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Abstract—Millimeter-scale implants using ultrasound for
power and communication have been proposed for a range
of deep-tissue applications, including neural recording and
stimulation. However, published implementations have shown
high sensitivity to misalignment with the external ultrasound
transducer. Ultrasonic beamforming using a phased array to
these implants can improve tolerance to misalignment, reduce
implant volume, and allow multiple implants to be operated
simultaneously in different locations. This paper details the
design of a custom planar phased array ultrasound system,
which is capable of steering and focusing ultrasound power
within a 3D volume. Analysis and simulation is performed to
determine the choice of array element pitch, with special attention
given to maximizing the power available at the implant while
meeting FDA limits for diagnostic ultrasound. Time reversal is
proposed as a computationally simple approach to beamforming
that is robust despite scattering and inhomogeneity of the acoustic
medium. This technique is demonstrated both in active drive
and pulse-echo modes, and it is experimentally compared with
other beamforming techniques by measuring energy transfer
efficiency. Simultaneous power delivery to multiple implants is
also demonstrated.

Index Terms—Phased array, beamforming, time reversal,
ultrasound, wireless, implant, piezoelectric, power transfer.

I. INTRODUCTION

W IRELESS millimeter-scale ultrasonic implants have
been proposed to measure a range of physiological

signals including neural activity [1], tissue oxygenation [2],
and temperature [3]. They have also been proposed for applica-
tions such as electrical neural stimulation [4], [5], optogenetic
stimulation [5], and photodynamic tumor therapy [6]. These
miniaturized implants result in minimal tissue displacement
and allow for untethered operation. While most implants use
electromagnetic (EM) waves for wireless power and com-
munication, ultrasound (US) has emerged as a promising
alternative for deep-tissue implants. When compared with EM,
US offers efficient propagation in tissue and a relatively small
wavelength, which allows for the use of millimeter and sub-
millimeter acoustic resonators implanted deep in tissue [7]. As
shown in Fig. 1, these implants include an integrated circuit
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Fig. 1. Concept of an ultrasound phased array powering multiple implants.

(IC) and a piezoelectric crystal (piezo) for power harvesting
and communication. Higher power stimulating implants may
include an off-chip storage capacitor [4], [5]. Acoustic power
transmitted by an external US transducer is received by the
piezo, rectified, and used to power the IC. To send uplink data,
the implant can either actively drive its piezo [8] or utilize
passive backscattering [1], [2]. In the latter case, modulation
of the impedance across the piezo changes the reflection
coefficient and backscatter amplitude [9]. Implant volume is
usually dominated by the piezo, which also determines the
received power for a given US intensity [9]. Advanced piezo
packaging techniques can improve link efficiency [10], but
the simplest way to reduce volume is to increase the acoustic
intensity at the implant. However, this approach is ultimately
limited because the FDA restricts the spatial peak-temporal
average intensity, Ispta, of diagnostic US to 720 mW/cm2 [11].

Most published US implants use a single-element external
transducer. For relatively high power stimulation applications,
the greater link efficiency of a focused transducer is preferred,
but this setup can tolerate only a few millimeters misalignment
[4], [5]. An unfocused transducer is less sensistive, but it
still has a natural focal length, LF , given by its diameter
and wavelength. For distances less than LF , in the near-field
region, powering an implant is impractical due to local minima
and maxima which make received power highly sensitive to
alignment and depth [12]. Thus, implants are typically placed
beyond this focal point in the far-field, which provides yet
another constraint. While multiple implants in close proximity
can be powered using a single transducer, it is preferable to
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Fig. 2. (a) Geometry of the 52-element ultrasound array. An 8-element cross section is shown in the rest of the figure. (b) Conceptual diagram of transmitted
signals and implant configuration during the unfocused, initial power up. (c) Signals recorded by array and implant configuration during the active drive ping
or iterative backscatter. (d) Time-reversed signals transmitted by the array and implant configuration when beamforming.

record/stimulate at multiple locations.
To overcome the limitations of a single external transducer,

a transducer array (illustrated in Fig. 1) can be used to dy-
namically focus and steer US by controlling the phase at
each element. Linear phased arrays (Nx1 elements) are used
in ultrasound imaging to sweep the focus across the azimuth
plane, and several have been demonstrated for power delivery
to US implants [13]–[16]. However, this still requires manual
alignment along one axis. In this work, a planar array (NxM
elements) was designed and fabricated since this can steer in
both the azimuth and elevation angles to target an implant
located within a 3D volume of tissue. Another advantage
of a phased array is the ability to power and communicate
with multiple implants at different locations; this can be
accomplished sequentially through time-division multiplexing
[17] or simultaneously using techniques such as code-division
multiple access [18]. It has been demonstrated that a phased
array could be partitioned in half, with each sub-array used
to target one implant [14], [17]. This technique was compared
to one using the principle of superposition which allows the
entire array aperture to be used to simultaneously power
multiple implants [19].

