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Abstract— A 0.8-mm3-wireless, ultrasonically powered, free-
floating neural recording implant is presented. The device is
comprised only of a 0.25-mm2 recording integrated circuit (IC)
and a single piezoceramic resonator that are used for both power
harvesting and data transmission. Uplink data transmission is
performed by the analog amplitude modulation of the ultra-
sound echo. Using a 1.78-MHz main carrier, >35 kb/s/mote
equivalent uplink data rate is achieved. A technique to lin-
earize the echo amplitude modulation is introduced, resulting
in <1.2% static nonlinearity of the received signal over a
±10-mV input range. The IC dissipates 37.7 µW, while the neural
recording front end consumes 4 µW and achieves a noise floor
of 5.3 µVrms in a 5-kHz bandwidth. This work improves the
sub-mm recording mote depth by >2.5×, resulting in the highest
measured depth/volume ratio by ∼ 3×. Orthogonal subcarrier
modulation enables simultaneous operation of multiple implants,
using a single-element ultrasound external transducer. Dual-mote
simultaneous power-up and data transmission are demonstrated
at a rate of 7 kS/s at the depth of 50 mm.

Index Terms— Echo modulation, energy harvesting,
implantable biomedical devices, linearization, neural recording,
nonlinear acoustics, piezoelectric, ultrasound.
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I. INTRODUCTION

UNTETHERED, wireless neural recording implants are an
emerging type of neural interface [1]–[4], which enable

improved access to signals valuable for disease diagnosis,
closing the loop in stimulation systems, and basic neuro-
science research. By their distributed nature, individual wire-
less devices can precisely target anatomical areas of interest
such as deep brain structures or peripheral nerves. Unlike some
wireless devices that sit subcranially on the surface of the
brain, wireless devices that target deep structures must strictly
minimize the size to lessen implantation trauma and long-term
tissue scarring [5], which results in signal-quality degradation
in chronic neural recording [6]. Reducing device volume to
sub-mm3 scales also enables minimally invasive implanta-
tion techniques, such as catheter-based, laparoscopic or even
injection-based procedures. Designing wireless sub-mm-scale
implants with centimeter-deep operation ranges presents power
delivery and data transmission challenges. Furthermore, for
concurrent recording from multiple sites, the system should
also be able to communicate with a network of such implants.

Multiple designs have been reported recently to address
the issues outlined above [2]–[4]. The smallest free-floating
neural recording implant was presented in [4] whose max-
imum theoretical operation depth does not exceed 6 mm
due to high tissue attenuation, and thus is better suited to
the epicortical neural recording. Sequential inductive coupling
(using an implanted high-Q tertiary coil) was presented in [3]
for transcranial power transmission to epicortical free-floating
implants at a depth of 20 mm. This technique cannot be
extended to deep tissue recording since the tertiary coil has a
large form factor and the implants must be on the same plane
(similar to [7], [8]). Recently, uplink data communication
with a network of free-floating implants using a random
time-division multiple access (TDMA) protocol and a tertiary
coil similar to [3] for power transmission was demonstrated
in [9]. This implementation is also limited to the epicortical
recording due to its shared RF link, the limited operation range
(1 cm), and the uplink data rate (10 kb/s/device). A frequency-
division multiple access (FDMA) downlink was proposed
in [10] to communicate with an ensemble of sub-mm-scale
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Fig. 1. Untethered neural recording from deep regions of the periph-
eral/central nervous system using ultrasonically powered neural recording
implant.

neural stimulators. This requires the receiving antenna of each
implant to be individually designed and tuned at a unique
frequency, complicating the design and cost when scaled to
multiple motes.

The implant presented in [2] takes advantage of low tissue
propagation loss (∼0.5 dB/cm/MHz) and low propagation
velocity of acoustic waves in realizing a miniaturized, ultrason-
ically powered implant. However, the absence of a low-noise
gain stage limits the SNR of the recorded signal and necessi-
tates the use of a focused ultrasound transducer, restricting the
tissue operation depth range to 8.8 mm. Electromagnetically
powered implants that are <1 mm3 do not meet the depth
requirement for recording from the peripheral nervous system
(PNS) in human targets such as the Vagus nerve, which is
located 3–5 cm below the skin surface [11]. Furthermore,
deep-tissue, multi-site neural recording using free-floating
implants has not been demonstrated in the aforementioned
prior art. A custom-designed beamforming transducer was
shown in [12] that can sequentially power up two general-
purpose ultrasonically powered implants. However, due to the
continuous operating protocol used in [12], further miniatur-
ization below a mm3 implant volume is challenging, as dis-
cussed in the following.

We present the design, implementation, and verification
of an ultrasonically powered neural recording implant shown
in Fig. 1 [13], which achieves state-of-the-art neural record-
ing performance when compared with other sub-mm3, free-
floating wireless implants. The implant occupies a volume of
only 0.8 mm3, minimizing tissue displacement, scarring, and
foreign body response. The implants have been verified to
operate at 50-mm depth in a tissue phantom (with ∼0.5-dB/cm
attenuation at 2 MHz), enabling recording of most peripheral
nerve targets as well as deep brain targets through thinned
skull [14]. The implants are designed to enable simultaneous
power-up and parallel data back-telemetry of multiple motes
with a low-cost single-element unfocused external transducer.
This not only simplifies the design of the external interrogator
but also maximizes the operation depth and the interrogation

frequency (and, hence, the temporal resolution of the acquired
signal) in a multi-site recording setup.

The article is organized as follows. In Section II, design
requirements and challenges are outlined. The concept of
linear analog echo modulation (AM) of an echo for uplink data
transmission is introduced in Section III where a theoretical
analysis is performed. Section IV describes the circuit-level
implementation of the integrated circuit (IC) and measurement
results are presented in Section V. Conclusions and compari-
son with the state-of-the-art are presented in Section VI.

II. SYSTEM OVERVIEW

To miniaturize wireless implants below millimeter scales,
the number and size of off-chip components must be min-
imized. This includes the elimination of off-chip capacitors
and necessitates the realization of wireless power and data
communication on a single link.

Separate power transmission and data communication links
have been demonstrated in ultrasonic implants [15], [16]. This
mode of operation, shown in Fig. 2(a), enables continuous data
transmission and high data rates, but limits the miniaturization
of the implant volume, since it requires two ultrasound res-
onators preferably tuned at distant frequencies to minimize
carrier leakage. A similar implant with a single power-data
time-multiplexed piezo was presented in [17] to reduce the
implant volume. However, actively driving the piezo increases
the number of off-chip components (storage and matching
network capacitors) and ultimately its overall size. Alterna-
tively, a single ultrasound link can be used for both power
and uplink data transmission in a pulse-echo fashion [2],
obviating the need for any secondary resonator or off-chip
capacitor. In this scheme, shown in Fig. 2(b), an ultrasound
pulse is first launched toward the implant. After a single time
of flight, the implant ultrasound resonator, realized by a bulk
piezoceramic (Lead Zirconate Titanate, PZT), starts resonating
and harvesting energy. Shortly after that, the IC on the implant
wakes up and begins recording neural signals. At the same
time, the amplitude of the echo (traveling toward the external
transducer) is modulated according to the recorded neural
signal. The AM-modulated echo is then received and recon-
structed through the same external transducer. This pulse-echo
interleaved scheme prevents overlapping of the high-voltage
signals (up to 30 Vpeak) driving the external transducer and
the mV-level received echo signals, which would otherwise
impose an impractically large dynamic range (e.g., 110 dB
and 30-V input range) on the external receiver front end.

To minimize the number of off-chip components and the
overall implant volume, a pulse-echo interleaved scheme sim-
ilar to [2] is used in this work, with three key differences.

1) The addition of a low-noise analog front end (AFE) in
this work reduces the input-referred noise by 34×.

2) The introduction of a technique to linearize the reflection
coefficient, resulting in linear analog amplitude mod-
ulation of the echo and, thereby, lowering distortion,
as discussed in Section III.

3) Simultaneous multi-implant interrogation is achieved
without sacrificing the interrogation frequency and with
the use of a single-element external transducer.
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Fig. 2. Various ultrasound operating protocols. (a) Continuous-mode operation where on–off keying (OOK) is used for uplink data transmission. (b) Pulse-echo
mode with classic AM uplink data transmission. (c) Pulse-echo mode with simultaneous interrogation of two implants using orthogonally encoded AM.

