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Abstract— Single modality wireless power transfer has limited
depth for mm-sized implants across air/tissue or skull/tissue
interfaces because they either suffer from a high loss in tissue (RF,
optical) or high reflection at the medium interface [ultrasound
(US)]. This article proposes an RF-US relay chip at the media
interface avoiding the reflection at the boundary and enables
efficient wireless powering to mm-sized deep implants across
multiple media. The relay chip rectifies the incoming RF power
through an 85.5% efficient RF inductive link (across air) using
a multi-output regulating rectifier (MORR) with 81% power
conversion efficiency (PCE) at 186 mW load and transmits using
adiabatic power amplifiers (PAs) to the implant in order to
minimize cascaded power loss. To adapt US focus to implant
movement or placement, beamforming was implemented using
six channels of US PAs with two-bit phase control (0°, 90°, 180°,
and 270°) and three different amplitudes (6-29, 4.5, and 1.8 V)
from the MORR. The adiabatic PA contributes a 30%-40%
increase in efficiency over class-D and beamforming increases the
efficiency by 251% at 2.5 cm over fixed focusing. The proof-of-
concept powering system for a retinal implant, from an external
PA on a pair of glasses to a hydrophone with 1.2 cm (air) +
2.9 cm (agar eyeball phantom in mineral oil) separation distance,
had a power delivered to the load (PDL) of 946 pW. The
2.3 mm x 2 mm relay chip was fabricated in a 180 nm high-
voltage (HV) BCD process.

Index Terms— Adiabatic power amplifier (PA), beamforming,
implantable medical device (IMD), in-depth powering, induc-
tive powering, multi-output regulating rectifier (MORR), phased
array, power relay, retinal implant, ultrasonic power transfer,
wireless power transfer.

I. INTRODUCTION

MPLANTABLE medical devices (IMDs) are a promising
approach for treating a variety of disorders including paral-
ysis [1]-[3], stroke [3], epilepsy [4], and vision loss [5]-[7]
due to their ability to interface with high specificity within
tissue. Modern IMDs use wires and large bulky batteries
which can cause tissue damage and infection [8]-[10]. Recent
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research has been aimed to miniaturize IMDs and reduce
power to alleviate these complications, which has enabled
wireless powering solutions [11]-[16].

Wireless powering has a few distinct advantages for mm-
sized IMDs. Compared to bulky battery solutions, the implant
can be further miniaturized with small transducers. The
longevity of the device can be extended since it is no longer
limited by battery life. Eliminating the wire mitigates the risk
of infections and also helps simplify the surgery [17].

Current wirelessly powered IMDs are either powered by
RF, optical (light), or ultrasound (US). Each modality has its
own advantages and disadvantages. Near-field RF has high
efficiency when the transducer size is comparable to the sepa-
ration distance and minimally interacts with tissue, making it
good for shallow implants that are under layers of heteroge-
neous material such as neural implants [18], [19]. Optical has
the potential for extreme miniaturization since the wavelength
is extremely small and the receivers (Rx) can be integrated
on-chip [20]. However, scattering in tissue limits the implant
depth in most applications except the eye. US has favorable
properties including low-loss propagation [21], [22], high
allowed power intensity [23], and good transducer coupling
due to mm wavelengths [14]. Because of these reasons, US has
been used for powering IMDs for various sensing applications
including blood pressure [24], imaging [25], electrochemical
sensing [26], [27], and neural recording [15], [28], [29]. How-
ever, it has high loss at the interface between air and tissue or
bone and tissue [30].

Some implant applications require that the power be
transferred across multiple media. When the difference in
impedance between various media becomes large, there is a
significant loss at the interface due to reflections. For example,
power must pass through the skull and then brain tissue for
powering neural implants, and then through the air and then
the eye for retinal implants. For US, the difference in acoustic
impedance for the above examples is large, resulting in almost
all of the power being reflected [30]. This becomes critical
when the wireless link must be efficient to supply power
near the safety limits (few mWs). This is the case for the
future brain—-machine interfaces (BMIs) which seek to interact
with the brain or retina with high resolution and large scale,
and therefore the power must be high to maximize channel
count [31], [32].

To pave the way for these future BMIs that have require-
ments of millimeter-sized, cm depth across multiple media,
and mWs of power, new wireless powering solutions are
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needed. Single modality solutions are limited: RF and optical
cannot power at depth with high power and US has a large
interface loss due to acoustic impedance mismatch across
multiple media.