Beamforming is often used during signal reception for
spatial filtering, and this has been demonstrated in simulation
to communicate with a network of implanted sensors in a
time-multiplexed fashion [20]. However, this work is focused
on transmit beamforming, which can be used to target and
efficiently deliver power to implants [13], [14]. In time delay-
and-sum beamforming, the signal transmitted from each array
element is delayed based on the distance from each element
to the target [21], [22]. This requires prior knowledge of
the implant position relative to the array and the medium’s
acoustic velocity. To determine the implant location, a subset
of array elements can record either a pulse sent by the implant
[23], or a backscattered signal received from the implant [15].
The time delay for each element can be calculated by finding

the maximum of the cross-correlation between the recorded
signals. After solving a nonlinear optimization problem to
determine the implant location, the delay-and-sum transmit
beamforming method can be applied [15]. This approach does
not account for tissue inhomogeneity and scattering which may
distort and redirect the beam. This work investigates the use
of a computationally simple method for beamforming that is
inherently robust to tissue inhomogeneity, scattering, and the
potentially changing geometry of a flexible transducer array.

Time reversal (TR) beamforming relies on the time reversal
invariance of acoustic waves in a lossless medium, and it
has been shown to be the optimal solution for maximizing
pressure at a target [24]. Even in some cases with significant
attenuation, such as focusing through the skull, a modified
TR procedure has been demonstrated [25]. As a consequence
of TR invariance, if an acoustic signal originates from some
location and is recorded by an array of transceivers, then play-
ing those recordings backwards from the array elements will
result in a reversed version of the original signal converging
on the original source. Sending power to an implant using
this technique therefore requires a pulse originating from the
implant. This can be accomplished using either a single-step
“active uplink” method or an “iterative” pulse-echo approach,
both illustrated in Fig. 2. The active uplink method requires
that the implant can actively drive its piezo. In this case, the
implant transmits an acoustic pulse or “ping” which is received
by the array (Fig. 2(c)). Recording, reversing, and playing back
the signals focuses acoustic power on the implant (Fig. 2(d)).
To initially power the implant, the array would start in an
unfocused high-power mode (Fig. 2(b)) and/or sweep its focus
using standard delay-and-sum beamforming [19].

However, many low-power ultrasonic implants communi-
cate only through passive backscattering [1], [4], [5], and
in this case the iterative method would be used. In this
approach, the transducer array first sends out an unfocused
pulse (Fig. 2(b)). The implant provides a highly reflective
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target compared to its surroundings, and the backscatter, or
echo, originating from the implant will be received by the
array (Fig. 2(c)). This echo is reversed in time and played
back (Fig. 2(d)). Iterating over these steps will result in the
US beam converging on the strongest reflector [25].

One disadvantage of time reversal is that the length of the
power pulse from the array is dependent on the length of
the ping transmitted from the implant. This is feasible for
ultrasonic recording implants because they typically operate
with short pulses with a length of up to twice the time-of-flight
(ToF) [18]. In the context of delivering power to ultrasonic
implants, the acoustic signals will primarily contain a single
frequency component, usually set to the resonant frequency of
the implant piezo. Therefore, the waveforms can essentially be
reduced to their amplitude envelope and phase. However, the
ability to arbitrarily vary the pulse length and amplitude enve-
lope provides greater flexibility for communication protocols.
Therefore, the use of just phase information is also explored,
and this is referred to as phase reversal.

II. PHASED ARRAY DESIGN

A 2D, planar transducer array is essential for ensur-
ing implant functionality regardless of lateral misalignment.
However, a planar array has greatly increased system complex-
ity compared to a 1D, linear array. As described in Section III,
the custom ultrasound system uses MAX14808 high voltage
pulsers, controlled using a parallel interface. With the finite
number of I/O pins on the FPGA, the number of transducer
channels that can be independently driven is limited to 52. This
results in an 8x8 element planar array with the three elements
in each corner removed, as shown in Fig. 2(a). The limit on
channel count motivates the following analysis to determine a
suitable choice for array pitch (inter-element spacing).