Both focal length (Fresnel distance) and focal area of an
ultrasound transducer scale with its aperture. For instance, a
low cost commercially available single-element 0.5′′ diameter
unfocused external transducer has a focal length of 52 mm
and focal area of 50 mm2 at 2 MHz in water. Therefore,
we propose a network of sub-mm-scale implants scattered
over this 50-mm2 focal area that simultaneously power up
and perform data back-telemetry. For uplink data transmis-
sion, each implant has a unique orthogonal subcarrier that
utilizes code-division multiplexing (CDM), while modulating
the amplitude of its echo. In this prototype, the chip internally
generates a CDM code by dividing the clock (extracted from
the main carrier) by a ripple counter. In a multi-implant setup,
CDM codes can be generated in the same fashion [18];
a frequency divider is clocked by the extracted global main
carrier and followed by an encoder to generate CDM codes.
A unique code may be chosen by trimming or hardwiring
the device. The encoded echoes from multiple implants are
superimposed in the acoustic medium and received by the
external transducer, as shown in Fig. 2(c). The receive chain
of the interrogator includes a low-noise amplifier (LNA) and
a high-resolution ADC. Decoding an echo is only a matter
of synchronized code multiplication and averaging. Upon
echo and CDM code multiplication at the receiver, the signal
associated with the CDM code is converted into baseband
while those of the other channels will remain spread across the
spectrum. Averaging concurrently generates a single sample of
the selected channel and filters out the non-selected channels.
Decoding is possible regardless of the length of the encoded
echo as long as it contains an instance of a CDM frame. This
is crucial because the duration of the time-interleaved echoes
is finite (and often short, approximately tens of microseconds).
In addition, orthogonal codes can serve as a subcarrier signal

Fig. 3. Top: Typical ultrasound pulse with AM. Bottom: Comparison between
analog and DM schemes and their corresponding bounce diagrams.

that partially bypasses the low-frequency noise contents of the
main carrier [19].

Fig. 3 shows a typical echo pulse of the implant when
AM is used for data back-telemetry. After implant power-
up and initialization, the amplitude of the echo is modu-
lated according to the recorded neural signal. A comparison
between the required echo period Techo,min for analog and
digital echo modulation (DM) along with their bounce dia-
grams are shown in Fig. 3. Assuming the same number of
ultrasound cycles (1/ fmain,carrier) is required for the ampli-
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Fig. 4. Simplified block diagram of the IC.

tude to settle or switch between states, the required pulse
period for the case of DM is larger than that of AM by
roughly the number of digital bits transmitted in each echo.
In other words, AM carries higher information per cycle
than DM. To prevent overlapping the transmitted pulse and the
echo, the pulse duration must be smaller than the round-trip
time between the external interrogator (Tx) and the implant
(Rx), or <2ToF. Thus, the minimum distance between the
implant and the external transducer in the case of B-bit digital
modulation, dmin,DM, is B times larger than that of AM. For
a dmin,AM distance shown in Fig. 3, only a single bit of data
can be transmitted using DM. The same principle holds true
when subcarrier modulation takes place. The maximum inter-
rogation frequency in a pulse-echo communication channel
is given by fsample = 1/2Techo,min. In addition to extending
the operating range (by allowing shorter distances between
Tx and Rx), AM uplink requires shorter Techo,min and, hence,
can enable higher interrogation frequencies and ultimately
uplink data rates.

A simplified block diagram of the implant is shown
in Fig. 4. The chip contains a power management block
that rectifies and regulates the received piezoceramic (piezo)
voltage to a 1-V supply. A clock signal is directly extracted
from the piezo-harvested voltage (using 2.5-V buffers), which
is divided to generate the chopper signal. The AFE consists
of a fully differential chopper-stabilized amplifier followed
by a linear gm-cell that linearly modulates the amplitude
of the echo. After receiving and conditioning the echo
at the external interrogator, digital post-processing, shown
in Fig. 2(c), is performed to reconstruct the transmitted signal.
The implant is powered on as long as an ultrasound pulse
is present, meaning that the implant is memoryless. This
hinders electrode dc offset cancellation. Therefore, the input–
output linear range of the implant should be extended to
minimize distortion. The input linear range of the implant is
beyond ±10 mV. The output (echo) modulation linearity is
achieved by linearly modulating the piezo voltage, as discussed
in Section IV.

Fig. 5. (a) Echo amplitude modulation distortion caused by �-RE nonlin-
earity. (b) Piezo equivalent circuit at fs .

III. LINEAR ECHO MODULATION

The profile of the acoustic reflection coefficient � of a
piezo as a function of its termination resistance RE is shown
in Fig. 5(a). It can be observed that the modulated echo
is significantly distorted due to the nonlinearity of �, espe-
cially when concurrent energy harvesting with echo modu-
lation imposes a minimum value of termination resistance
RE = Rmin. That is, Rmin should be large enough to allow
energy harvesting. This is not a typical problem for digital
modulation when transmission of only two states is needed.
For AM modulation, however, the source of this nonlinearity
should be understood and, if possible, linearized through
co-design of the piezo and the modulating IC. However,
the governing equations of bulk piezos as well as their equiva-
lent circuit models (KLM [20] and Redwood [21]) are complex
and provide little insight into the source of this nonlinearity.
Instead, analytical derivation and experimental verification of
a simple expression can guide the modulator design and lead
to linear echo modulation received at the external interrogator.
Such an expression is introduced in this section and used in
Section IV to implement a linear echo amplitude modulator.

The piezo is modeled as a thickness-mode resonating three-
port network, shown in Fig. 6(a), whose input–output port
relationships are well described by [22]⎡
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Ports 1 and 2 are acoustical, and Port 3 is the electrical port
of the piezo. Table 1 describes the parameters used in (2). The
acoustic impedance seen into Port 1, while Port 2 and 3 are,
respectively, terminated by Z B and Z E [Fig. 6(b)], is given
by

Z1 = p2(2n − 2m − Z B)+(Z E +r)(m2 − n2+m Z B)

(Z E +r)(m+Z B) − p2 . (3)

Therefore, � is given by

� = Z1 − Z B

Z1 + Z B
. (4)
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Fig. 6. (a) Piezo resonator modeled by a three-port network defined by
matrix P. (b) Z1 is the acoustical impedance seen into Port 1, while Port 2
is terminated by tissue acoustic impedance Z B and Port 3 is terminated
by Z E . (c) Z3 is the electrical impedance seen into Port 3, while the
acoustical terminals are terminated by Z B . (d) Z3,NL is the unloaded electrical
impedance of the piezo.

TABLE I

LIST OF PIEZOELECTRIC TYPICAL PARAMETERS

It is shown in the Appendix that at the series resonance
frequency of the piezo, (4) further simplifies to

� ≈ Z E

Z E + RS
∝ V3 (5)

where

RS = 2Z B p2

(n + m)2 = 2Z B

(
mr − p2

m2 − n2

)
(6)

is the internal series resistance of the piezo. At fs , � is
approximately linearly proportional to the voltage across
Port 3 (coupling the simplified circuit model of Fig. 5(b)
to the acoustical port of the piezo). Therefore, to linearly
modulate �, the voltage across the piezo should be linearly
modulated. Fig. 7 compares the analytical expression (4) and
its approximation (5) for the parameter values listed in Table 1,
showing excellent matching between the expressions and the
measured values. In contrast to (4), (5) has a single parameter,
RS , which can be obtained empirically or by finite-element
model (FEM) simulation. To verify the model, measurements
were made on a 0.75 × 0.75 × 0.75 mm3 piezo (854, APC
International), whose RS = 1.5 k�.

IV. INTEGRATED CIRCUIT IMPLEMENTATION

The implemented mote utilizes a 0.75 × 0.75 × 0.75 mm3

piezo (840, APC International), whose RS =4 k�. When

Fig. 7. Normalized �-RE curve obtained by (4), (5), and measurement.