This article is an extension of the work described in [33].
We expand on this work with additional circuit descriptions,
analysis of the adiabatic power amplifier (PA) operation, and
new measurements including the XY plane acoustic beam-
forming and a new ex vivo wireless power transmission exper-
iment through a pig eye.

The article is organized as follows. In Section Il, we pro-
pose an RF-US relay system with beamforming capability to
address the challenges of wirelessly powering deep implants
across interfaces between different mediums and describe
considerations for the RF inductive link, rectifier, and US link.
Section 111 dives into detailed circuit descriptions and analysis
of the rectifier, power management unit (PMU), and US PAs.
The system performance is characterized in Section IV with
measurements of the rectifier, US PAs, acoustic link, and full
end-to-end wireless link. Finally, Section V concludes and
compares the RF-US relay system to state-of-the-art implant
wireless power systems.

Il. PROPOSED SYSTEM ARCHITECTURE

Our proposed solution to power mm-sized implants at cm
depth across multiple media is to utilize the strengths of both
RF and US similar to [30]. A cm-sized relay, as shown in
Fig. 1, is placed at the interface of the two media around
1 cm deep and converts incoming RF power to US power.
The RF inductive link can transmit power efficiently across
the cm air or skull layer, and US can be focused on deep mm-
sized implants in the tissue. The relay, which comprises an Rx
coil, relay chip, and piezoelectric array, converts the received
RF power to direct current (DC) electrical power on the chip
and then converts the electrical power to US via PAs and the
piezo array.

By converting RF to DC and then US instead of directly
to US [30], we can control the amplitude and phase of each
piezo element, fundamentally enabling dynamic control and
programmability of the transmitted power in space through
beamforming. Beamforming is critical for powering IMDs
because the tissue can move, the implant can move within
the tissue, or the surgical placement can be inaccurate.

In addition to assisting with beamforming, amplitude control
enables power transmission control. For implants that are
closer, farther away, or require different power levels, the
transmitted power needs to be adjusted accordingly. For this,
multiple voltage supplies are needed. Specifically, a dynamic
high-voltage (HV) supply is needed to cover the dynamic
range of cm variation and power requirements ranging from
HMWs to mWs.

Although the relay architecture takes advantage of the
strengths of RF and US, adding a relay inherently adds a
cascaded power loss that must be minimized to avoid degrad-
ing the system efficiency to performance comparable to single
modality solutions. The efficiency of each piece, shown in
Fig. 1(d), is optimized in order to minimize this loss. The
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Fig. 1. (a) RF-US relay adopted to a retinal implant powering application.
(b) Conceptual image of the proposed RF-US relay system for wireless power
transfer across the boundary of different media for deep mm-sized implants.
The relay rectifies incoming RF energy and transmits US to wirelessly power
the implant. (c) RF-US relay adopted for a deep brain implant application.
(d) Simplified block diagram of RF-US relay and its associated cascaded
power loss.

system efficiency is given by

Nsystem = NRE-Inductive-Link > NPCE > NUSs-Link (1)

NPcE = NRect X NReg > Nus-PA 2

where the power conversion efficiency (PCE) of the relay com-
prises of the rectification of the RF signal, voltage regulation,
and conversion to power.

In Sections 11-A-I1-C, we will discuss the optimization
and design decisions for the RF inductive link, multi-output
regulating rectifier (MORR) that generates the multiple supply
voltages, adiabatic PA, and US beamforming.

A. RF Inductive Link Design

The first piece of the system efficiency to optimize is the RF
inductive link efficiency (Nre-inductive-Link)- FOr wireless power
transmission in air, RF powering is one of the most well-
established approaches among common modalities for provid-
ing high power density within a constrained specific absorption
rate (SAR). Since the maximum geometrical parameters are
already set by the application, the main design choice is
the operating frequency. Considering the available frequency
bands, we chose the 40.68 MHz power carrier frequency
band in the industrial-scientific-medical band (ISM-band) as
a tradeoff between higher coil quality factors and rectifier
switching loss. Lower frequency bands such as the 13.56 MHz
band have lower coil quality factors and higher 1ISM bands
such as 433.92 or 915 MHz degrade the PCE for alternating
current (AC) to DC conversion at the rectifier due to higher
switching loss, which is proportional to frequency [34].