A. Directivity and grating lobes

The choice of pitch involves a tradeoff between array
directivity and the production of grating lobes. The directive
gain at a given point is defined as the power density at
that point divided by the isotropic power density [26]. The
maximum directive gain is commonly referred to simply as
directivity. For a large array with equal element excitation,
the far-field radiation pattern/directivity is the product of the
array factor (the directivity resulting from the array geometry)
and the directivity of the radiation from each element [22]. The
magnitude of the array factor for a linear array with equally
spaced point source elements as a function of the angle θ from
the axis is given by:

AF =
sin[N πd

λ
(sinθ − sinθs)]

sin[πd
λ
(sinθ − sinθs)]

(1)

where θs is the desired steering angle, N is the number of
elements, and d is the pitch [22], [26]. This function has
maxima for θ = θs, and the array factor value at this angle
equals N. Thus, the maximum value of the array factor is
dependent only on the number of elements. This also holds
true for the array factor of planar array, which is approximated
by the product of two linear array factors [26]. An example
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Fig. 3. (a) Array factor, element factor, and directivity in the far-field for an
8-element linear array with λ=1 mm, d=1.5 mm. (b) Far-field directivity for
a 52-element planar array with varying pitch.

pattern is shown in Fig. 3(a) for a linear array of 8 elements
with a d=1.5 mm and λ=1 mm, with a steering angle of 0◦.
The grating lobes are reduced compared to the main lobe due
to the element factor. The array factor will be at a maximum
when:

θ = sin−1(
mλ

d
+ sinθs) (2)

where m is an integer. Depending on steering angle and ratio
of pitch to wavelength, Eq. (2) may have multiple solutions,
resulting in grating lobes. Ideally, grating lobes should be min-
imized to avoid powering an incorrect implant. To eliminate
grating lobes at all steering angles, d < λ/2 should be chosen,
but a pitch of up to λ can be used without producing grating
lobes if steering to 0◦.

The beamwidth of a phased array is determined by the
total aperture of the array. For a square planar array, the
angular beamwidth is 0.866λ/D, where D is the length of
a side of the array [26]. Increasing the array aperture narrows
the beamwidth. In Fig. 3(b), acoustic intensity as a function
of angle is shown for a 52-element planar array, calculated
using the MATLAB Phased Array System Toolbox. While
increasing pitch does result in grating lobes and decreased
main beamwidth, the maximum intensity, or array gain, is
identical for each configuration. Therefore, as long as the
beamwidth is sufficiently larger than the implant piezo, the
grating lobes produced by a larger pitch array are not detri-
mental for efficient power delivery to the implant.

B. Optimizing pitch for maximum power delivery

The previous analyses have considered the far-field radiation
pattern of phased arrays; however, the implant could be located
in the near-field. The Fresnel region, or near-field, of a circular
transducer extends to D2

4λ
, where D is the transducer diameter

[27]. In this region, a phased array can be used to both steer
and focus acoustic power [28]. If an implant is located in
the far-field of an array, then the focal point will occur at
a shallower depth than the implant. Since the FDA-limited
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Fig. 4. Simulated acoustic intensity (in dB) for a 52-element planar array
with a pitch of (a) 0.5 mm and (b) 2.0 mm with λ = 1.0 mm when targeting
a 0.8 mm implant piezo (black square) located at 50 mm depth. Results for
each have been scaled to have an equal Ispta.

spatial peak-temporal average intensity, Ispta, will occur at
the focal point and not the implant, this ultimately limits the
power which the implant can harvest. However, if the implant
is located in the near-field, then the acoustic power can be
focused at the depth of the implant. The near-field of a 52-
element, 1.5 MHz, planar transducer with d = λ/2 measures
only 3 mm, much shallower than an implant. The following
analysis will demonstrate why a larger pitch array with grating
lobes can be preferable for maximizing power delivered to an
implant. Field II is used for simulations [29], [30].