Fig. 8. (a) Schematic of power management blocks. (b) Chip-level timing
diagram shown with two subcarrier cycles.

an ultrasound pulse is received at the piezo, the IC has a
finite amount of time (< 2ToF, e.g., 66 μs at 50-mm depth)
to power up, generate a stable supply, record neural signals,
and perform uplink data transmission. Therefore, rapid power-
up and precise timing management of the sub-blocks are
critical. The interconnection of power management blocks
and the top-level timing diagram of the chip are shown
in Fig. 8. Due to the time constant associated with the on-
chip storage capacitor (130 pF), the internal series resistance
of the piezo, and the < 2π conduction angle of the rectifier,
it takes ∼5 μs (approximately ten ultrasound cycles) to fully
charge up the storage capacitor and for the supply-independent
proportional-to-absolute-temperature (PTAT) source to gener-
ate two reference voltages (Vref,1V and Vref,0.5V ) on-chip. The
PTAT core transistors M1−4 are designed to operate in the
subthreshold region such that IM5 = ηVT Ln(W2/W1)/Rref,
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Fig. 9. LNA topology and timing diagram.

where η and VT are the subthreshold factor and the thermal
voltage, respectively. Initially, M1−8 are off and the gates of
M7−8 track Vrect. Upon harvesting voltage from the piezo,
Vrect rises, and M7−8 turn on pulling up/down the gates of
M1−2/M3−4 to speed up their transition from zero current to
the desired current (500 nA) stable bias point. M6 is designed
to be strong enough to pull down the gates of M7−8, charging
Cstart and disengaging the PTAT startup circuitry once M1−2
turn on. Vref,1V serves as the low dropout regulator (LDO)
reference voltage, and a delayed version of Vref,1V triggers
the power on reset (POR) to initialize the logic states. The
amplifier initialization takes 3 μs, which is followed by signal
acquisition and uplink data transmission. In the absence of
an ultrasound pulse, the on-chip storage capacitor discharges
in ∼10 μs, meaning that inter-pulse duration should be greater
than 10 μs for proper re-initialization (POR triggering) of the
IC. This translates to a minimum operation depth of 14 mm
without requiring any acoustic spacer.

A. Low-Noise Amplifier

The AFE of the chip consists of a fully differential
capacitive-feedback LNA whose circuit diagram is shown
in Fig. 9. The values of the feedback and load capacitors
(0.44 and 4.7 pF, respectively), and the feedback factor
(β ∼1/16) set the noise (< 10 μVrms in 180-kHz bandwidth)
of the circuit, while the effective transconductance of the
LNA sets the bandwidth. The amplifier is initialized by a
set of switches controlled by φ1−4, which bias the LNA as
quickly as possible to maximize the signal acquisition period.
VCM is set to the 0.5-V mid-rail voltage using a power-gated
linear regulator shown in Fig. 10. The low-impedance source
charges 25 pF of capacitance in < 1 μs.

Fig. 10. (a) Fully complimentary OTA topology used in the LNA. (b) Power-
gated charger of the input terminals of the OTA.

Since the LNA runs on a 1-V supply and has a gain of 16,
auto-zeroing is implemented to cancel the amplifier offset and
improve the linear output voltage swing [23]. Auto-zeroing is
implemented by sampling the offset of the amplifier on the
feedback capacitors (C f ). The φ1 switches are disabled first,
placing the amplifier in the unity gain feedback. The sampled
offset is then subtracted from the signal after sequentially
opening φ2 and φ3 and establishing the signal path through φ4.
The sequential switching results in the kT/C noise that is
added to the sample after the initialization period of each
interrogation event. To mitigate kT/C noise, the input signal
is chopper-stabilized and upmodulated to a frequency fchop,
while the kT/C noise remains at baseband. When the signal
is downmodulated, the kT/C noise is converted into out-of-
band chopper ripple [24]. Since downmodulation occurs on
the interrogator side, chopper stabilization is used to simul-
taneously bypass the 1/ f and kT/C noises of the amplifying
circuits as well as the low-frequency noise contents of the
main carrier. In the presence of chopping switches, the input
impedance of the amplifier is given by Z in = 1/(2 fchopCs) ∼
1.3 M� at the highest chopping frequency of 55 kHz. The
impedance of the electrodes submerged in saline was mea-
sured to be an order of magnitude smaller than the input
impedance of the AFE (∼ < 100 k�) for frequencies greater
than 100 Hz (Fig. 14).

The total output-referred noise power of the amplifier
is given by v2

n = kTαγ/(βCT ) [25], where k is the
Boltzmann constant, T is the absolute temperature, α is
the excess noise factor of the operational transconductance
amplifier (OTA), γ is the MOS channel noise coefficient,
and CT is the total capacitance seen at the output node
during amplification. The bandwidth of the LNA is given by
ω3d B = βGm/CT , where Gm is the effective transconductance
of the OTA. A fully complementary differential amplifier
topology [26] shown in Fig. 10(a) is chosen, since its α is
close to 1, and it has a high Gm/ID , since Gm = gm,N +gm,P .
The output range of the LNA is ±160 mV, with a bandwidth
of 180 kHz, high enough to pass the third harmonic of the
highest subcarrier frequency (55 kHz). Although the amplifier
has a broadband forward path of 180 kHz, the bandwidth of
the post-processed signal and, therefore, the effective noise
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Fig. 11. Linear gm-cell architecture.

bandwidth of the amplifier are reduced to 5 kHz at an
interrogation frequency of 10 kHz. Along the signal chain,
as shown in Fig. 2(c), decoding and demodulation of the echo
involve averaging the echo for the duration of the pulse. This
averaging concurrently applies a sinc low-pass filter with a
3-dB bandwidth of 1/2Tintegration to the received signal and
translates every received echo to a single sample. Therefore,
at a 10-kHz interrogation frequency (sampling frequency),
the signal and noise bandwidth are reduced to 5 kHz. At last,
the auto-zeroing noise foldover does not degrade the noise
performance of the front end for the amplifier is already a
sampled one where the input-referred sampled thermal noise
voltage of the broadband amplifier during the amplification
phase is almost 6× larger than that sampled and translated to
baseband during the auto-zero phase. This is due to β and CT

being 16× and 2.5× larger, respectively, during the auto-zero
phase than those during the amplification phase.

B. Linear Gm-Cell Design

The LNA drives a linear transconductance stage for con-
verting the acquired signal to current. The Gm -cell, therefore,
requires a ±160-mV input voltage range with better than 0.5%
nonlinearity. This is achieved by forcing the input voltage
across a PFET device biased in the triode region with a
differential super source follower (Fig. 11) [27]. A PFET
device is used instead of a resistor to save area without
sacrificing linearity. A � incremental increase of Vin results
in both |VDS| and |VGS| of MM to increase by, respectively,
� and �/2, which gives rise to IMM ∝ � as long as MM is in
triode region, which is ensured by designing MM as a long-
channel low-Vt device. The current generated through MM

creates a pair of differential current signals passing through M1
and M2, which is converted into single-ended in the last stage
of the Gm-cell. The Gm stage has a nominal transconductance
of 120 μS. The 1-V supply powers this stage, except for the
final current mirror, which is connected directly to the rectifier
output and provides the signal for uplink data modulation;
2.5-V devices are used in the final mirror stage due to higher
rectifier voltages.

C. Linear Echo Modulator

The linear relationship between � and V3, expressed in (5),
reveals that linear amplitude modulation of the echo is possible

Fig. 12. (a) Conceptual echo amplitude modulation using synchronous up-
conversion current mixer. (b) Reusing active rectifier as synchronous mixer.
(c) Nonlinearity induced by the rectifying modulator.

by linearly modulating the amplitude of the piezo voltage
(VP Z = V +

P Z − V −
P Z in Fig. 12). At resonance, the piezo

is modeled by an ac voltage source (Vs) and the series
resistance of the piezo (Rs). Consider the conceptual circuit
diagram shown in Fig. 12(a) where it is assumed the signal
modulating the echo amplitude is available in the current
domain, Im . To modulate the amplitude of the piezo voltage,
Im is upmodulated by a current mixer whose switching phase
is synchronous to the piezo voltage. This results in the peaks
and valleys of the piezo voltage dropping by Im Rs . A similar
AM modulation technique holds true for reflective antenna
systems.

In this work, the synchronized up-conversion current mixer
is implemented with minimal hardware overhead by reusing
the active rectifier. The circuit diagram of the active rectifier
is shown in Fig. 12(b), where high-frequency common-gate
RF amplifiers are used as comparators. Since the rectifiers
are inherently nonlinear, rectifier-induced nonlinearity should
be taken into account. It can be shown that the relationship
between the dc voltage at the output of the rectifier Vrect and
the load current Im is given by

Im ∝ Vs

RS
(1 − Vrect

Vs
)

(
1 − 2

π
asin

(
Vrect

Vs

))
(7)

where Vs is the peak value of the piezo open-circuit voltage.
Equation (7) is shown in Fig. 12(c), where the nonlinear-
ity between Vrect (normalized to Vs) and Im (normalized
to Vs/Rs ) is shown for 10% modulation depth. The volt-
age across the piezo (VP Z ) is the upmodulated version
of Vrect; therefore, Vrect and VP Z voltages are equivalent
in (7). For 10% modulation depth, the maximum nonlinearity
between VP Z (and ultimately �) and Im is less than 0.5%.
Since rectifier nonlinearity was shown to be minimal, a single-
ended Gm-cell was connected to the output of the rectifier,
mitigating the need for the Gm-cell to sink current from both
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Fig. 13. (a) Fully packaged implant micrograph. (b) IC micrograph.
(c) Dimensions of the fully packaged implant. (d) Power consumption
breakdown.

