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Acoustic radiation force impulse imaging is an elastography method developed for ultrasound
imaging that maps displacements produced by focused ultrasound pulses systematically applied to
different locations. The resulting images are “stiffness weighted” and yield information about local
mechanical tissue properties. Here, the feasibility of magnetic resonance acoustic radiation force
imaging �MR-ARFI� was tested. Quasistatic MR elastography was used to measure focal displace-
ments using a one-dimensional MRI pulse sequence. A 1.63 or 1.5 MHz transducer supplied
ultrasound pulses which were triggered by the magnetic resonance imaging hardware to occur
before a displacement-encoding gradient. Displacements in and around the focus were mapped in a
tissue-mimicking phantom and in an ex vivo bovine kidney. They were readily observed and in-
creased linearly with acoustic power in the phantom �R2=0.99�. At higher acoustic power levels,
the displacement substantially increased and was associated with irreversible changes in the phan-
tom. At these levels, transverse displacement components could also be detected. Displacements in
the kidney were also observed and increased after thermal ablation. While the measurements need
validation, the authors have demonstrated the feasibility of detecting small displacements induced
by low-power ultrasound pulses using an efficient magnetic resonance imaging pulse sequence that
is compatible with tracking of a dynamically steered ultrasound focal spot, and that the displace-
ment increases with acoustic power. MR-ARFI has potential for elastography or to guide ultrasound
therapies that use low-power pulsed ultrasound exposures, such as drug delivery. © 2008 Ameri-
can Association of Physicists in Medicine. �DOI: 10.1118/1.2956712�
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I. INTRODUCTION

Elastography and sonoelasticity techniques using ultrasound
and magnetic resonance imaging �MRI� methods have shown
promise in characterizing tissue.1–7 These techniques exploit
differences in mechanical tissue properties between normal
and diseased tissues. Standard elastography methods mea-
sure tissue motion or displacement resulting from compres-
sion or vibration produced by a plate or other device acting
at the tissue surface. These measurements are achieved using
Doppler or cross-correlation techniques in ultrasound imag-
ing and motion-encoding or displacement-encoding gradients
in MRI. Making certain assumptions about the tissue prop-
erties and the boundary conditions, one can use this displace-
ment information to create maps of different tissue proper-
ties, such as the Young’s modulus.

A number of researchers have investigated alternative
elastography approaches that employ one or more focused
ultrasound beams to provide a local source of tissue
displacement.8–17 These methods take advantage of radiation
force that produces a displacement at the focus on the order
of a few microns. This local displacement in the longitudinal
direction or the shear waves that propagate radially away
from the focus as the tissue is pushed can then be mapped
and related to mechanical tissue properties. The use of local

displacement have some advantages over standard elastogra-
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phy methods, such as being able to produce larger displace-
ments at deep tissue locations and reducing the effects of
distant tissue boundaries.

One relatively straightforward use of focused ultrasound
as a source of local displacement is so-called acoustic radia-
tion force impulse �ARFI� imaging.10,11 In this method, the
longitudinal tissue displacement at the ultrasound focus is
measured using cross-correlation methods with ultrasound
imaging. By systematically steering the focal zone to differ-
ent points in the tissue, which can be done in near real time
using the imaging probe itself as the focused ultrasound
source, maps can be made of the local tissue displacement.
These displacement maps are “stiffness weighted” and are
used to identify regions with different local mechanical tis-
sue properties.

Being able to map the focal displacement during short
ultrasound pulses has another potential use beyond elastog-
raphy. A large number of researchers have investigated the
use of ultrasound to enhance or facilitate the targeted deliv-
ery of drugs and genes.18,19 One issue that has not received
much attention to date for these applications is how to moni-
tor and guide these procedures. Significant effort has gone
into developing MRI methods to monitor focused ultrasound
for thermal therapies,20 and these methods could be used in
some situations to monitor drug or gene delivery if the ex-
posures heat the tissue.21,22 However, it is more common that

the pulsed exposures �sonications� barely heat the tissue or
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do not produce any measurable heating at all. Mapping the
displacement during pulsed ultrasound using ARFI may pro-
vide a means to localize the focal point and perhaps evaluate
whether sufficient energy is being delivered to the tissue.
There are currently no available means for such localization
or monitoring for such ultrasound pulses. We are interested
in particular in developing a method to monitor nonthermal
ultrasound therapies in the brain,23,24 where ultrasound
imaging-based methods may be difficult to due the high fre-
quencies used in ultrasound imaging and the presence of the
skull. Such therapies in the brain can be applied at low fre-
quencies suitable for transcranial sonication.24