The near-field can be extended while maintaining a constant
number of elements by increasing the pitch. Acoustic intensity
while targeting an implant at 50 mm depth using a 52-element
planar array is shown in Fig. 4, with a pitch of λ/2 = 0.5
mm in (a) and a pitch of 2λ = 2.0 mm in (b). Both arrays
have square elements of size λ/2 and are targeting an implant
located at 50 mm depth (Z axis). The array drive voltage has
been scaled such that Ispta is equal in both cases. In addition
to producing grating lobes, increasing the pitch relative to
wavelength leads to a pattern of high intensity regions near
the transducer, as seen in Fig. 4(b). Unless an acoustic spacer
is used, these high intensity regions must be considered when
attempting to maximize power delivered to the implant.

Fig. 5 shows the axial time-averaged acoustic intensity for
52-element planar arrays of increasing pitch focused at a depth
of 50 mm. Each uses an element size of λ/2. A constant
element drive voltage is used for each pitch configuration in
Fig. 5(a). While the intensity at 50 mm is nearly constant,
the peak intensity is lower with a larger pitch. Therefore, for
the larger arrays, the drive voltage can be safely increased
to increase power delivered to the implant. Fig. 5(b) shows
the results of this rescaling which sets the Ispta for each
configuration equal to the FDA limit of 720 mW/cm2. An
array with a 4 mm pitch results in over an order of magnitude
improvement in acoustic intensity at the target compared to the
array with a 0.5 mm pitch, but this will produce 48 grating
lobes when focused at 0◦ based on directivity equations for
planar arrays [26].

The rescaling of drive voltage for larger pitch arrays results
in a greater total acoustic power entering the tissue but
allows for more power to be delivered to an implant without
exceeding the FDA Ispta limit. Using this approach to set Ispta
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Fig. 6. (a) Simulated maximum allowable incident acoustic power on a 0.8
mm cube piezo target while meeting the FDA Ispta limit. (b) Simulated power
transfer efficiency (normalized) from transducer to piezo. (λ = 1.0 mm)

to the FDA limit, Fig. 6(a) shows the incident acoustic power
on the face of a 0.8 mm cube piezo while varying pitch. This
is calculated by integrating the intensity over the piezo face
and thus accounts for the decreased beamwidth with increasing
pitch. The normalized power transfer efficiency from array to
implant is shown in Fig. 6(b). The efficiency does not decrease
significantly with increasing pitch. While the results shown
are for a steering angle of 0◦, they do generalize to larger
steering angles, and increasing pitch does not significantly
affect steering ability.

The maxima and minima in Fig. 6(a) result from the inten-
sity pattern in the near-field, which is dependent on the exact
acoustic properties of the tissue. These results should not be
used to determine an optimal pitch value since this will change
depending on implant depth and tissue properties. Rather, they
lead to the general conclusion that a pitch larger than λ/2 may
be chosen if the goal is to maximize power safely delivered to
an implant. This result is particularly relevant for planar arrays,
in which channel count is often limited. These results assume
ideal focusing of acoustic power on the target. However, even
if the array is poorly focused, near-field maxima are present
and limit the safe input power. Beamforming efficiency is
therefore also important to maximize power at the implant.
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Fig. 7. (a) Image of fabricated array. (b) Mean and standard deviation of
array element impedance measurements in oil.

III. METHODS

A. Array fabrication

After consideration of the design tradeoffs described in
the preceding section, a pitch of 1.8 mm was chosen. With
the limited number of elements, this is a good compromise
among maximizing link efficiency, maximizing intensity at the
implant while meeting FDA limits, and minimizing grating
lobes. A total of eight grating lobes will be produced, with
four at 33◦ and four at 51◦ from the axis when focused at
broadside (0◦) [26].

The 52-element, 13 mm diameter planar array was assem-
bled on a 0.3 mm polyimide flexible printed circuit board.
Most ultrasound arrays require gel for acoustic coupling, but
this is not ideal for long-term applications. A flexible or
stretchable array could conform to the skin without the need
for gel, as has recently been demonstrated [31]. Lead zirconate
titanate (PZT) piezoceramic (APC851) was diced into 0.8 mm
cubes, and these elements were attached with silver epoxy
(EPO-TEK H20E). The top electrodes were connected using
bonding wire and silver epoxy. An image of the array is shown
in Fig. 7(a). Backing and matching layers could be added to
improve efficiency and protect the elements [12]. Impedance
measurements revealed 4 defective elements; the remainder
showed good matching with each other and with finite element
model simulations [9]. The impedance of a typical element
is shown in Fig. 7(b). The series resonant frequency of these
piezos was measured as 1.48 ± 0.08 MHz; the array was
operated at 1.5 MHz.