Fig. 14. Measured ENIG electrode impedance (mean of measurements for
six electrode pairs). Inset: single-electrode model.

terminals of the piezo to maintain the full conduction angle if
connected to the input of the rectifier.

V. MEASUREMENT RESULTS

The IC was fabricated in the TSMC 65-nm LP CMOS
process. The die micrograph and the fully assembled implant
are shown in Fig. 13. The bulk piezo and the chip are bonded
to a flex PCB interposer. A pair of 200 ×200 μm2 electroless
nickel immersion gold plated electrodes (ENIG) are designed
on the backside of the PCB with 2-mm spacing. The measured
impedance of the ENIG electrodes (mean of measurements for
six electrode pairs, measurements made using a precision LCR
meter, Keysight E4980A) submerged in phosphate-buffered
saline (PBS 1×) and a model for a single electrode are shown
in Fig. 14. The maximum measured (24-h post submersion)
electrode dc offset was 1.1±0.4 mV. The implant is encapsu-
lated with ∼10 μm of Parylene-C [28]. The total area of the
chip, including test pads and on-chip decoupling capacitors,
is 0.25 mm2. The minimum voltage amplitude required at Vrect
was measured to be 1.25 V. The circuit power dissipation after
rectification was ∼30 μW, and the total power consumption
including the efficiency of the power management circuits was

Fig. 15. (a) Benchtop measurement setup. (b) Single-mote in vitro measure-
ment setup.

measured to be 37.7 μW during normal operation with a 50%
duty cycle. The breakdown of the power consumption is shown
in Fig. 13(d).

The chip characterization setup and measurement results
are shown in Figs. 15–18. The setup includes a piezo model,
an ac-coupled voltage source in series with a 4-k� resistor,
connected to the piezo terminals of the chip. The output was
measured using a fully differential lock-in amplifier for main-
carrier demodulation. Subsequent signal processing steps, e.g.,
subcarrier demodulation, were performed on a PC. The output
transient response of the chip, measured at the piezo voltage
terminals, is shown in Fig. 16(a) in response to a 20-mVPP
input sine wave for five consecutive interrogation events. The
first interrogation event is shown in Fig. 16(b) where 11 μs of
power-on/startup time and the 27.5-kHz subcarrier signal are
observable. The demodulated and reconstructed input signal
for the same measurement is shown in Fig. 16(c). Static
and dynamic nonlinearity measurement results are shown
in Fig. 17. An end-to-end voltage gain (�VP Z/vin) of 23 dB
with a maximum static non-linearity error of 1.2% was
measured. The power spectrum of the reconstructed 313-Hz,
20-mVPP sine wave is shown in Fig. 17(b) and achieved an
spurious-free dynamic range (SFDR) of 50 dB and a THD of
−44 dB. No harmonic tones are visible for a 10-mVPP input
signal.

The noise measurement results are summarized in Fig. 18
for an interrogation (sample) frequency of 10 kHz. There are
two major contributors to the total input-referred noise density:
the AM noise of the carrier and the noise contributed by
the recording circuits. The total input-referred noise spectral
density was measured to be 328 nV/

√
Hz. This is mainly

dominated by the carrier noise, measured at 319 nV/
√

Hz
in the absence of the chip [Fig. 18(a)]. Both the curves
in Fig. 18(a) are derived by down-chopping and averaging,
which partially removes the 1/ f noise of the carrier. Assuming
the noise of the carrier and that of the chip are additive,
the input-referred noise of the chip alone can be estimated
to be 76 nV/

√
Hz or 5.37 μVrms in a 5-kHz bandwidth.

The effect of chopping in bypassing the low-frequency noise
contents of the main carrier is demonstrated in Fig. 18(b),
where 1/ f noise is clearly visible in the spectrum when
chopping is disabled.

The single-mote in vitro measurement setup is shown
in Fig. 15(b), where a single assembled mote is suspended at
a distance of 45–60 mm away from a single-element external
transducer in oil (with ∼0.5 dB/cm attenuation at 2 MHz).
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Fig. 16. Benchtop measurement result showing amplitude modulation of the input voltage of the rectifier. (a) Five consecutive sample pulses for a 313-Hz,
20-mVPP input signal. (b) First interrogation event where startup time and the subcarrier signal are visible. (c) Demodulated input-referred signal.

Fig. 17. (a) Static input–output (defined as the input voltage of the rectifier)
linearity curve of the chip. (b) Power spectral density of the reconstructed
signal shown in Fig. 16.

The implant was interrogated at 8 kS/s. The main carrier fre-
quency was set to the resonant frequency of the implant piezo
at 1.78 MHz. A subcarrier frequency of 55 kHz was generated
on chip. Two received sample echoes that form a peak and
valley of a 313-Hz, 20-mVPP signal are shown in Fig. 19 along
with their demodulated signals. The reconstructed received
signal and its spectrum are also shown in Fig. 19(e) and (f).
Although the noise of the carrier (generated by the external
ultrasound pulser) dominates the overall noise of the link, for
the 20-mVPP input range of the implant, 47.96 dB of SNR
is measured. Were the carrier noise absent, the SNR would
improve by ∼10–12 dB. Fig. 19(g) summarizes the measured
SNR and the equivalent uplink data rate measured at multiple
other possible configurations with varied depths, interrogation
frequencies, and subcarrier frequencies using the same setup
introduced earlier.

To make sure an even number of subcarrier cycles
[e.g., two in Fig. 19(d)] are used for demodulation, first,
echo duration is chosen to be sufficiently long. For instance,
>29 and >47 μs echoes are needed for two and four cycles
of a 55-kHz sub carrier, respectively. Since the startup time

Fig. 18. Noise measurement. (a) Noise spectral density of the carrier alone
and that obtained from the chip: noise is dominated by the carrier noise.
(b) Effect of chopping in reducing the low-frequency noise contents of the
main carrier.

and, consequently, the start of the echo modulation period
of the chip are consistent from sample to sample, and since
the period of the sub carrier is known and referenced to
the main carrier frequency (e.g., 1.78 MHz÷32 = 55 kHz),
the subcarrier signal can be determined at the interrogator
receiver for demodulation. For pulses longer than the ones
mentioned above (29 and 47 μs), the received echoes are
truncated to 29 μs and 47 μs such that only an even number
of cycles are used for demodulation.

Further in vitro verification of the mote was performed
where an 800-ms stream of pre-recorded neural signal
(acquired by Plexon multichannel acquisition processor) from
an awake-behaving rat (Long–Evans) motor cortex was fed to
the chip and wirelessly transmitted to the external interrogator.
The mote was placed at the depth of 45 mm in a tissue
phantom (with ∼0.5 dB/cm attenuation at 2 MHz) and inter-
rogated at 10 kS/s. Fig. 20 shows the comparison between the
reference pre-recorded neural signal with the signal recorded
and wirelessly transmitted by the mote.
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Fig. 19. Single-mote in vitro measurement results. Implant is interrogated at 8 kS/s at 5-cm depth. (a) and (b) Two received echo signals each translating
into a sample shown in (e). (c) Their corresponding AM demodulation. (d) Common-mode rejection of received echoes. (e) Reconstructed 313-Hz signal.
(f) SNR of received signal (noise dominated by carrier noise). (g) Measured SNR and equivalent uplink data rate versus input range of the implant.

The effects of misalignment on the operating range of
the device were characterized. Fig. 21 outlines a set of
measurement results reporting the harvested piezo voltage
and the maximum modulation depth of the echo at various
relative locations of the external transducer and the implant
piezo. The measurement medium was oil with ∼0.5 dB/cm
attenuation at 2 MHz. An unfocused 0.5′′ diameter external
transducer was driven at 1.78 MHz by a ±15-V pulser. The
maximum modulation depth is defined based on the received
echo amplitude at two extreme piezo terminations, open- and
short-circuited piezos. Fig. 21(a) illustrates that the harvested
power is maximized at the Fresnel distance of the external
transducer (∼ 52 mm) and that the optimal operation depth
of the implants is ∼50 mm where the harvested voltage
and the modulation depth are concurrently large. Moreover,
at 70 mm of depth, acceptable harvested voltages (> 4.5 Vpp)
and maximum modulation depth greater than 20% were mea-
sured. It is also observed that beyond the Fresnel distance,
the modulation depth steadily decays at a rate of 6% per cm,
allowing a large range of viable implant depths for the mote.
Fig. 21(b) and (c) demonstrates similar measurement results
for horizontal x- and y-axis misalignment between the implant
piezo and the external transducer. It can be observed that the
effect of horizontal misalignment is symmetric with respect
to the line of sight (LoS); a slight asymmetry in Fig. 21(c) is
due to the setup, which includes a rod holding the piezo along
the x-axis. Since the chip is fully operational at harvested
voltages greater than 4.2 Vpp, horizontal misalignment of up
to ±1.75 mm is acceptable at a cost of a negligible drop in
the modulation depth. The ±1.75 mm misalignment margin is
directly proportional to the aperture of the external transducer;
therefore, the margin can be doubled by using a 1′′ external
transducer.