The near-field RF inductive link is designed following the
iterative design procedure in [35] with a consideration of
existing interconnection to the coils in actual powering sys-
tem implementation, and its electrical/geometrical parameters
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TABLE | SAR Field
ELECTRICAL AND GEOMETRICAL PARAMETERS FOR THE [Wikg]
NEAR-FIELD RF INDUCTIVE LINK DESIGN 0.361
0.337
Geometrical / Electrical Parameters [ Simulated Values l 0313
Tx coil (L1) 0.289
Outer Diameter (D1) 33 mm 0.265
Width (w1) / Spacing (s1) / Turns (N1) | 800 pum / 600 pm /2 0.241
Thickness (t1) 35 pm (1 oz) 0.217
Inductance (L) 243 nH 0.193
Q-factor (Q1) 104 [ | o0.169
Rx coil (L2) 0145
Outer Diameter (D2) 24 mm 0.122
Width (ws) / Spacing (s2) / Turns (N2) | 400 pm /400 pm /3 [ 0.098
Thickness (t2) 35 pm (1 oz) 0.074
Inductance (L2) 365 nH 0.050
Q-factor (Q2) 99.8 0.026
L
Load (Ry, / Pr) 537 Q/ 186 mW 0.002 0 2_5 50 (mm)
Link
Operating Frequency (fo) 40.68 MHz Fig. 3. Electromagnetic (EM)-simulated SAR field averaged over a volume
Coupling (k12) 0.123 of 1 g of tissue for the HFSS eyeball model while delivering 186 mW to the
Distance (d12) 12 mm (air) load through the RF inductive link.
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Fig. 2. Simulated PTE (red) and coupling coefficient ki, (blue) of the RF
inductive link versus eye rotation.

are summarized in Table I. In the high-frequency structural
simulator (HFSS) from ANSYS Inc. (Canonsburg, PA, USA),
the designed RF inductive link can achieve 86.6% simulated
power transmission efficiency (PTE) with no eye rotation and
83.6% PTE with 15° eye rotation, which is likely to be the
maximum angle between the transmitter (Tx) coil and Rx
coil during the system operation (see Fig. 2). The maximum
simulated SAR averaged over 1 g of tissue across the HFSS
eyeball model is 0.361 W/kg (see Fig. 3), which is below the
FCC regulation, 1.6 W/kg, when the power delivered to the
load (PDL) is 186 mW.

B. Overview of RF-US Relay Chip

The next piece of the system efficiency to maximize is the
PCE (npce) which occurs on the RF-US relay chip as shown
in Fig. 1(d). The PCE is made up of the rectifier efficiency
(Nrect), regulation efficiency (nNreg), and the US PA efficiency
(Nus-pa). The chip is roughly divided into the PMU for AC-
to-DC power conversion/voltage regulation (Nrect > Nreg) and
six-channel PAs (nus.pa) for US beamforming. Fig. 4 shows
a detailed system diagram including a detailed breakdown of
the main circuit blocks of the chip.
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Fig. 4. Detailed block diagram of the RF-US relay chip.

Two key designs are used to maximize the PCE. First,
the MORR generates and regulates the three supply voltages,
needed for programmable amplitude and phase beamforming,
including a HV supply in a single step to maximize Nrect > Nreg
while avoiding additional cascaded power loss, as explained
in Section I1I-A. Second, adiabatic low-voltage (LV) PAs,
discussed in Section I11-C, can improve electrical-to-US PCE
by recycling stored charges on parallel capacitors when driving
capacitive piezo loads.

To accommodate HVs, class-D HV PAs with an adjustable
HV supply allow adjustment of power levels and the flexi-
bility to drive different types of transducers such as piezos,



This article has been accepted for inclusion in a future issue of this journal. Content is final as presented, with the exception of pagination.

piezoelectric micromachined ultrasonic transducers (PMUTS),
capacitive micromachined ultrasonic transducers (CMUTS),
and thin-film piezos such as polyvinylidene fluoride (PVDF)
and its composite variants. Overall, the increased efficiency
from the MORR and adiabatic PAs helps reduce the cascaded
power loss and reduces the heating on the relay, allowing for
higher transmit power.