B. Ultrasound system design

The custom US system (diagrammed in Fig. 8) used the
MAX14808, a three-level high-voltage digital pulser with
integrated transmit/receive switches. The pulser supply was
automatically varied from ±5 to ±25 V based on the am-
plitude of backscattered signals. The variable gain amplifier
(VGA) gain was constant for all channels and was calibrated
once at startup to ensure no channel was saturating while
recording reflected signals from the implant. All energy trans-
fer efficiency measurements were taken using a ±10 V supply
(±8.3 V driving piezos), with ∼8.6 mW consumed by each
element. A Spartan-6 LX150 FPGA was used to generate the
pulser control signals, control the receive path multiplexers,
acquire data at 57 MHz from the ADG9047 8-bit analog to
digital converter (ADC), and communicate with a PC over
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Fig. 8. Custom ultrasound beamforming system and experimental setup.

USB. OPA355 op amps were used for the low-noise amplifier,
programmable gain amplifier, and anti-aliasing filter. Since
only one ADC was used, recording from the entire array
required recording 52 identical pulses. This is acceptable for
operation in iterative mode and for this demonstration of active
uplink reversal; however, to use active uplink reversal with a
true implant requires at least one additional ADC.

C. Experimental setup

The model implant was a 0.8 mm cube PZT piezo mounted
on a small flex-PCB. The perpendicular distance between the
array and implant, or implant depth, was 50 mm. Motorized
translation stages (Thorlabs MTS50) controlled the lateral
position of the implant. This setup is diagrammed in Fig. 8.
The array and “implant” piezo were submerged in canola
oil (c ≈ 1470 m/s, ρ ≈ 910 kg/cm3, α ≈ 0.15 dB/cm),
which has reasonably similar acoustic properties to tissue.
For experiments that characterized performance through tissue,
∼25 mm porcine tissue (c ≈ 1580 m/s, ρ ≈ 1070 kg/cm3,
α ≈ 2 dB/cm) was suspended in the oil between array and
implant.

The implant piezo was wired to a multiplexer to control
the piezo load impedance. During energy transfer efficiency
measurements, a 2.5 kΩ resistor was connected to the piezo
terminals; this matched load allows for maximum power
transfer at the series resonant frequency. The voltage across
the resistor was recorded using an oscilloscope and active
differential probe (Keysight N2750A), and this was used to
calculate the energy delivered to the load. The total energy
transmitted from the array was estimated from the voltage
waveforms applied to the 52 array elements and the element
impedance at resonance. Energy transfer efficiency was found
by dividing received energy by transmitted energy. Efficiency
was used to compare methods because the applied voltage
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Fig. 9. (a) Received backscatter on an array element with implant piezo open
and shorted. Undesirable reflections are present. (b) Difference between open
and shorted backscatter, consisting primarily of the desired implant reflection.

waveforms for time reversal were not explicitly controlled and
could slightly differ in duration and input energy.

D. Delay-and-sum beamforming

For delay-and-sum beamforming, required element delays
were calculated from the known location of the implant
relative to the array and the acoustic velocity. The implant
was first aligned with the array by focusing at broadside and
moving the implant to the position with maximum received
power. This location was then used as the (0,0) position in the
X and Y axes for all experiments.

E. Active uplink reversal

For active uplink reversal, the implant piezo was driven with
±3.3 V for 40 cycles. The pulse was received by the array
and bandpass filtered. The beginning and end of the signals
were identified by a threshold crossing, and the signals were
rescaled to compensate for variation in piezo response among
elements. No assumptions were made about implant depth. For
time reversal, the waveforms were reversed and quantized for
the 3-level (-VHigh, 0, +VHigh) pulsers. This entire process could
be implemented with digital processing and memory on-chip.

To calculate the relative delays between elements for phase
reversal, an element at the array center was used as a reference.
The maximum of the cross-correlation was found between this
reference signal and the signals on each element to determine
relative delays. This sometimes resulted in 2π offsets between
elements, or “phase gaps” [32]. For a long pulse, these 2π

offsets would be insignificant, but for shorter pulses it is
beneficial if the beginnings of the signals from all elements
arrive at the same time. Therefore, element delays were shifted
by increments of 2π if they differed significantly from their
neighbors. Use of nearest-neighbor cross correlation could
reduce the need for this cleanup procedure [33]. Once element
delays were found, they were reversed and used to generate
the transmit waveforms.