Fig. 20. (a) 800-ms stream of pre-recorded neural signal recorded (at 10 kS/s)
and wirelessly transmitted by the mote at 45 mm of depth. Comparison of
reconstructed data between (b) single and (c) multiple action potential events.

Fig. 22 demonstrates an in vitro measurement setup where
two implants at a depth of 50 mm with a 2 mm sep-
aration were synchronously powered up by a single 0.5′′
unfocused external transducer. The setup environment limits
the depth in this dual-mote measurement. The subcarrier
frequencies of the implants are orthogonal to each other
(55 and 27.5 kHz) to enable simultaneous uplink data trans-
mission in this dual-mote setup. Each implant transmitted a
single tone (414 and 313 Hz) to the external receiver. The
reconstructed tones are shown in Fig. 22(b) along with
their spectra. Measured signal-to-noise-and-distortion ratio
(SNDR) and SFDR are shown as a function of vertical
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Fig. 21. Measured piezo-interrogator relative misalignment characterization in (a) vertical and (b) horizontal y-axis and (c) horizontal x-axis dimensions.

Fig. 22. Simultaneous power-up and data transmission of two implants at a depth of 50 mm and a separation of 2 mm. (a) In vitro measurement setup.
(b) Reconstructed signals at the external interrogator. (c) and (d) Spectra of the reconstructed signals. (e) and (f) Measured SNDR and SFDR of each channel
versus vertical misalignment between the motes.

misalignment between motes in Fig. 22(e) and (f), respectively.
It can be observed that the uplink data transmission quality is
maintained over ±2 mm of vertical misalignment. A given
vertical misalignment �Z between two implants results in the
implants powering up with a delay equal to �t = �Z/c,
where c is the propagation speed of sound in tissue. This
delay, in turn, results in subcarriers becoming out of phase
by �t , which translates to inter-channel crosstalk and, conse-
quently, degradation of SNDR and SFDR. Given the carrier
frequency and the highest frequency of the orthogonal codes
are 1.78 MHz and 55 kHz, respectively, at depths between
35 and 70 mm, four implants can be simultaneously inter-
rogated. At depths ≥70 mm, up to eight devices can be
simultaneously interrogated.

VI. CONCLUSION

We present a 0.8-mm3 free-floating implant that uses a
single ultrasound link for wireless power harvesting and
analog data back-telemetry. The theoretical basis for a linear
amplitude-modulated ultrasound echo modulation technique

TABLE II

PERFORMANCE COMPARISON TABLE

was introduced, achieving a 20-mVPP linear range of the
implant. A comparison with recently published fully integrated
free-floating sub-mm3 neural recording implants is shown
in Table 2. This work advances the noise performance of [2] by
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34× without sacrificing the implant volume. Compared with
prior art [2]–[4], this work achieves the lowest nonlinearity
at the highest input range, achieves a comparable NEF with
that of the state-of-the-art, and improves the operating depth
by >2.5×, resulting in the highest measured depth/volume
ratio by ∼ 3×. We demonstrate, for the first time to the best
of our knowledge, simultaneous power-up and communication
with two free-floating motes without requiring a specialized,
e.g., beamformed, external transducer.

APPENDIX

PIEZO � VERSUS VOLTAGE LINEARITY

This section provides the derivation of (5) earlier intro-
duced in Section III. The piezo is modeled as a thickness-
mode resonating three-port network, shown in Fig. 6(a),
whose input–output port relationships are well described
by [22] ⎡

⎣F1
F2
V3

⎤
⎦ = P

⎡
⎣ν1

ν2
I3

⎤
⎦ =

⎡
⎣m n p

n m p
p p r

⎤
⎦

⎡
⎣ν1

ν2
I3

⎤
⎦ (8)

⎡
⎣F1

F2
V3

⎤
⎦ =

⎡
⎢⎢⎢⎢⎢⎣

Z0 A

j tan(βl)

Z0 A

jsin(βl)

h33

jω
Z0 A

jsin(βl)

Z0 A

j tan(βl)

h33

jω
h33

jω

h33

jω

1

jωC0

⎤
⎥⎥⎥⎥⎥⎦

⎡
⎣ν1

ν2
I3.

⎤
⎦ (9)

Ports 1 and 2 are acoustical, and Port 3 is the electrical port
of the piezo. Table 1 describes the parameters used in (9). The
acoustic impedance seen into Port 1, while Ports 2 and 3 are,
respectively, terminated by Z B and Z E [Fig. 6(b)], is given
by

Z1 = p2(2n−2m−Z B)+(Z E +r)(m2−n2+m Z B)

(Z E +r)(m+Z B)− p2 . (10)

Therefore, � defined as � = (Z1 − Z B)/(Z1 + Z B) becomes

� = 2 p2(n−m)+(Z E +r)(m2−n2−Z2
B)

2 p2(n−m−Z B)+(Z E +r)((m+Z B)2−n2)
. (11)

Rearranging terms and noting that m2 − n2 = (Zo A)2 � Z2
B ,

(11) can be simplified to

� ≈ Z E +Z3,NL

Z E +2Z B

(
mr−p2

m2−n2

)
+Z3,NL

(12)

where Z3,NL is the impedance seen into Port 3 when Ports 1
and 2 are acoustically unloaded [Fig. 6(d), Z B = 0]. In fact,
for nonzero acoustic termination impedance at Ports 1 and 2
[Fig. 6(c)]

Z3 = r − 2 p2

m + n + Z B
. (13)

The series-resonant frequency ( fs ) is defined as the frequency
at which the impedance seen into the electrical port of an
acoustically unloaded piezo is real. That is, at fs , Z3,NL = 0

[Z3,NL = Z3(at Z B = 0) is purely imaginary], and (12) further
simplifies to

� ≈ Z E

Z E + 2Z B

(
mr−p2

m2−n2

) . (14)

Moreover, at fs , the piezo resonator is modeled by a voltage
source and a series resistance, shown in Fig. 5(b), whose value
is given by

RS = Re{Z3} = Re

{
r − 2 p2

m + n + Z B

}
≈ 2Z B p2

(n + m)2 . (15)

Dividing the second term in the denominator of (14) by (15)
results in (mr/p2 − 1)((m + n)/(m − n)), which is equal to 1
at fs , because

m + n

m − n
= −cot2

(
βl

2

)
(16)

and
mr

p2 − 1 = βl

k2
T tan(βl)

− 1. (17)

Given at fs [22],

tan(βl/2)

βl/2
= 1

k2
T

= 1 + k2

k2 (18)

(17) can be further simplified to

mr

p2 − 1 = −tan2
(

βl

2

)
. (19)

Therefore, the second term in the denominator of (14) and RS

given by (15) are equal. That is

RS = 2Z B p2

(n + m)2 = 2Z B

(
mr − p2

m2 − n2

)
. (20)

Therefore, (14) can be rewritten as

� ≈ Z E

Z E + RS
∝ V3. (21)

ACKNOWLEDGMENT

The authors would like to thank the sponsors of the Berkeley
Wireless Research Center and TSMC for chip fabrication.
They would also like to thank K. Y. Lee and B. Eminoglu
for their technical discussion.

REFERENCES

[1] M. M. Maharbiz, R. Muller, E. Alon, J. M. Rabaey, and J. M. Carmena,
“Reliable next-generation cortical interfaces for chronic brain–machine
interfaces and neuroscience,” Proc. IEEE, vol. 105, no. 1, pp. 73–82,
Jan. 2017.

[2] D. Seo et al., “Wireless recording in the peripheral nervous system
with ultrasonic neural dust,” Neuron, vol. 91, no. 3, pp. 529–539,
Apr. 2016.

[3] P. Yeon, M. S. Bakir, and M. Ghovanloo, “Towards a 1.1 mm2 free-
floating wireless implantable neural recording soc,” in Proc. IEEE
Custom Integr. Circuits Conf. (CICC), Jul. 2018, pp. 1–4.