The purpose of this study was therefore to develop a
MRI-based method similar to ultrasound imaging-based
ARFI imaging that can be used to create displacement maps
resulting from ultrasound pulses applied dynamically to dif-
ferent tissue locations via an electronically steered focal
point. As measurements at many focal locations will be nec-
essary, a method is required that can acquire data
efficiently—ideally with one displacement measurement per
magnetic resonance �MR� wave form acquisition. In addi-
tion, since only single ultrasound pulses may be applied at
each tissue location, approaches that depend on multiple ac-
quisitions acquired during cyclic tissue motion to estimate
the displacement6 are not appropriate for this goal. In this
study, feasibility experiments were performed in tissue mim-
icking phantoms and in ex vivo tissue samples to demonstrate
that small focal displacements induced by low-power ultra-
sound pulses can be detected and related to the ultrasound
parameters.

II. METHODS

II.A. MR-ARFI

The approach used, magnetic resonance acoustic radiation
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force imaging �MR-ARFI�, utilizes several components and

Medical Physics, Vol. 35, No. 8, August 2008
concepts that have been described previously: ARFI
imaging,10,11 quasistatic MR elastography �MRE�
measurements,25 and a line scan MRI pulse sequence origi-
nally developed for diffusion imaging.26 It differs from most
previous MRI investigations that have mapped displace-
ments induced focused ultrasound pulses9,16,17,27 in that the
pulses are applied so that the tissue or phantom material at
the focus is presumed to be stationary during the encoding
gradients instead of assuming cyclic motion, and it only re-
quires one ultrasound pulse for each acquisition instead of
multiple pulses applied with different delays with respect to
the encoding gradients. Essentially, it uses the localized ra-
diation force at the ultrasound beam’s focus as a source for
the quasistatic displacements in a one-dimensional version of
the MR elastography technique proposed by Plewes et al.,25

while others9,16,17,27 have used this radiation force as a local-
ized shear wave source for the dynamic MRE approach de-
scribed by Muthupillai et al.6 MR-ARFI differs from ultra-
sound imaging-based ARFI imaging methods in that it
measures the steady-state displacement at the end of a rela-
tively long ultrasound pulse instead of the peak displacement
occurring during a short ultrasound pulse. Based on previous
experimental and simulation studies, we expect that several
milliseconds �ms� are needed for the tissue to reach its maxi-
mal displacement �saturation�, depending on the tissue
properties.10,11,28

Figure 1 diagrams the MR pulse sequence used and the
assumed tissue displacement profile as a function of time at
the focus due to the ultrasound pulse. A line scan sequence
was selected so that one displacement measurement was ac-
quired with each MR wave form. Such single-shot data ac-
quisition may also be possible using a more standard two-
dimensional MR acquisition instead of a line scan
implementation. However, due to the sequential single-shot
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scan provides certain advantages over other techniques that
use two-dimensional single-shot Fourier encoding and/or
gradient echoes. In particular, susceptibility artifacts and mo-
tion artifacts are inherently reduced with a line scan. More-
over, ghosting artifacts due to irregular motion during a scan
are completely absent due to the single-shot nature of the
sequence.

The sequence uses a 90° –180° pair of radio frequency
�RF� pulses to select two slices inclined by approximately
34° from the normal of the plane to be imaged �Fig. 2�. A
spin echo from the column defined by the intersection of the
slices occurs at the TE of the sequence. A frequency encod-
ing gradient was applied along the column direction during
readout, producing a one-dimensional array of data with each
acquisition. Multiple columns were acquired in succession in
to produce a two-dimensional image. The columns were in-
clined with respect to the normal of the image plane so that
the slice-select gradients did not saturate the other columns
that were to be imaged. The particular angle employed �ap-
proximately 34°� was determined by the particular voxel di-
mensions tested.