F. Iterative reversal

The iterative TR process requires that the strongest echo
originates from the target, which in this case is the front of
the piezo. However, other reflectors in tissue such as bone

TABLE I
DESCRIPTION OF BEAMFORMING METHODS

Method Description

Time reversal Received signals from ”ping” are reversed in time
(active uplink) and transmitted by array.

Phase reversal Delays are calculated from recorded signals from ”ping.”
(active uplink) Array transmits signals with the reverse of those delays.

Time reversal Delays are calculated from recorded backscatter signals.
(iterative) Array transmits signals with the reverse of those delays,

multiplied by the recorded amplitude envelope.

Phase reversal Delays are calculated from recorded backscatter signals.
(iterative) Array transmits signals with the reverse of those delays.

Delay-and-sum Using the known implant position, delays are calculated
from geometry.

Unfocused Array elements all driven with the same signal.

can create stronger reflections. The piezo is also not the only
reflector on the implant, since it also includes an IC, capac-
itor, and flex-PCB substrate. Preliminary results showed that
defocusing could occur as a result of reflections from the flex-
PCB, and it was also difficult to identify the low-amplitude
backscatter when the implant was at larger angles from the
array. To achieve contrast with the surroundings during implant
localization, [15] utilized the 3rd harmonic produced by the
rectifier connected to the piezo while [34] opened and shorted
the piezo while sweeping the array focus during US B-mode
imaging. Here, a related approach to the latter was used to
identify the reflected signal originating solely from the piezo
itself rather than its packaging or surroundings.

The backscatter received by a single array element after
sending an unfocused pulse is shown in Fig. 9(a), both with
the implant (located 20◦ from broadside) piezo terminals open
and shorted. The received echos were composed of multiple re-
flections, and it was not possible to isolate the piezo reflection.
However, calculating the difference between the waveforms,
i.e. the backscatter modulation between the two states, results
in the signal in Fig. 9(b) which is known to originate from
the piezo. Using this difference waveform for TR allows
for reliable focusing. To modulate piezo termination, a real
implant would still need to be powered on from the unfocused
US (Fig. 2(b)); however, this can be done without actively
driving the piezo and with power-intensive blocks shut down.

As with active uplink reversal, the waveforms were band-
pass filtered, and the beginning and end of the backscattered
signal were identified by a threshold crossing. Ten reversal
iterations were performed; this was more than sufficient for
convergence on the target implant. However, directly perform-
ing time reversal was not feasible using the iterative method
because the frequency of the signal tended to shift slightly
after multiple iterations; this is believed to have been caused by
mismatch in the resonant frequency between array elements.
Since the acoustic pressure to voltage transfer function of the
piezo is dependent on frequency, any shift could obfuscate
the comparison between beamforming methods. Therefore,
iterative TR was performed by taking the signals used for
phase reversal and multiplying them by the amplitude envelope
of the received echos. This uses both the phase and amplitude
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information included in these signals, and a similar reconstruc-
tion technique has been used previously [32]. A summary of
the process for each beamforming method described is given
in Table I.

Iteratively focusing on multiple implants can also be accom-
plished using the calculated backscatter modulation signal. By
sending a downlink command to one implant at a time to open
and short its piezo, focusing on each implant can be achieved.

G. Finite-element model simulations

For comparison to Field II simulation results of array
directivity and for estimation of link efficiency, several
finite-element model (FEM) simulations were performed in
COMSOL Multiphysics. The implant piezo used to experimen-
tally measure the directivity of the array has its own directivity
function which must be accounted for when comparing to
Field II simulations of the array. The power received as a
function of acoustic field incident angle was simulated using
a 2D FEM of a 0.8 mm PZT piezo in an acoustic medium.
The Field II directivity results were then multiplied by this
function to match the experimental setup.

To estimate the electric to acoustic conversion efficiency
of the array elements (ηT X ), the simulated acoustic power
transmitted from the front face of a piezo was divided by
the total electrical power consumed. To estimate the acoustic
to electric conversion efficiency of the implant (ηRX ), the
simulated electrical power delivered to a matched load was
divided by the incident acoustic power on the piezo face. These
two FEM simulations used a 2D axisymmetric model of a 0.8
mm piezo.