[4] S. Lee, A. J. Cortese, A. P. Gandhi, E. R. Agger, P. L. McEuen, and
A. C. Molnar, “A 250μm×57μm microscale opto-electronically
transduced electrodes (motes) for neural recording,” IEEE
Trans. Biomed. Circuits Syst., vol. 12, no. 6, pp. 1256–1266,
Aug. 2018.

Authorized licensed use limited to: Univ of Calif Berkeley. Downloaded on July 20,2021 at 05:02:56 UTC from IEEE Xplore.  Restrictions apply. 



GHANBARI et al.: SUB-mm3 ULTRASONIC FREE-FLOATING IMPLANT 3029

[5] A. Ersen, S. Elkabes, D. S. Freedman, and M. Sahin, “Chronic tissue
response to untethered microelectrode implants in the rat brain and spinal
cord,” J. Neural Eng., vol. 12, no. 1, 2015, Art. no. 016019.

[6] F. Pothof et al., “Comparison of the in-vivo neural recording quality of
floating and skull-fixed silicon probes,” in Proc. 8th Int. IEEE/EMBS
Conf. Neural Eng. (NER), May 2017, pp. 158–161.

[7] R. Muller et al., “A Minimally Invasive 64-Channel Wireless μECoG
Implant,” IEEE J. Solid-State Circuits, vol. 50, no. 1, pp. 344–359,
Jan. 2015.

[8] S. Ha et al., “Silicon-Integrated High-Density Electrocortical Interfaces,”
Proc. IEEE, vol. 105, no. 1, pp. 11–33, Jan. 2017.

[9] J. Lee et al., “An implantable wireless network of distributed microscale
sensors for neural applications,” in Proc. 9th Int. IEEE/EMBS Conf.
Neural Eng. (NER), Mar. 2019, pp. 871–874.

[10] A. Khalifa et al., “The microbead: A highly miniaturized wirelessly
powered implantable neural stimulating system,” IEEE Trans. Biomed.
Circuits Syst., vol. 12, no. 3, pp. 521–531, Jun. 2018.

[11] N. Hammer et al., “Cervical vagus nerve morphometry and vascularity
in the context of nerve stimulation-a cadaveric study,” Sci. Rep., vol. 8,
no. 1, 2018, Art. no. 7997.

[12] M. L. Wang, T. C. Chang, T. Teisberg, M. J. Weber, J. Charthad, and
A. Arbabian, “Closed-loop ultrasonic power and communication with
multiple miniaturized active implantable medical devices,” in Proc. IEEE
Int. Ultrason. Symp. (IUS), Sep. 2017, pp. 1–4.

[13] M. M. Ghanbari et al., “17.5 a 0.8 mm3 ultrasonic implantable wireless
neural recording system with linear am backscattering,” in Proc. IEEE
Int. Solid-State Circuits Conf. (ISSCC), Sep. 2019, pp. 284–286.

[14] F. J. Fry and J. E. Barger, “Acoustical properties of the human skull,”
J. Acoust. Soc. Amer., vol. 63, pp. 1576–1590, May 1978.

[15] T. C. Chang, M. L. Wang, J. Charthad, M. J. Weber, and A. Arbabian,
“27.7 A 30.5 mm3 fully packaged implantable device with duplex
ultrasonic data and power links achieving 95kb/s with <10−4 BER at
8.5 cm depth,” in Proc. IEEE Int. Solid-State Circuits Conf. (ISSCC),
Aug. 2017, pp. 460–461.

[16] M. Meng and M. Kiani, “Gastric seed: Toward distributed ultrasonically
interrogated millimeter-sized implants for large-scale gastric electrical-
wave recording,” IEEE Trans. Circuits Syst. II, Express Briefs, vol. 66,
no. 5, pp. 783–787, May 2019.

[17] M. J. Weber, Y. Yoshihara, A. Sawaby, J. Charthad, T. C. Chang,
and A. Arbabian, “A miniaturized single-transducer implantable
pressure sensor with time-multiplexed ultrasonic data and power
links,” IEEE J. Solid-State Circuits, vol. 53, no. 4, pp. 1089–1101,
Apr. 2018.

[18] D.-H. LEE, “Logic design of orthogonal variable spreading factor code
generator,” J. Circuits, Syst., Comput., vol. 14, no. 03, pp. 507–513,
2005.

[19] H. E. Rowe, “Amplitude modulation with a noise carrier,” Proc. IEEE,
vol. 52, no. 4, pp. 389–395, Apr. 1964.

[20] R. Krimholtz, D. A. Leedom, and G. L. Matthaei, “New equivalent
circuits for elementary piezoelectric transducers,” Electron. Lett., vol. 6,
no. 13, pp. 398–399, Jun. 1970.

[21] M. Redwood, “Transient performance of a piezoelectric transducer,”
J. Acoust. Soc. Amer., vol. 33, no. 4, pp. 527–536, 1961.

[22] G. S. Kino, Acoustic Waves Devices Imaging And Analog Singal
Processing. Cambridg, U.K.: KIN, 1987, p. 43.

[23] C. C. Enz and G. C. Temes, “Circuit techniques for reducing the effects
of op-amp imperfections: Autozeroing, correlated double sampling, and
chopper stabilization,” Proc. IEEE, vol. 84, no. 11, pp. 1584–1614,
Nov. 1996.

[24] B. C. Johnson et al., “An implantable 700μw 64-channel neuromodu-
lation ic for simultaneous recording and stimulation with rapid artifact
recovery,” in Proc. Symp. VLSI Circuits, Jun. 2017, pp. C48–C49.

[25] B. Murmann, “Thermal noise in track-and-hold circuits: Analysis and
simulation techniques,” IEEE Solid-State Circuits Mag., vol. 4, no. 2,
pp. 46–54, Jun. 2012.

[26] M. Bazes, “Two novel fully complementary self-biased CMOS differen-
tial amplifiers,” IEEE J. Solid-State Circuits, vol. 26, no. 2, pp. 165–168,
Feb. 1991.

[27] C. Kim, S. Joshi, C. M. Thomas, S. Ha, L. E. Larson, and
G. Cauwenberghs, “A 1.3 mw 48 MHz 4 channel MIMO baseband
receiver with 65 dB harmonic rejection and 48.5 dB spatial signal
separation,” IEEE J. Solid-State Circuits, vol. 51, no. 4, pp. 832–844,
Sep. 2016.

[28] G. E. Loeb, M. Bak, M. Salcman, and E. Schmidt, “Parylene as a
chronically stable, reproducible microelectrode insulator,” IEEE Trans.
Biomed. Eng., vol. BME-24, no. 2, pp. 121–128, Mar. 1977.

Mohammad Meraj Ghanbari (S’15) received the
M.Eng. and M.Phil. degrees in electrical engineering
from the University of Melbourne, Melbourne, VIC,
Australia, in 2013 and 2016, respectively. He is
currently pursuing the Ph.D. degree in electrical
engineering and computer sciences with the Univer-
sity of California at Berkeley, Berkeley, CA, USA.

His research interests include analog and mixed-
signal integrated circuits (ICs), energy harvesting,
sensor interfaces, biosensing, and neural recording.

Mr. Ghanbari was a recipient of the MIRS/MIFRS
Scholarships in 2013, the Kenneth Myers Memorial Scholarship in 2014,
the Department of EECS Fellowship in 2016, and the ADI Outstanding
Student Designer Award in 2019.

David K. Piech (S’17) received the B.S. degree in
biomedical engineering and mechanical engineering
from Duke University, Durham, NC, USA, in 2012.
He is currently pursuing the Ph.D. degree with
the University of California, Berkeley University of
California, San Francisco Joint Graduate Program in
Bioengineering, Berkeley, CA, USA.

He was a Staff Scientist and a Staff Engineer
with the IV Lab Global Good and Metamaterials
Commercialization Center, Seattle, WA, USA, from
2012 to 2015. His research interests focus around

improving utility and reducing risk of implantable neural interfaces, with
an emphasis on micro-implantable wireless neural sensors and improved
communication techniques.

Konlin Shen (S’18) received the B.A. degree in
physics from Harvard University, Cambridge, MA,
USA, in 2013, and the M.S. degree in electrical
engineering from the University of California at
Berkeley (UC Berkeley), Berkeley, CA, USA
in 2016. He is currently pursuing the Ph.D. degree
with the UC Berkeley—University of California
at San Francisco, San Francisco (UCSF) Graduate
Program in Bioengineering, Berkeley.

His research interests include micro and nanofab-
rication processes, implantable medical devices, and

other tools for interfacing with biological systems.
Mr. Shen was a recipient of the NSF Graduate Research Fellowship.