Displacement-encoding gradients were applied between
the 90° and 180° RF pulses and between the 180° RF pulse
and the signal readout. For these experiments, the encoding
gradient strength �Ge� was 28 mT/m and its length ��� was
23 ms. The time between the start of the two encoding gra-
dients was 44 ms. Subtraction of two acquisitions was nec-
essary to remove background phase variations caused by
magnetic field inhomogeneities. It also subtracted off any
phase error resulting from displacement which was present
during a slice select gradient. These two acquisitions were
obtained with encoding gradients applied with opposite po-
larity to double the sensitivity to displacement. Assuming
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FIG. 2. Line scan acquisition. �a� Two slice select gradients were applied to
resulted in a one-dimensional array of data with each acquisition. To avoid sa
rotated approximately 34 ° with respect to the normal to the imaging plane
implemented, approximately 75% of the signal arises from a 3�2 mm regi
these columns into a plane. �b� The orientation of the imaging plane and th
tests were performed with them either parallel or perpendicular to the direct
to the ultrasound beam direction. �U.S.: ultrasound.�
that the tissue was static during the encoding gradients, the
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displacement ��x� could be estimated from the phase differ-
ence between these two acquisitions ���� with the following
simple relationship:25

�x =
��

2�Ge�
,

where � is the gyromagnetic ratio �� /2�=42.58 MHz /T�.
With the Ge and � values used, the sensitivity of the sequence
was 3 �m / rad. The above expression assumes rectangular
gradients. Trapezoidal gradients were used, but given their
fast rise time �0.37 ms as implemented here�, this assumption
would result in negligible error.

Two sets of experiments were performed. In experimental
group 1, the first encoding gradient was used to encode the
displacement at the focus. Here, each 42 ms ultrasound pulse
was applied approximately concurrently with the beginning
of the first encoding gradient and ended immediately before
the second. For these experiments, some error was intro-
duced to the displacement estimates using the simple relation
above because the tissue or phantom material at the focus
was moving during the start of each encoding gradient. After
analyzing the results from that study, the experiments were
repeated with a scheme designed to avoid this error but that
required longer ultrasound pulses. In those experiments the
second encoding gradient was used to encode the displace-
ment by delaying the ultrasound pulse so that it started be-
tween the two encoding gradients. The tissue or phantom
material had approximately 17 ms to reach its maximum
displacement before the encoding occurred. A longer ultra-
sound pulse duration of 75 ms was used to maintain this
maximum displacement until the end of the sequence.

During each experiment, the ultrasound transducer re-
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generate maps of the displaced region at and around the focal
spot induced by the pulsed sonications. The time between
two acquisitions of a particular line �the TR of the sequence�
was 1000 or 2000 ms for cases when 10 or 20 lines were
acquired, respectively. This long TR was selected to reduce
T1 weighting to maximize the signal-to-noise ratio. A rela-
tively long TE of 87 ms was also selected to have a long
encoding gradient that minimized the effects of any residual
motion that may have occurred during the beginning
of the encoding gradients. The time between acquisitions of
the different lines was 253 ms when 10 lines were acquired
and 267 ms when 20 lines were acquired. Additional
image parameters included: slice thickness: 3mm, frequency
encode matrix: 256 over a 20 cm field of view in the line
direction, voxel dimension �slice�column width
� frequency encode direction� :3�2�0.8 mm, band-
width: �3.9 kHz. Five data pairs were acquired �five with
positive encoding, five with negative encoding�. During each
acquisition, the sequence acquires two sets of data. In experi-
mental group 1, the default performance of the sequence was
used where the second acquisition had no encoding gradi-
ents, and these data were not used. In experimental group 2,
encoding was employed during the second acquisition,
thereby doubling the number of signal averages without in-
creasing the total scan time. The signal averages were ac-
quired by performing all of the acquisitions with positive
encoding directions and then all of the acquisitions with
negative encoding.

The MRI was programmed to reconstruct magnitude, real,
and imaginary images, which were used with a complex im-
age subtraction20 to create the phase-difference images. Arti-
facts in the phase-difference images �see below� were re-
moved by fitting regions in each line where no displacement
occurred on either side of the displaced region to polynomi-
als of different orders ranging from 1 to 3. The order that had
the minimum error was selected. A line extrapolated into the
displaced region based on this fit was then subtracted off.
The use of polynomials of different orders was inspired by
previous work that utilized MRI phase-difference data in dif-
ferent contexts.29,30 Note that our correction scheme was not
explicitly validated, other than confirming that when no ul-
trasound was applied that no apparent displacement was de-
tected and confirming that the displacement profiles appeared
symmetric about the ultrasound beam direction.

II.B. Experimental apparatus

The focused ultrasound beam was generated by a spheri-
cally curved, air-backed transducer. In experimental group 1,
a 16 element phased-array transducer �diameter/radius of
curvature: 10/8 cm; frequency: 1.63 MHz� driven by a mul-
tichannel amplifier system31 �both constructed in-house� was
used. Except where noted, the individual elements of the
transducer were driven in phase, so it produced an ultrasound
field of a single-element transducer. Due to logistical consid-
erations, it was not possible to test the scheme used in ex-
perimental group 2 with this device. Instead, a 1.5 MHz

single channel transducer with the same geometry was used.
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It was driven by a function generator �model 396, Fluke,
Everett, WA� and RF amplifier �model 240L, E and I, Roch-
ester, NY�. RF power was monitored using a power meter
�Agilent, model E4419B, Santa Clara, CA� and dual direc-
tional coupler �model C5498–10, Werlatone, Brewster, NY�.