IV. RESULTS

A. Acoustic field characterization

The directivity pattern of the fabricated array was measured
and compared to Field II simulation results, as shown in
Fig. 10. Since the orientation of the piezo receiver relative to
the array was fixed, one of the factors leading to decreased
efficiency at larger steering angles was increasing angular
misalignment. Therefore, the Field II simulation results of the
array directivity have been multiplied by the implant directivity
from FEM simulations to match the experimental setup. In
Fig. 10(a), acoustic power was steered to 0◦, while in Fig. 10(b)
the beam was steered to -10◦. Excellent matching was ob-
served between the focused simulation and measurements. The
measured half-power beamwidth was 3.9◦(3.3 mm diameter at
50 mm depth), which was consistent with the 3.7◦ theoretical
beamwidth for this array [26].

B. Link efficiency and available power

The power transfer link efficiency primarily consists of the
following factors: electric to acoustic conversion efficiency of
the array (ηT X ), focusing efficiency (η f oc), attenuation of the
acoustic medium (ηatt ), and acoustic to electric conversion
efficiency of the implant (ηRX ). The total efficiency (ηlink) is
the product of these factors and was measured to be -36 dB
(0.024%) with the implant piezo centered at 50 mm depth.
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Fig. 10. Measured and simulated efficiency (normalized to peak) as a function
of angle when focused to (a) 0◦ and (b) -10◦ at 50 mm depth. Both plots are
normalized to the peak efficiency of 0.024%

From FEM simulations, ηT X and ηRX were estimated to be
-6 dB and -3 dB, respectively. The focusing efficiency (η f oc)
was calculated by dividing the incident acoustic power on the
face of the piezo by the integrated acoustic power (including
in grating lobes) when sweeping the receiver over the entire
2D plane. This was done both for Field II simulations and
experimental measurements, and the results were consistent at
-25 dB. Attenuation was low in the oil medium; at 50 mm
depth ηatt ≈ -1 dB. The final -1 dB may be due to angular
misalignment, resonance mismatch, or defective elements.

The measured efficiency corresponds to 110 µW power
delivered to the load. If the array drive power was increased
to meet the FDA Ispta limit, 225 µW available power is
expected from Field II simulations and the simulated ηRX .
This is sufficient for a broad range of ultrasonically-powered
implanted physiological sensors and neurostimulators [1]–[4].

C. Comparison of beamforming methods

Iterative time and phase reversal are compared to active up-
link time and phase reversal in Fig. 11(a) and (b). Results with
delay-and-sum beamforming using the known implant location
and without beamforming are also shown. Efficiency decreased
at larger steering angles due to increased angular misalignment
and additional attenuation from greater propagation distance.
Measurements were taken at 50 mm depth while sweeping the
implant piezo along one axis of the array. Results through the
oil medium are shown in Fig. 11(a), while Fig. 11(b) shows
results through porcine tissue. The implant was again at 50
mm depth, and results are normalized to the same peak value
as in Fig. 11(a). Efficiency was lower through tissue due to
greater attenuation in tissue and reflections at the oil-tissue
interfaces.

Time reversal had less than 1% greater efficiency than phase
reversal. Iterative time/phase reversal were able to achieve
nearly identical efficiency to active uplink time/phase reversal.
All four of these methods were around 20% more efficient
than delay-and-sum beamforming. This difference can likely
be attributed to the fact that delay-and-sum beamforming
did not account for imperfections in array geometry and
fabrication. While this advantage may not be present if using
a conventional US imaging array, this self-correction would be
useful if the phased array was designed as part of a flexible,
wearable device. All methods improved efficiency compared
to the unfocused array by 1-2 orders of magnitude.
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Fig. 11. Efficiency versus beamforming angle (normalized to peak value) when focusing at each position using each beamforming method through (a) oil
medium and (b) porcine tissue suspended in the oil medium. (c) Efficiency after each time reversal iteration through oil and tissue demonstrating the required
iterations for convergence. All plots are normalized to the peak efficiency of 0.024%

(a)Target #1 only

Target #2 only

Superposition

     Partitioned

(b)

(c)

(d)

Fig. 12. Energy transfer efficiency (normalized) with two implants at 50 mm
depth with separate and simultaneous time reversal. Illustrations demonstrating
each setup are also shown. (a) Target #1 (-6 mm, -8 mm) only. (b) Target
#2 (8 mm, 6 mm) only. (c) Partitioned array. (d) Superposition. Results are
normalized to 0.015% efficiency. Reproduced from [19].