Sina Faraji Alamouti (S’16) received the B.Sc.
degree in electrical engineering from the Sharif Uni-
versity of Technology, Tehran, Iran, in 2016. He is
currently pursuing the Ph.D. degree with the EECS
Department, University of California at Berkeley,
Berkeley, CA, USA.

He is currently a member of the Muller Lab,
Berkeley Wireless Research Center, and SWARM
Lab at the University of California at Berkeley. His
research interests include design of analog/digital
integrated circuits for biomedical applications.

Mr. Faraji Alamouti was a recipient of the Department of EECS Fellowship
in 2016 and the ADI Outstanding Student Designer Award in 2019.

Cem Yalcin (S’17) received the B.Sc. and M.S.
degrees in electrical and electronics engineering
from Middle East Technical University, Ankara,
Turkey, in 2013 and 2016, respectively. He is cur-
rently pursuing the Ph.D. degree in electrical engi-
neering and computer sciences with the University
of California at Berkeley, Berkeley, CA, USA.

From 2013 to 2017, he was an Integrated Circuit
(IC) Design Engineer with Mikro-Tasarim, Ankara.
His current research interests include actuation and
array-scale driving of MEMS mirrors, nonlinear

digital-to-analog converters, and spatial light modulators.

Authorized licensed use limited to: Univ of Calif Berkeley. Downloaded on July 20,2021 at 05:02:56 UTC from IEEE Xplore.  Restrictions apply. 



3030 IEEE JOURNAL OF SOLID-STATE CIRCUITS, VOL. 54, NO. 11, NOVEMBER 2019

Benjamin C. Johnson (S’05–M’14) received the
B.S. degree in electrical engineering from Oklahoma
Christian University, Oklahoma, OK, USA, in 2007,
and the Ph.D. degree in electrical engineering from
Cornell University, Ithaca, NY, USA, in 2014.

From 2014 to 2019, he was with Cortera Neu-
rotechnologies, Inc., Berkeley, CA, USA, where
he developed integrated closed-loop neuromodula-
tion systems to treat neurological conditions. From
2016 to 2017, he was a Research Scientist with the
University of California at Berkeley, Berkeley. In

2018, he started as an Assistant Professor with the Department of Electrical
and Computer Engineering, Boise State University, Boise, ID, USA. His
main research interests include mixed-signal circuit design, neural sensing,
neuromodulation, and implantable bioelectronic medicine.

Jose M. Carmena (M’99–SM’09–F’17) received
the B.S. degree in electrical engineering from the
Polytechnic University of Valencia, Valencia, Spain,
in 1995, the M.S. degree in electrical engineering
from the University of Valencia, Valencia, in 1997,
and the M.S. degree in artificial intelligence and
the Ph.D. degree in robotics from the University
of Edinburgh, Edinburgh, U.K., in 1998 and 2002,
respectively.

From 2002 to 2005, he was a Postdoctoral Fellow
with the Department of Neurobiology, Center for

Neuroengineering, Duke University, Durham, NC, USA. He is currently the
Chancellor’s Professor with the Department of Electrical Engineering and
Computer Sciences, and the Helen Wills Neuroscience Institute, University
of California at Berkeley (UC Berkeley), Berkeley, CA, USA, and the Co-
Director of the Center for Neural Engineering and Prostheses, UC Berkeley,
and also with the University of California at San Francisco. His research
program in neural engineering and systems neuroscience is aimed at under-
standing the neural basis of sensorimotor learning and control, and at building
the science and engineering base that will allow the creation of reliable
neuroprosthetic systems for the severely disabled.

Dr. Carmena is a member of the Society for Neuroscience and the Neural
Control of Movement Society. He was a recipient of the Christopher Reeve
Paralysis Foundation Postdoctoral Fellowship in 2003, the UC Berkeley
Hellman Faculty Award in 2007, the Okawa Foundation Research Grant
Award in 2007, the Alfred P. Sloan Research Fellowship in 2009, the National
Science Foundation CAREER Award in 2010, the Aspen Brain Forum Prize
in Neurotechnology in 2010, the IEEE Engineering in Medicine and Biology
Society Early Career Achievement Award in 2011, the Bakar Fellowship
in 2012, and the McKnight Technological Innovations in Neuroscience Award
in 2017.

Michel M. Maharbiz (M’03–SM’11) received
the B.S. degree from Cornell University, Ithaca,
NY, USA, and the Ph.D. degree from the Uni-
versity of California at Berkeley, Berkeley, CA,
USA, under the supervision of nanotechnologist
Prof. R. T. Howe (EECS) and synthetic biologist
Prof. J. D. Keasling (ChemE).

His thesis work led to the foundation of Microre-
actor Technologies, Inc., Mountain View, CA, USA,
which was acquired in 2009 by Pall Corporation,
Port Washington, NY, USA. He is currently a Pro-

fessor with the Department of Electrical Engineering and Computer Science,
University of California at Berkeley. He is known as one of the co-inventors
of neural dust, an ultrasonic interface for vanishingly small implants in the
body. His group is also known for developing the world’s first remotely
radio-controlled cyborg beetles. This was named one of the top ten emerging
technologies of 2009 by MIT’s Technology Review (TR10) and was also
in Time Magazine’s Top 50 Inventions of 2009. His long-term goal is
to understand the developmental mechanisms as a way to engineer and
fabricate machines. His research interests include the extreme miniaturization
of technology focused on building synthetic interfaces to cells and organisms.

Dr. Maharbiz is a Senior Member of the IEEE Engineering in Medicine
and Biology Society, a member of the Society for Neuroscience, a Bakar
Fellow in 2014, and an Intel IMAP Fellow. He was a recipient of the National
Science Foundation CAREER Award in 2009, and the McKnight Foundation’s
Technological Innovations in Neuroscience Award in 2017. He is a Chan-
Zuckerberg (CZ) Biohub Investigator and a GE Scholar.

Rikky Muller (M’04–SM’17) received the B.S. and
M.S. degrees from MIT, Cambridge, MA, USA, and
the Ph.D. degree from the University of California
at Berkeley, Berkeley, CA, USA, all in electrical
engineering and computer sciences (EECS).

She previously held positions as an IC Designer
with Analog Devices, Wilmington, MA, USA, and
as a McKenzie Fellow and a Lecturer of EE
with the University of Melbourne, Melbourne, VIC,
Australia. She is currently the S. Shankar Sastry
Assistant Professor in emerging technologies with

the EECS Department, University of California at Berkeley. She is also the
Co-Director of the Berkeley Wireless Research Center, Berkeley, also a Core
Member of the Center for Neural Engineering and Prostheses, University of
California at Berkeley, and an Investigator with the Chan-Zuckerberg Biohub,
San Francisco, CA, USA. She is also the Co-Founder of Cortera Neurotech-
nologies, Inc., Berkeley, a medical device company founded in 2013, where
she was a CEO and CTO. She was named one of MIT Technology Review’s
top 35 global innovators under the age of 35 (TR35), and one of MedTech
Boston’s top 40 healthcare innovators under 40. Her expertise is in the research
and commercialization of implantable medical devices and in developing
integrated circuits (ICs) and microsystems for neurological applications.

Dr. Muller is a member of the technical program committees for IEEE
ISSCC, and has previously served on the committees of IEEE CICC and
BioCAS. She is a member of the Solid-State Circuits Society, the Women
in Circuits, and the Society for Neuroscience. She was a recipient of the
National Academy of Engineering Gilbreth Lectureship, the Chan-Zuckerberg
Biohub Investigatorship, the Keysight Early Career Professorship, and the
NSF CAREER Award. She has also served as a Guest Editor for the IEEE
JOURNAL OF SOLID-STATE CIRCUITS.

Authorized licensed use limited to: Univ of Calif Berkeley. Downloaded on July 20,2021 at 05:02:56 UTC from IEEE Xplore.  Restrictions apply. 