The transducers were characterized in a water tank using
methods described earlier.32 Briefly, their efficiencies were
measured using a force balance �absorbing target attached to
a digital scale �AE200, Mettler, Toledo, OH�. Pressure mea-
surements were performed with a calibrated membrane hy-
drophone �spot diameter 0.5 mm, GEC-Marconi Research
Centre, Chelmsford, UK�. Estimates of the pressure ampli-
tude at higher power levels were extrapolated from low-
power measurements. The acoustic power range used in ex-
perimental group 1 �0.36–28.8 W� corresponded to peak
negative pressure amplitudes of 0.9–8.1 MPa in water. The
range used in group two �0.34–11.0 W� corresponded to 1.8–
10.2 MPa. The full width at half maximum focal width/
length in water were approximately 1.0/4.6 mm for the 1.63
MHz transducer used in experimental group 1 and 1.0/4.8
mm for the 1.5 MHz transducer used in group 2. These val-
ues were measured in scans of the acoustic intensity distri-
bution that used a 0.075 mm diameter needle hydrophone
�0.2 mm step size�.

The transducer was attached to a manually operated MRI-
compatible positioning system and was submerged in a tank
of degassed water. At the top of this tank was mounted an
acoustically transparent thin plastic membrane upon which
another cylindrical water tank was placed. The bottom of this
second tank was also a thin plastic membrane. A layer of
degassed water between the two tanks ensured acoustic cou-
pling. The phantom or tissue sample was placed in the sec-
ond tank, and the whole apparatus was placed in a 1.5 T
clinical MRI unit �GE Healthcare, Milwaukee, WI�. An 18
cm diameter receive-only surface coil �GE Healthcare, Mil-
waukee, WI� was placed around the second tank at the focal
depth of the transducer for image acquisition. Figure 3 shows
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Positioning System
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US/MRI�
PhantomMRI Hardware

Delay

FUS driving
system

FIG. 3. Experimental setup.
a schematic of the experimental setup.
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The ultrasound amplifier system was triggered by the
MRI hardware. The trigger occurred at the beginning of the
first slice select gradient. The trigger for the ultrasound sys-
tem was delayed using a function generator �model 395,
Wavetek, San Diego, CA� so the ultrasound pulse began at
the appropriate time in the MRI pulse sequence. One ultra-
sound pulse was acquired for every line acquisition �i.e., ev-
ery 253 ms when 10 lines were acquired, 267 ms when 20
lines were acquired� resulting in a duty cycle of 16% or 17%
for experimental group 1 and 28% or 30% for experimental
group 2.

Sonications were performed in a silicone tissue mimick-
ing phantom �RTV6166, General Electric Co., Waterford,
NY�. This material comes in two parts that produces differ-
ent properties depending on the mix ratio. In these experi-
ments, the A/B components were mixed with a 30/70 ratio,
which yielded the following properties: density:
1100 kg /m3, sound speed: 1050 m/s: attenuation: 3.45 Np/
m/MHz, Young’s modulus: 15.3 kPa.33,34 While this phantom
provided mechanical tissue properties similar to tissue, note
that its speed of sound differed significantly from water and
tissue and resulted in the focal plane being shifted several
centimeters �cm� deeper in the phantom than it would in
water or tissue. The phantom was poured into a cylindrical
cup �height, diameter: approximately 12, 10 cm�. Rubber
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II.C. Experiments and data analysis

The focal point was targeted at a depth of 5 cm into the
phantom in experimental group 1, and 4 cm in experimental
group 2. The displacement as a function of acoustic power
was investigated in experiments consisting of 70 sonications
in experiment group 1 with acoustic power ranging from
0.36 to 28.8 W and 72 sonications in experiment group two
with acoustic power levels ranging from 0.34 to 11 W. Ap-
proximately half of the sonications were imaged in a plane
parallel to the direction of the ultrasound beam propagation,
with the others imaged perpendicular to this direction in the
focal plane. Nine cases were also imaged in each experimen-
tal group with no ultrasound applied to measure the noise
level in the images and to confirm that the correction scheme
correctly removed background phase variations. In these ex-
periments, the direction of the encoding gradients was ori-
ented parallel to the direction of the ultrasound beam Addi-
tional experiments were performed to evaluate the transverse
component of the displacement �28 sonications� and to in-
vestigate sonications performed using different phased array
patterns �four sonications, experimental group 1 only�. The
phased array was cut in 16 pie-shaped elements.35 It operates
in different “modes,” which produce multiple foci arranged
in a ring distributed around the axis of the ultrasound beam.
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2” and “mode 4” sonication were tested. Head-to-head com-
parisons of the different pulsing schemes used in the two
experimental groups were made with the equipment used in
experimental group two.