C. US Link and Beamforming

The final piece of the system efficiency is the wireless
power transmission from the relay to the implant nus.Link [S€€
Fig. 1(d)]. US was selected for power transfer between the
relay and implant due to low loss propagation (0.1 dB/cm/MHz
in the vitreous [36], 0.5-1.0 dB/cm/MHz in tissue [21]),
high transduction efficiency, beamforming/focusing capability
[14], [37], and finally a high power safety limit of
7.2 mW/mm? (tissue) and 0.5 mW/mm? (eye) [23]. For exam-
ple, at 1 MHz, the wavelength is around 1.5 mm, which we
can match to the implant Rx for good transducer coupling and
beamforming. Beamforming is critical in implant scenarios
due to the movement of the implant or tissue over time and
variations in implant placement.

For application 1, the retina application [see Fig. 1(a)], the
thickness of the piezo has to be less than the scleral contact
lens thickness, which is typically <1 mm [38]. This means
that we either use the thickness mode at a high frequency
which requires many piezo elements or use a lower frequency
with the area expansion mode [39]. For this proof-of-concept
system, the area expansion mode is used to achieve a large
transmit aperture with a small number of piezo elements.

For a given frequency, the US link is a function of Tx
and Rx aperture sizes [40]. Given our transmit aperture size
(12 mm x 12 mm) and receive aperture (1.5 mm diameter),
the simulated end-to-end US link focusing efficiency (Nus-tink)
using the Field 1l US simulator at a depth of 2.5 cm [41],
[42] was 2.18%. Compared to [30] which has a US PTE
of 0.66% at 3 cm depth, this link has higher efficiency due
to slightly smaller depth and larger Tx and Rx apertures.
However, unlike [30] that has a fixed focus, the proposed
US link will be programmable to enable dynamic, adaptive
focusing. For comparison, a similar link using midfield RF
powering across 1 cm of air and 4 cm of tissue to a 2-mm
diameter implant achieves 0.04% efficiency [43].

I1l1. CIRcUIT DESIGN AND CONSIDERATIONS
A. MORR and Startup PMU

This section first covers the architecture selection for the
PMU and then the implementation details of the MORR and
startup (SU) PMU.

To maximize Nrect XNreg @and therefore the system efficiency,
we must carefully select the architecture of the PMU. Fig. 5
shows different possible architectures including conventional
HV-compliance wireless power Rx generating multiple voltage
supplies and our proposed MORR. The conventional structures
shown in Fig. 5(a)—(c) all have limitations either with voltage
tunability, external component count, or cascaded power loss.
The conventional power conversion structure with parallel
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Fig. 5. Conventional structures versus the proposed MORR. (a) Multiple rec-
tifiers with multi-tapped inductor and individual tuning capacitors. (b) Single
low voltage rectifier with step-up and step-down voltage converters. (c) Single
high voltage rectifier with step-down converters. (d) Proposed multi-output
regulating rectifier.

Step-Down

rectifiers in Fig. 5(a) has more external capacitors for tun-
ing the resonant frequency of the secondary coil, and less
control on the absolute rectifier voltage outputs due to the
fixed ratio of the multi-tapped inductor [44]. More common
power conversion structures include a rectifier and DC-to-DC
converters as shown in Fig. 5(b) and (c) [45]. The rectifier
converts the received ac power across an Rx coil into dc power,
and the DC-to-DC converter steps up/down the voltage. This
two-stage power conversion structure imposes cascaded power
losses and results in a lower overall Rx PCE. To improve
the limited PCE, direct resonant current- or voltage-mode
battery charging [46], [47] and reconfigurable resonant reg-
ulating rectifiers [48], [49] were proposed. More recently,
a dual LV output regulating rectifier [50] was proposed for
applications that require different voltage supplies and output
power depending on the operation mode. However, these prior
works are not suitable for IMDs which may require HYV,
typically over 10 V, and multiple different supplies. Examples
include neural stimulators, implantable ultrasonic imagers with
CMUTSs, and RF-US power relay implants to power neural
probes using beamforming. To address the needs of the above
applications, we designed an HV-compliance MORR and inte-
grated it into the RF-US relay chip.