The number of iterations required for iterative reversal
depended on the backscatter strength, as shown in Fig. 11(c).
If the initial echo was strong, as was the case when the
implant was centered, only one iteration was required. When
the implant was off-center, more iterations were required. Still,
convergence was quickly achieved, which demonstrates the
feasibility of tracking a moving implant in real-time.

D. Multiple implants

Two implants at 50 mm depth were powered separately
(Fig. 12(a),(b)), together using a partitioned array with half
focusing on each implant (Fig. 12(c)), and together using
superposition (Fig. 12(d)). Active uplink TR was used to
generate the transmitted waveforms. Superposition resulted in
60% and 43% efficiency at the targeted implants compared
to powering each implant separately. This was expected since
the acoustic energy was split between two foci and a perfect
superposition was not possible due to pulser quantization. The
partitioned array suffered from increased beamwidth due to the
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Fig. 13. Energy transfer efficiency to multiple targets after iterative phase
reversal is shown. Main lobes are indicated by white circles, and other lobes
are grating lobes. (a) and (b) show phase reversal to separate targets at sym-
metrical locations. (c) shows superposition to these symmetrical locations. (d)
and (e) show phase reversal to separate targets in asymmetrical locations. (f)
shows superposition to these asymmetrical locations. Results are normalized
to the peak efficiency of 0.024%

reduced aperture of each sub-array, resulting in 33% and 21%
efficiency at each implant.

Simultaneous power delivery to two implants using super-
position after iterative reversal is shown in Fig. 13. The re-
quired delays to target each implant were determined using
the calculated backscatter modulation signal. The two sets
of signals were then summed to simultaneously target both
implants. The main lobes are indicated by white circles, and
the other regions receiving power are grating lobes. If a grating
lobe was closer to the array center than the main lobe, it was
possible for a grating lobe to have the greater intensity, as was
the case in Fig. 13(e). With symmetrically located implants in
Fig. 13(c), the efficiency to each implant was 47% and 48%
compared to powering each implant separately as in Fig. 13(a)-
(b). When one implant was centered and one was off-center,
as in Fig. 13(f), the efficiency was 51% and 47%, respectively,
compared to powering them separately in Fig. 13(d)-(e).
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V. CONCLUSION

In this work, a planar phased array was used for ultrasound
power delivery to biomedical implants, greatly reducing the
sensitivity of the system to misalignment compared to a
single-element transducer. The practical limit on channel count
and the FDA-mandated diagnostic ultrasound intensity limit
motivated the design of an array with a pitch greater than
λ/2. This was shown through simulation to lead to only
a small decrease in link efficiency while greatly increasing
the maximum power which could safely be delivered to an
implant. Simulation results showed that for arrays with a
large pitch, the intensity peaks that limit the array input
power occur in the near-field diffraction pattern rather than
at the focus. Therefore, improving beamforming efficiency
directly translates to increased power available to the implant.
Increased efficiency is also beneficial due to the power-limited
environment of a wearable device and the desire to dissipate
the minimum amount of acoustic energy in tissue while
powering chronic implants.

Time reversal provides a theoretically optimal approach
to beamforming and accounts for tissue inhomogeneity and
the changing geometry of a flexible or stretchable array.
Using a custom array, TR beamforming was demonstrated and
compared to other beamforming techniques. This work showed
that time reversal can be used both in an active uplink mode
if the implant communicates by actively driving its piezo and
in an iterative pulse-echo mode if the implant communicates
through backscattering. Time reversal and the related phase
reversal approach both showed approximately 20% better
energy transfer efficiency than delay-and-sum beamforming
using the known implant location. Superposition was used to
simultaneously power two ultrasonic implants, and this was
twice as efficient as using half the array to power each implant.
Finally, this work demonstrated that time reversal can be used
with reflective implants by using the backscatter modulation
signal as a method of locating and powering multiple implants
with iterative time reversal.

While this work demonstrated TR beamforming using a
custom planar phased array, this method can be used with
any 1D or 2D ultrasound array. However, planar arrays are
advantageous for ambulatory, wearable applications to correct
for implant alignment and migration in 3D. Using a planar
array, however, results in large channel counts that increase
the size, complexity, and power dissipation of the system. The
eventual development of a compact phased array system for
powering a network of miniaturized implants would therefore
require high efficiency power delivery and simple on-chip
processing enabled by the strategies proposed in this work.
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