<<
  /ASCII85EncodePages false
  /AllowTransparency false
  /AutoPositionEPSFiles true
  /AutoRotatePages /None
  /Binding /Left
  /CalGrayProfile (Black & White)
  /CalRGBProfile (sRGB IEC61966-2.1)
  /CalCMYKProfile (U.S. Web Coated \050SWOP\051 v2)
  /sRGBProfile (sRGB IEC61966-2.1)
  /CannotEmbedFontPolicy /Warning
  /CompatibilityLevel 1.4
  /CompressObjects /Tags
  /CompressPages true
  /ConvertImagesToIndexed true
  /PassThroughJPEGImages true
  /CreateJobTicket false
  /DefaultRenderingIntent /Default
  /DetectBlends true
  /DetectCurves 0.0000
  /ColorConversionStrategy /LeaveColorUnchanged
  /DoThumbnails true
  /EmbedAllFonts true
  /EmbedOpenType false
  /ParseICCProfilesInComments true
  /EmbedJobOptions true
  /DSCReportingLevel 0
  /EmitDSCWarnings false
  /EndPage -1
  /ImageMemory 524288
  /LockDistillerParams true
  /MaxSubsetPct 100
  /Optimize true
  /OPM 0
  /ParseDSCComments false
  /ParseDSCCommentsForDocInfo true
  /PreserveCopyPage true
  /PreserveDICMYKValues true
  /PreserveEPSInfo true
  /PreserveFlatness true
  /PreserveHalftoneInfo true
  /PreserveOPIComments true
  /PreserveOverprintSettings true
  /StartPage 1
  /SubsetFonts true
  /TransferFunctionInfo /Remove
  /UCRandBGInfo /Preserve
  /UsePrologue false
  /ColorSettingsFile ()
  /AlwaysEmbed [ true
    /AdobeArabic-Bold
    /AdobeArabic-BoldItalic
    /AdobeArabic-Italic
    /AdobeArabic-Regular
    /AdobeHebrew-Bold
    /AdobeHebrew-BoldItalic
    /AdobeHebrew-Italic
    /AdobeHebrew-Regular
    /AdobeHeitiStd-Regular
    /AdobeMingStd-Light
    /AdobeMyungjoStd-Medium
    /AdobePiStd
    /AdobeSansMM
    /AdobeSerifMM
    /AdobeSongStd-Light
    /AdobeThai-Bold
    /AdobeThai-BoldItalic
    /AdobeThai-Italic
    /AdobeThai-Regular
    /ArborText
    /Arial-Black
    /Arial-BoldItalicMT
    /Arial-BoldMT
    /Arial-ItalicMT
    /ArialMT
    /BellGothicStd-Black
    /BellGothicStd-Bold
    /BellGothicStd-Light
    /ComicSansMS
    /ComicSansMS-Bold
    /Courier
    /Courier-Bold
    /Courier-BoldOblique
    /CourierNewPS-BoldItalicMT
    /CourierNewPS-BoldMT
    /CourierNewPS-ItalicMT
    /CourierNewPSMT
    /Courier-Oblique
    /CourierStd
    /CourierStd-Bold
    /CourierStd-BoldOblique
    /CourierStd-Oblique
    /EstrangeloEdessa
    /EuroSig
    /FranklinGothic-Medium
    /FranklinGothic-MediumItalic
    /Gautami
    /Georgia
    /Georgia-Bold
    /Georgia-BoldItalic
    /Georgia-Italic
    /Helvetica
    /Helvetica-Bold
    /Helvetica-BoldOblique
    /Helvetica-Oblique
    /Impact
    /KozGoPr6N-Medium
    /KozGoProVI-Medium
    /KozMinPr6N-Regular
    /KozMinProVI-Regular
    /Latha
    /LetterGothicStd
    /LetterGothicStd-Bold
    /LetterGothicStd-BoldSlanted
    /LetterGothicStd-Slanted
    /LucidaConsole
    /LucidaSans-Typewriter
    /LucidaSans-TypewriterBold
    /LucidaSansUnicode
    /Mangal-Regular
    /MicrosoftSansSerif
    /MinionPro-Bold
    /MinionPro-BoldIt
    /MinionPro-It
    /MinionPro-Regular
    /MinionPro-Semibold
    /MinionPro-SemiboldIt
    /MVBoli
    /MyriadPro-Black
    /MyriadPro-BlackIt
    /MyriadPro-Bold
    /MyriadPro-BoldIt
    /MyriadPro-It
    /MyriadPro-Light
    /MyriadPro-LightIt
    /MyriadPro-Regular
    /MyriadPro-Semibold
    /MyriadPro-SemiboldIt
    /PalatinoLinotype-Bold
    /PalatinoLinotype-BoldItalic
    /PalatinoLinotype-Italic
    /PalatinoLinotype-Roman
    /Raavi
    /Shruti
    /Sylfaen
    /Symbol
    /SymbolMT
    /Tahoma
    /Tahoma-Bold
    /Times-Bold
    /Times-BoldItalic
    /Times-Italic
    /TimesNewRomanPS-BoldItalicMT
    /TimesNewRomanPS-BoldMT
    /TimesNewRomanPS-ItalicMT
    /TimesNewRomanPSMT
    /Times-Roman
    /Trebuchet-BoldItalic
    /TrebuchetMS
    /TrebuchetMS-Bold
    /TrebuchetMS-Italic
    /Tunga-Regular
    /Verdana
    /Verdana-Bold
    /Verdana-BoldItalic
    /Verdana-Italic
    /Webdings
    /Wingdings-Regular
    /ZapfDingbats
    /ZWAdobeF
  ]
  /NeverEmbed [ true
  ]
  /AntiAliasColorImages false
  /CropColorImages true
  /ColorImageMinResolution 150
  /ColorImageMinResolutionPolicy /OK
  /DownsampleColorImages true
  /ColorImageDownsampleType /Bicubic
  /ColorImageResolution 600
  /ColorImageDepth -1
  /ColorImageMinDownsampleDepth 1
  /ColorImageDownsampleThreshold 1.50000
  /EncodeColorImages true
  /ColorImageFilter /DCTEncode
  /AutoFilterColorImages true
  /ColorImageAutoFilterStrategy /JPEG
  /ColorACSImageDict <<
    /QFactor 0.76
    /HSamples [2 1 1 2] /VSamples [2 1 1 2]
  >>
  /ColorImageDict <<
    /QFactor 0.15
    /HSamples [1 1 1 1] /VSamples [1 1 1 1]
  >>
  /JPEG2000ColorACSImageDict <<
    /TileWidth 256
    /TileHeight 256
    /Quality 15
  >>
  /JPEG2000ColorImageDict <<
    /TileWidth 256
    /TileHeight 256
    /Quality 15
  >>
  /AntiAliasGrayImages false
  /CropGrayImages true
  /GrayImageMinResolution 150
  /GrayImageMinResolutionPolicy /OK
  /DownsampleGrayImages true
  /GrayImageDownsampleType /Bicubic
  /GrayImageResolution 600
  /GrayImageDepth -1
  /GrayImageMinDownsampleDepth 2
  /GrayImageDownsampleThreshold 1.50000
  /EncodeGrayImages true
  /GrayImageFilter /DCTEncode
  /AutoFilterGrayImages true
  /GrayImageAutoFilterStrategy /JPEG
  /GrayACSImageDict <<
    /QFactor 0.76
    /HSamples [2 1 1 2] /VSamples [2 1 1 2]
  >>
  /GrayImageDict <<
    /QFactor 0.15
    /HSamples [1 1 1 1] /VSamples [1 1 1 1]
  >>
  /JPEG2000GrayACSImageDict <<
    /TileWidth 256
    /TileHeight 256
    /Quality 15
  >>
  /JPEG2000GrayImageDict <<
    /TileWidth 256
    /TileHeight 256
    /Quality 15
  >>
  /AntiAliasMonoImages false
  /CropMonoImages true
  /MonoImageMinResolution 300
  /MonoImageMinResolutionPolicy /OK
  /DownsampleMonoImages true
  /MonoImageDownsampleType /Bicubic
  /MonoImageResolution 900
  /MonoImageDepth -1
  /MonoImageDownsampleThreshold 1.33333
  /EncodeMonoImages true
  /MonoImageFilter /CCITTFaxEncode
  /MonoImageDict <<
    /K -1
  >>
  /AllowPSXObjects false
  /CheckCompliance [
    /None
  ]
  /PDFX1aCheck false
  /PDFX3Check false
  /PDFXCompliantPDFOnly false
  /PDFXNoTrimBoxError true
  /PDFXTrimBoxToMediaBoxOffset [
    0.00000
    0.00000
    0.00000
    0.00000
  ]
  /PDFXSetBleedBoxToMediaBox true
  /PDFXBleedBoxToTrimBoxOffset [
    0.00000
    0.00000
    0.00000
    0.00000
  ]
  /PDFXOutputIntentProfile (None)
  /PDFXOutputConditionIdentifier ()
  /PDFXOutputCondition ()
  /PDFXRegistryName ()
  /PDFXTrapped /Unknown

  /CreateJDFFile false
  /Description <<
    /ENU ()
  >>
>> setdistillerparams
<<
  /HWResolution [600 600]
  /PageSize [612.000 792.000]
>> setpagedevice