Next, we will cover the circuit implementation and detailed
operation of the MORR which generates and regulates three
voltage supplies including an HV supply in a single step. Fig. 6
shows key operations of the MORR. There are three current
paths for generating each of the supply voltages. The control
of SW;_3 by the switching pulse generator determines which
path the current from the coil flows into. For HV generation,
the HV diode conducts when V|\>Vyy and converts the
incoming AC voltage into the DC HV (Vyv < 32 V) when
SW; is on. As shown in Fig. 6(a), the HV diode consists of
two p-type 36 V laterally diffused metal-oxide semiconduc-
tors (LDMOS) for current conduction and a Vth cancellation
circuit to improve the PCE by reducing the voltage drop [51].
The DC HV is controlled by carefully tuning the output power
of the external Tx.

The SU operation is as follows. The HV input bandgap
reference (BGR) and the 4.5/1.8 VV HV input linear regulators
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Fig. 6. (a) Operation modes of MORR for the HV, 4.7 and 2 V rectifier
output paths and (b) corresponding waveforms.

start operating with the HV supply that is generated from the
HYV rectifier. The SU power-on-reset (POR) voltage, Vsy por,
becomes high with 200 ps delay after the 1.8 V HV
input linear regulator output (Vsyi1g) becomes stable. Next, the
switching pulse generator for the LV regulating rectifiers starts
operating with enabled Vsy por.

For the operation of the two LV paths, the pulse delay
modulation (PDM) switching pulse generator controls the half
period switching timing to ensure that there is no reverse
leakage current through SW1_3. When SW; is off, the stored
current (i) in the L,C, tank charges Cpyi1 or Cpyz. During
this phase, Vcp instantly changes from 0 to either Vv or
Viv2, same as the in-phase current mode of the work with
commercial-off-the-shelf (COTs) components in [52]. When
Vivi and Vi, reach the target regulating voltages (4.7/2 V),
switching pulses are skipped for voltage regulation. Pulse skip-
ping modulation (PSM) was adopted since switching losses
for SW;—_3 dominate conduction losses for light loads at high
switching frequency [34], [53].

Fig. 7 shows the detailed schematic of the switching pulse
generator and its key waveforms. A pulse skipping block
followed by the zero-crossing detector (ZCD) (Vzcp) generates
a pulse train (Vpsy) every N cycles of Vzcp and another pulse
train (Vps3) one cycle after Vps,. As shown in Fig. 7(a), the
ZCD circuit consists of five transistors and a buffer stage.
Given that the power carrier frequency is 40.68 MHz, the
ZCD was designed to have 300 MHz unity-gain bandwidth
and sufficient gain ( 40 dB) at 40.68 MHz. The simulated
delay times at the rising and falling edges are 1.3 and 2.4 ns,
respectively. The delay induced by the ZCD itself and buffer
stages followed by the ZCD can be calibrated by the PDM
circuit, which will be explored later in this section. To opti-
mize the switching losses and conduction losses of SWj_3,
N = 4 was chosen. Two comparators monitor the divided
voltages from the regulating rectifier output voltages (Viv1
and Vyv2), which are Vsp 5 and Vsp o. These are generated
using 1/4 and 3/5 resistive dividers, respectively. When Vspi 5
or Vspro is higher than Vhy ser, the pulse skipping block
skips the pulse of Vps, or Vpss for Viyi or Vi, regulation.
Vps2, Vpss and their summed pulse, Vpsz, are fed into separate
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Fig. 7. (a) Block diagram for PSM and PDM. (b) Circuit topology for ZCD.
(c) Waveforms for voltage regulation and maximum power transfer efficiency.
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Fig. 8. HV regulator to generate 4.5 and 2 V supplies for the MORR control
circuitry during initial SU.

pulse delay generators so that SW;—3 can be nearly aligned
with the positive portion of i . A finite-state machine (FSM)
compares past and present values of Vgp 5 stored at a voltage
sampler and adds or subtracts timing delay with a three-bit
up/down counter. When V¢p reaches its maximum, outputs of
the counter are locked to fix the delay of the switching pulses.
The outputs of the pulse trains are level-shifted from 1.8 to
4.5 V and buffered by 4-5 stages with a fan-out of 3, the final
stage being 1/10 of the switch size. SW; is a transmission
gate with a 5 V PMOS with active body biasing (ABB)
(8/500 nm) and a 5 V NMOS (8/600 nm). SW, and SW;3
are 5V PMOS devices (4/500 nm) with ABB.