Experiments were also performed in an ex vivo bovine
kidney acquired at a grocery store and submerged in de-
gassed water. Thirty sets of MR-ARFI data were acquired
�acoustic power: 3 W� in ten locations in four samples to test
the feasibility of visualizing and measuring displacements in
tissue. In each location, the measurements were repeated be-
fore and after thermal ablation produced by high-power soni-
cation. During these ablation sonications, the temperature
rise was measured with MR thermometry.36 A peak tempera-
ture of at least 65 °C was reached in these sonications based
on the thermometry and the kidney temperature, which was
monitored with a thermocouple. The MR-ARFI measure-
ments occurred after the tissue cooled back to its base line
value.

The temperature rise that was produced by the MR-ARFI
ultrasound pulses themselves was also estimated. For these
estimations, the temperature rise as a function of time mea-
sured using MR thermometry during sonications applied
with continuous wave exposures was scaled based on the
time-averaged acoustic power used for the MR-ARFI pulses.
Such scaling is appropriate for linear ultrasound propagation,
and was justified here since nonlinear propagation did not
contribute significantly to the temperature rise for the sharply
focused transducers, ultrasonic frequencies, and acoustic in-
tensities employed.37 The peak temperature rise as a function
of time was measured in a 3�3 voxel region in the tempera-
ture maps centered at the focal point during the continuous-
wave sonications. Such measurements were not possible in
the silicone phantom since the proton resonant frequency of
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All data analysis was performed using MATLAB �version
7.0, The Mathworks, Natick, MA�. Statistical analysis in-
cluded calculations of means and standard deviations, least-
squares linear regression and calculation of correlation coef-
ficients. Comparison of the mean displacements before and
after thermal ablation in kidney in a 7�3 voxel �5.4
�6 mm� region of interest �ROI� centered on the focal re-
gion were made using a paired two-tailed student’s t test.
This ROI was selected to cover the entire region where dis-
placement was observed. The displacement measurements
made in images acquired parallel to the direction of the ul-
trasound beam were compared to those made in images ac-
quired perpendicular to this direction in the focal plane using
an unpaired student’s t test.

III. RESULTS

Focal displacements in the silicone phantom could be de-
tected and quantified for all power levels tested for both ex-
perimental groups. Examples are shown in Fig. 4 from ex-
perimental group 2. The focal zone is observed as expected
for exposures in a uniform medium: an elongated spot when
imaging along the direction of the ultrasound beam �top im-
ages in Fig. 4�, and a round spot when imaging perpendicular
to this direction in the focal plane �bottom images in Fig. 4�.
Measurements made in the images acquired along these two
directions were not significantly different from each other
�P	0.05�. For all but the two highest power levels tested in
each experimental group, a linear dependence of the dis-
placement as a function of the acoustic power was observed
�Fig. 5�. Regression of this data yielded slopes of
0.12�0.01 �m /W and 0.31�0.01 �m /W for experimen-
tal groups 1 and 2, respectively �R2=0.99 in both cases�. For

mode 0

mode 2

mode 4

-20 -10 0 10 20

0

0.2

0.4

0.6

0.8

1

1.2

mm

D
is

p
la

ce
m

en
t

(µ
m

)

Displacement (µm)
0 0.5 1

mode 0
mode 2
mode 4

cm

FIG. 6. MR-ARFI during sonications in the phantom using different phased
array patterns. With “mode 0,” all the phased array elements were in phase.
In mode 2 and mode 4, multiple focal spots were produced in the shape of
a ring around the axis of the ultrasound beam. At the higher modes, the
distribution was less sharp and produced only slightly less displacement for
the same acoustic power �5.7 W�. The images are oriented parallel to the
direction of the ultrasound beam. The displacement encoding is also in this
direction. The average of three lines is shown in the plots.
experimental group 1, there was a nonzero y intercept to this



3754 N. McDannold and S. E. Maier: Magnetic resonance acoustic radiation force imaging 3754
regression of 0.36�0.03 �m. This offset was not observed
for group 2; the y intercept of the regression for this group
was −0.05�0.03 �m. When the two pulsing schemes were
compared head-to-head, the apparent displacements mea-
sured with the scheme used in experimental group two were
30% larger. Changing the phased array pattern had a small
effect on the shape of the displaced region, and the higher
modes produced only slightly less displacement �Fig. 6�,
even though the average peak intensity at the focus was re-
duced.

