
desired and measured forces were sufficiently low, indicating
that this control method is viable to achieve standardization of
ultrasound-based elasticity measurements and images. The potential for standardization encompasses quantitative estimates
like shear wave speeds as well as qualitative images that display
relative tissue stiffness.
Two considerations when deciding to clinically implement a
robotic system for elasticity imaging include ease of probe manipulation and cost. To address the first concern, the robot can
be programmed to enable similar maneuverability to a free-hand
approach with cooperative control, as described in our previous
publications [36], [42]. With cooperative control, the robot and
operator share control of the ultrasound probe via a force sensor
that determines the direction of external forces applied (representative of the direction that the operator intends to move the
probe). After sensing this direction, the robot helps the operator
to arrive at the final destination by applying a velocity that is
proportional to the direction of the applied force [36]. Regarding
cost considerations, our robot is a small fraction of the cost of an
ultrasound machine with an elastography package like Virtual
Touch installed. Cost can also be reduced with a 1-DOF load
cell that outputs force readings with or without a robot. Without
the robot, the sonographer would manually adjust the applied
force, enabling standardization by associating a numeric force
value with the amount of probe compression applied. In addition, once such a system is present in the clinic, it would not
be limited to standardizing elasticity measurements, as there
are other applications that would benefit (e.g., carotid artery
imaging [21], [22], reconstructive surgery [23], and Duchenne
muscular dystrophy assessment [25]).
As seen in Fig. 6(a) and (b), placing the ultrasound probe at
similar distances from an initial position neither indicates similar probe contact forces (consistent with results from multiple
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abdominal targets in our previous in vivo canine experiment
[35]), nor ensures repeatable shear wave speeds for different
patients. Similarly, applying the same tissue strain does not produce similar compressive forces and vice versa (see Table I).
The lack of correlations among these parameters are likely due
to the nonlinear relationship between force and displacement in
biological tissues.
The standard deviations were low (i.e., <0.2 m/s) in most
cases with the robotic approach, as observed in Fig. 7(b) for
relatively high and low compression states, which indicates that
repeating the same force on the same region of a single patient
has the potential to yield similar shear wave speeds. However,
with no uniquely identifiable structures in the abdominal fat
layer, it is unclear if the same region is interrogated whenever
the probe is lifted and replaced, which could contribute to the
lack of repeatable shear wave speeds for Volunteer 1 in Fig. 6,
as well as for Volunteers 2 and 3 when comparing shear wave
speed values from the two experiments. Potential variations in
abdominal muscle contraction during each measurement might
also be a contributing factor to the lack of repeatable shear wave
speeds.
We originally hypothesized that cyclic motion would alter
shear wave speed estimates due to the force–displacement
hysteresis observed in ex vivo bovine liver and in vivo canine
prostates [20], but the results in Figs. 6(b) and 7 suggest otherwise (although similar force-displacement hystereses were observed for the three volunteers). These results indicate that similarities among the applied force are sufficient to reproduce shear
wave speeds (regardless of the force-displacement hysteresis).
There are two primary factors that contribute to variability
with the proposed force-controlled robot. The first is the large
variability of shear wave speed measurements, particularly
evident when imaging the same relative region of the tissue
mimicking phantom [see Fig. 6(b)]. This variability is commonly attributed to jitter in the ultrasound-based displacement
estimates [39], [43] and more recently thought to be caused
by speckle-induced bias (i.e., preferential tracking of bright or
constructively interfering speckle within an ultrasound tracking
beam) [44]. The second potential source of error is the response
time of the robot [determined by the tuning parameters in
(2)], which was not adjusted to account for the high-frequency
cardiovascular induced motion of abdominal organs [45].
However, if the robotic system were adjusted to account for this
motion, the ultrasound probe would be less stationary during
the shear wave speed measurements, which is not ideal.
Given that the variability of ultrasound-based elasticity measurements has the potential to be improved with the ongoing
development of novel transducer hardware [12], [46], robotic
systems with lower RMS force errors would be additionally
beneficial in the future. However, for the current implementation, robotic force control is not considered to be a primary
contributing factor to the shear wave speed variability because
the RMS force error was ≤0.6 N, which should have caused
≤2% RMS error at the 5 N contact force for Volunteer 3 with
repeated measurements under a single breathhold (see Fig. 7).
The RMS error did not vary with an increase in the applied
force, as shown in Fig. 5, which additionally indicates that the
magnitude of this error is independent of the desired force. User
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subjectivity is another source of variability when implementing
a free-hand approach to measuring tissue elasticity [18]. Hence,
eliminating this subjectivity with a robot is one of the most
beneficial contributions of the proposed technology.
Our comparison to external data [18] has several limitations
in addition to comparing the nonlinear fat response from two
different locations in the body. In the external study, three sonographers measured the shear wave speed of the central portion
of fat lobules using minimal compression and 25% compression
(determined by measuring distance from the chest wall, similar to the image-based method for measuring the tissue strains
reported in Table I). The shear wave speed measurements were
performed ten times for each patient and each compression state,
and the ultrasound probe was removed from the breast between
each measurement. This external study differs from the two
experiments described in Section II, which acquired 4–10 repeated measurements under a single breathhold with sustained
probe contact [see Fig. 7(a)] and 15 measurements under multiple breathholds as the probe was translated with sustained probe
contact during a single cycle and removed between cycles (see
Fig. 6). It is also difficult to make direct comparisons because a
force sensor was not used to determine the corresponding force
values for the two compression states investigated in the external study (e.g., minimal and maximum compression could have
been <2.5 N and >30 N, respectively).
Despite the differences in study design, the primary conclusion of the study comparison—i.e., similar standard deviations for the landmark-based and robot-based approaches [see
Fig. 7(b)]—is not affected. Therefore, a robotic approach appears to be more advantageous than a semiquantitative landmark
based approach, particularly in cases where suitable landmarks
are not available. The robotic approach is additionally more
beneficial when high compressive forces are required, considering the lack of correlation among tissue displacement measurements, strain, and shear wave speeds when comparing results
from different volunteers. High compressive forces are potentially relevant for standardizing shear wave speed measurements
from the left lobe of the liver [47], considering the previously
reported forces required for abdominal imaging [32]–[34].

V. CONCLUSION
To the authors’ knowledge, this paper is the first to implement a force-controlled robot for ultrasonic ARF-based
measurements of tissue elasticity. The robot has promise for
standardization with comparable performance to a landmarkbased method, thus it is particularly advantageous in imaging
applications where suitable landmarks may not be available. It is
also advantageous when large compressive forces are required.
To this end, results support the introduction of commercially
available robots to control the applied force for ARF-based
elasticity measurements in three primary clinical scenarios:
1) longitudinal studies of the same patient, 2) comparative studies between patients, and 3) large-scale 3-D elasticity imaging.
This paper additionally opens the door for the introduction of
novel clinical applications of ARF-based elasticity imaging that
are historically unexplored or underreported in the literature
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due to the significant dependence on the applied probe pressure
(e.g., dermatological applications that stage skin cancers).
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