The top left of Fig. 8 shows the schematic of the single-
pole dual throw (SPDT) power switch which further reduces
power loss by switching to the more efficiently generated
Vivi after SU. The right side of Fig. 8 shows the HV
regulator implementation for generating Vsyss/1s to ensure
stable HV operation. By intentionally lowering Vsyss 0.2 V
below Vi1, two integrated Schottky diodes can redirect the
power path when Viy; becomes stable. For stable operation
across the voltage range (<32 V), Vsuss/1s are designed with
stacked 36 V HV LDMOS and 5 V diodes (D;—3) to limit Vgs
for Mpg, Mp7, and Mpg under 5 V, which is the breakdown
voltage for the LDMOS. My7; and Myg improve stability
in the light load condition by intentionally pulling current
from Vsuas/1s. However, when Vv goes higher, the quiescent
current of linear regulator becomes larger since My7 and Myg
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leak more current. To reduce the leakage current at HV, Mpg
is stacked over My7 and Myg and controlled by Vcyy. Since
Ve moves along with iy, Ves for Mpg becomes smaller
and eventually zero when Vyy rises.

B. Main PMU

Following the MORR, the main PMU further regulates the
output voltages for the analog and digital domains. As shown
in Fig. 4, the main PMU consists of a BGR, a 4.5 V low-
dropout (LDO) regulator, 1.8 V analog/digital LDOs, a POR,
and a negative charge pump (CP). Once Vi1 and V2 gener-
ation for the SU PMU is stabilized, the main PMU regulates
three voltages (4.5, 1.8 V analog, and 1.8 V digital) to supply
cleaner voltages for the four-channel LV PAs since the inherent
power supply rejection ratio (PSRR) of the LDOs suppresses
the noise on Vi1 and Viv2. The post-layout simulated values
of PSRR for 4.5 and 1.8 VV LDOs are —28.8 and —40.5 dB
within DC-to-1 kHz bandwidth both with 0.2 V dropout
voltage and with 2 mA and 500 pA current loads, respectively.
The negative CP sets the HV ground 5 V lower than Vpy
for the level-shifted PMOS gate drivers to avoid the gate
oxide breakdown of the HV devices in the HV PAs. The POR
provides an enable signal to the digital circuits for the PAs.

C. Ultrasound PAs

US PAs are designed to maximize nuspa and therefore
the overall system efficiency while maintaining the flexibil-
ity to drive multiple types of transducers including piezos,
PMUTs, CMUTSs, and thin-film piezos for different applica-
tions. To achieve this, the PA should be able to operate from
100s of kHz to 10 MHz depending on the transducer and
resonant mode selected. Two types of US PAs were designed
for this chip: adiabatic PAs which maximized the efficiency
for nominal operation and HV PAs to accommodate implants
that require higher power or are placed deeper in the body.

HV PAs were implemented using HV 29 V LDMOS devices
operating in class-D mode as shown in Fig. 4. HV allows
the transmitted power to be adjusted and can also be used to
drive high-impedance transducers. The piezo acts as a filter
to remove the high-frequency components, so no additional
filtering is needed. Since LDMOS devices can only handle a
small Vg, we used HV level shifters [54] to allow operation
across a wide voltage range (6-29 V) for driving frequencies
up to 10 MHz.

For the LV PAs, we increased the efficiency of driving
capacitive piezos by implementing adiabatic PAs. When
driving a capacitive load, the energy stored on the capacitance
is dissipated through the switches on each cycle and decreases
the PCE of the PA. One way to alleviate this problem is to
use an inductor to resonate out the capacitance, but at MHz
frequency and pF capacitance, this results in large inductors in
the mH or uH range, which is too bulky to implement on-chip.

The same problem is faced in digital circuits for clock
drivers with large capacitive loads, which can be solved using
adiabatic charging [55], [56]. The voltage recovered can be
boosted by increasing the individual capacitor size and the
number of parallel capacitors.
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Fig. 9. Adiabatic PAs for increasing efficiency of driving capacitive
piezoelectric loads. Two-bit programmable phase allows beamforming to the
implant.