The linearity of the displacement as a function of acoustic
power broke down at higher power levels. A large increase in
displacement was observed for the two highest power levels
tested �see inset in Fig. 5�. This increase was associated with
visible changes in the phantom which were observed after
the experiments. Sonicating at a lower power level after
these changes were induced resulted in increased displace-
ment.

At these high acoustic power levels, small transverse dis-
placements could also be detected by applying the encoding

5 µm

Encoding in US
beam direction

Encoding in
transverse direction

µm
0 2.5 5 7.5 10

µm
-1.2 -0.4 0.4 1.2

cm

FIG. 7. MR-ARFI in the silicone phantom with the displacement encoding
direction for sonication at 29 W, from experimental group 1. Left: Images of
pair were oriented parallel to the beam direction; those at the bottom were pe
the depth location of the plane used in the plots on the right and in the imag
encoding gradients is shown in the bottom left corner of each image. R
components at the three different depths. Below the focal plane, the transvers
The insets show the two data sets from which the vectors were created, wit
in a direction perpendicular to the direction of the ultrasound
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beam propagation �Fig. 7�. Below the focal plane �closer to
the transducer�, this transverse displacement was directed in-
ward toward the axis of the beam propagation. In regions
more distant from the focal plane, it was directed away from
this axis. The transverse component was small compared to
the displacement along the direction of the beam. For ex-
ample, the maximum measured transverse displacement was
2 �m in the cases in Fig. 7, only 13% of the maximum
longitudinal displacement of 15.2 �m.

Displacements could also be mapped in the kidney
samples. Examples acquired before and after focused ultra-
sound thermal ablation are shown in Fig. 8. After ablation,
the displacement at the focus increased by a small amount.
For experimental group 2, the mean displacement for the five
sonications in the kidney sample before and after thermal
ablation was 3.0�0.4 and 3.8�0.8 �m, respectively, a 27%
increase which was statistically significant �P
0.01�. A
similar increase �1.7�0.4 versus 2.1�0.5 �m, P
0.05�
was observed for sonications in experimental group 1. The
shape of the region that was displaced by the preablation
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width of the region that was moved by the radiation force
appeared to be wider than the zone that was heated. As was
the case with the phantom experiments, the measurements in
the kidney with imaging along the direction of the ultrasound
beam were not significantly different �P
0.05� than those
made perpendicular to this direction.

The temperature rise at the focus for pulsing with the
parameters used for MR-ARFI estimated by MR thermom-
etry during continuous-wave sonications was approximately
0.2 °C for experimental group 1 and 0.5 °C for experimen-
tal group 2 after 5.3 s �the approximate time needed apply
ultrasound pulses at one location with a repetition frequency
of 3.7–4.0 Hz with 20 signal averages�. These temperature
values were on the order of the standard deviation in non-
heated regions in the temperature maps ��0.50 °C� and
were below 1 °C, which is considered to be the maximum
safe temperature elevation for ultrasound imaging
exposure.38,39

The artifact correction scheme worked well in both the
phantom and in the tissue samples. An example of the phase
difference before and after this correction is shown in Fig. 9.
MR-ARFI acquired with no ultrasound showed no apparent
displacement. The average standard deviation in regions of
interest in these images was �0.09 �m and �0.07 �m for
experimental groups 1 �five signal averages� and 2 �ten sig-
nal averages�, respectively. In the kidney �with ten signal
averages�, this value was �0.18 �m.

IV. DISCUSSION

This work demonstrates the feasibility of visualizing
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FIG. 8. MR-ARFI in an ex vivo kidney sample. �a� T2-weighted image showi
on top of the sample to hold it in place. �B� and �C� Maps of the displace
thermal ablation. �D� MR temperature image acquired during ablation. �E
average of three lines is shown in this plot. The normalized spatial distributi
The peak temperature rise achieved during this sonication was 31 °C.
small focal displacements induced during low-power ultra-
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sound pulses in a tissue-mimicking phantom and in ex vivo
tissue samples using an efficient acquisition that can be used
to map rapidly the displacement at numerous tissue loca-
tions. It also showed that the estimated displacements were
proportional to the applied acoustic power as expected for
linear, plane-wave ultrasound propagation16,40 and that in
some situations the transverse component of the displace-
ment can be mapped. This technique has potential uses for
elastography and for guiding and monitoring therapies based
on pulsed ultrasound exposures, such as targeted drug
delivery.18,19

These results are similar in some respects with those de-
scribed by Wu et al., who used a focused ultrasound beam
pulsed at a repetition rate of 50–300 Hz as a source for shear
waves in experiments in phantoms and ex vivo tissue
samples.16 They also observed a linear relationship between
longitudinal displacement estimates at the focal spot and the
acoustic power and could detect small displacements. How-
ever, their measurements used multiple acquisitions at differ-
ent phase offsets between the ultrasound pulses and encoding
gradients to estimate the focal displacement and required 128
repetitions to allow for phase encoding, although in later
studies they have also investigated a one-dimensional
acquisition.17,27 Also, sinusoidal motion was assumed at the
focus in those studies. This will not be the case and could
lead to errors, as the displacement at the focus will increase
initially for several ms and then perhaps saturate during the
ultrasound pulse, followed by exponential decay
afterwards.11 In contrast, with the approach used in MR-
ARFI, the displacement at each point is sampled rapidly, and
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measurements is that the encoding occurs after the tissue has
reached the saturation point.

This approach was selected to allow for measurements
similar to those employed in ultrasound imaging-based ARFI
imaging and to track the focal coordinate and perhaps evalu-
ate the energy deposition during ultrasound-based drug de-
livery. As implemented here, multiple lines were acquired
with the ultrasound focus fixed at a single location, resulting
in two-dimensional maps of the displacement at and around
the focal spot. With a phased array transducer one could
dynamically steer the focus to different locations, following
the position of each line acquisition to systematically map
the displacement at every desired point. With such an imple-
mentation, one could acquire the lines more rapidly while
maintaining a safe time-averaged intensity at each focal spot,
as the ultrasound pulse repetition frequency at any location
would be drastically reduced. MRI-compatible focused ultra-
sound devices already exist in the clinic with capabilities that
could be used for such acquisitions.41

To fully reach such a goal, the sequence should be further
optimized to improve its sensitivity in order to avoid the
need for signal averaging. Here, a heavily T2-weighted se-
quence was used which may have decreased the signal-to-
noise ratio of the imaging and reduced the effectiveness of
using such long encoding gradients. If a trigger for the ultra-
sound pulse were applied before each MR acquisition, the
displacement at the focus could still reach saturation even
with very short encoding times.

It would also be desirable to reduce or eliminate the phase
artifacts that we observed in the imaging. The source of these
artifacts is unknown, but could be related to vibration of the
MRI unit and the experimental apparatus due to the rapidly
switching gradients, or perhaps eddy currents. Indeed,
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of the displacement at the focal depth before and after this correction. Dotted
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ripples were evident on the surface of the water tank used in
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the experiments during encoding, suggesting the vibration
produced by the MRI sequence may be significant. If it is
related to vibration, using a velocity-compensated bipolar
encoding gradients and modified ultrasound pulsing may be
helpful in reducing the sensitivity to motion that is not syn-
chronous with the encoding gradients. Such a strategy has
been tested42 and appears to remove the artifacts, suggesting
that such asynchronous vibration could be the source. These
artifacts were the likely source for the small offsets evident
between some of the lines that make up the displacement
images in Fig. 4. Future work will need to be done to vali-
date the displacement measurements and the correction
scheme used to correct for background phase variations. The
correction scheme may prove more difficult in more complex
situations than the homogeneous phantom and tissue samples
tested here. Another strategy to improve the overall sensitiv-
ity and reduce the need for signal averaging would be to
enlarge the focal region to achieve a larger average displace-
ment across the voxel to avoid partial volume effects, which
likely occurred in this study. The effectiveness of such an
approach is evident from the results with the phased array,
which showed a similar displacement with a lower peak in-
tensity when multiple foci were created. This was also evi-
dent from comparing experimental groups 1 and 2. The
transducer used in experimental group 2 was more tightly
focused than experimental group 1, probably because of
flaws introduced when dicing the 1.63 MHz into a phased
array. Because of these differences, only the two lowest
power levels tested in the phantom group two would be
within Food and Drug Administration guidelines for ultra-
sound imaging �mechanical index less than 1.9�,38 while the
four lowest power levels tested in group 1 would be within
these limits. Alternative potential means to enlarge the focal

-20 -10 0 10 20 30
mm

Before correction
After correction

-difference images, regions to the left and right were selected where it was
different orders. The order that produced the least error was then selected.
d away. Left: MR-ARFI before �a� and after �b� artifact correction. �c� plots
indicates the fit of the data in the shaded regions and the extrapolation into
the direction of the ultrasound beam. The displacement encoding is also in
0

phase
als of
tracte

line
el to
volume would be to use lower frequency ultrasound or by



3757 N. McDannold and S. E. Maier: Magnetic resonance acoustic radiation force imaging 3757
changing the transducer geometry. Volume averaging may
explain why our displacement measurements were somewhat
lower than might be expected based on previous work done
with ARFI imaging using ultrasound measurements.11,43 In
all cases, at least one voxel dimension was 2 or more times
as large as the ultrasound beam width. However, since the
displacement field will be larger than the ultrasound beam
profile, this effect should be somewhat mitigated. Indeed,
differences between measurements made in the different im-
aging orientations were not significant as one might expect
because of volume averaging. Other reasons the measure-
ments may be lower than might be expected could include
our use of a lower ultrasound frequency than the previous
studies or perhaps differences between measuring transient
displacements �in ultrasound imaging-based ARFI imaging�
and steady-state displacements �in MR-ARFI�. During the
initial push, the displacement may be larger due to the iner-
tial response of the tissue in the focal zone. Here, the mea-
surements were acquired after this response.

If the MRI pulse sequence or ultrasound application can
be further optimized to increase the sensitivity of the se-
quence, it may be possible to measure the focal displacement
of an individual ultrasound pulse by referencing the mea-
surement to a prior one acquired without ultrasound. One
may be able to use the method to ensure that a sufficient
exposure level is achieved during ultrasound drug delivery
by experimentally relating the displacement to the amount of
drug delivered. This may be possible at least in normal tissue
where one may expect the mechanical tissue properties to not
vary widely. One may also be able to estimate the time con-
stant that describes the tissue relaxation to its initial position
after the completion of the ultrasound pulse. One could first
acquire measurements of the peak displacement as was done
here, and then acquire a second measurement using a short
encoding time where the ultrasound pulse ends immediately
before the start of the encoding gradient so that the tissue
relaxation is encoded. Assuming exponential decay, one
could potentially use these two measurements to estimate the
decay rate. This could be advantageous as the relaxation rate
would be independent of the tissue properties along the ul-
trasound beam path. Improved sensitivity may also allow use
of measurements of the transverse components of the dis-
placement. Here, that was only possible for the higher power
levels tested where irreversible changes had occurred in our
phantom. In some situations, however, such as perhaps for
detecting small calcifications, they may be detectable at safe
exposure levels. Such imaging may also be of interest in
validating models of radiation force in different situations.

Another potential use of this method may also be for aug-
menting thermal imaging during ablation27,44 or in evaluating
tissue response afterwards.15,45,46 In our tests in the kidney,
the estimated displacement was larger after thermal ablation.
This was somewhat surprising, as one would expect from
previous work that the displacement be smaller after coagu-
lation since the tissue becomes stiffer after thermal
coagulation.17,46 It is possible that the entire lesion was being
pushed by the ultrasound beam at the impedance mismatch at

the bottom edge of the lesion. Indeed, others have shown an

Medical Physics, Vol. 35, No. 8, August 2008
increase in displacement in some cases where small thermal
lesions were produced using standard MR elastography
techniques.17

This work is not the first to use focused ultrasound as a
source for MRI-based elastography. In addition to the studies
discussed above,16,17,27 Sinkus et al. recently presented pre-
liminary data using an approach similar in many ways to
MR-ARFI to guide high-power focused ultrasound thermal
ablation.47 Also, in one of the first tests of MRI-based elas-
tography, Sarvazyan et al. used focused ultrasound as a local
source for shear waves, which were detected using a line
scan sequence similar to that used in this work.9

In conclusion, an approach was tested that uses the local-
ized radiation force produced by focused ultrasound pulses
as a source for quasistatic displacements, which were mea-
sured using a one-dimensional version of an MRE technique
described earlier.25 The method appeared sensitive to small
�micron-scale� focal displacements in feasibility experiments
in tissue-mimicking phantoms and ex vivo kidney samples.
The displacement increased linearly with applied acoustic
power in the phantoms, and irreversible changes in the phan-
tom and thermal coagulation in the tissue samples resulted in
an increased displacement. In some cases, transverse compo-
nents of the displacement could also be detected.
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