The basic operation of the differential adiabatic PA is as
follows. First, the load is charged to the supply voltage. Next
the parallel capacitors are connected one at a time to extract
charge from the load; in steady state, the voltage on each of
the parallel capacitors is an intermediate voltage between the
supply voltage and ground, so that connecting the capacitors
to the load will create the downward blue staircase pattern (see
Fig. 9). Once the final capacitor is disconnected, the load is
shorted, and the capacitors are then reconnected to the load in
the opposite polarity one at a time in reverse order to charge
it using the energy stored on the parallel capacitors forming
the red upward staircase pattern. The recycling of charge by
the parallel capacitors will restore the voltage to Vp, at which
point the supply voltage charges the load to replenish the lost
energy. This cycle describes the first half period; the cycle is
repeated for the opposite polarity to complete one period of
the driving waveform. The detailed derivation of the adiabatic
efficiency is described in Appendix A. The ratio of the voltage
after charge recycling is

Vii nx
e F A3)
1+ (n+1)x

where n is the number of parallel capacitors and x = C¢/Cp,
the ratio of the parallel capacitor (C¢) to the load capacitor

(Cp). The efficiency of the adiabatic PA neglecting control
circuitry is given by

Vbp

H _a)2
q = 4stmcgl a) @

M2RCp f 1— ™  +4B2sinc(l — )’
\ R
B=—= 5)
Vpiezo . 2
R2 + 2T[f LS - m
a=1— trise . (6)
tperiod

These equations dictate that n, x, and a should be maximized
to improve the efficiency since R, Cs, Cp, and f are already
determined by the transducer [see Fig. 10(a)]. In other words,
we would like to minimize the transition time and maximize
the number of parallel capacitors and their values. To enable
operation up to 10 MHz, we chose a = tperioa/4, Ct = 30 pF,
and n = 4 since it becomes increasingly difficult to efficiently
generate the short pulses required to control the switches as
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Fig. 10. (a) Typical piezo impedance of a PA channel and piezo circuit

model. (b) Efficiency for ideal adiabatic PA for a different number of flipping

capacitors (n) and waveform rise times. Piezo model parameters for a typical

PA channel are shown. (c) Photograph of the piezo array. (d) Beamforming
simulation of 12-element piezo array.

n is increased. The efficiency equation is plotted with a in
Fig. 10(b) for a different number of parallel flipping capacitors
(n) for the typically extracted impedance model parameters at
850 kHz. As a comparison, the efficiency for class-D mode
is shown as well. From our model, we expect about a 37%
increase in efficiency with adiabatic mode compared to a
class-D mode for our implementation.

The circuit implementation is shown in Fig. 9. The circuit
uses a delay-locked loop (DLL) to generate the short pulses
to save power compared to using a clock eight times faster.
The input clock at four times the center frequency increments
a two-bit accumulator to create four clocks (S[0], ..., S[3]) at
the center frequency offset by 90° of phase for adiabatic mode
shown by solid lines or two clocks (S[0], S[2]) for class-D
mode shown by dashed lines.

To implement beamforming, the phase of S[0],..., S[3]
for each channel can be modified by adding a two-bit phase
code to the accumulator. S[1] and S[3] are inputs to a DLL
that generates eight pulses per S[1] and S[3]. The output
DLL pulses and S[0], ..., S[3] are then put through a lookup
table (LUT) to generate the control waveforms 1,..., 14.
The delay cells of the DLL were implemented using a cur-
rent starved inverter chain and a five-bit thermometer current
DAC incremented or decremented the current reference for
the delay cells after looking at the eighth and ninth delay.
If both were low, then the delay was too long, if both were
high then the delay was too short, and if the eighth delay
was high and the ninth delay was low then the loop was
locked.

The simulated adiabatic PA efficiency to the real part of the
load was 75.6% for the load values shown in Fig. 10, with
an expected 66.5% efficiency to the radiation resistance for a
dielectric loss resistance of 50 . Compared to the simulated
class-D mode efficiency, adiabatic mode had an improvement
of 33.3%. This is a little lower than the model as expected
since signal generation and switch drivers were not taken into
account.
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Fig. 12. (a) SU waveforms for the HV rectifier and HV regulators. (b) Power
switch switching from Viy1 to Vsyass resulting in increased conversion effi-
ciency of the MORR.

IV. MEASUREMENTS

A. Multi-Output Regulating Rectifier

To verify the operation of the MORR, we measured key
waveforms from the chip (see Fig. 11 for the die photo-
graph). Fig. 12 shows measured transient waveforms during
the MORR SU with the SPDT power switch operation. All
SU circuits (Vhv Ber: Vsuss, and Vsyig) power up within
240 ps, while the load capacitor (Cyy = 1 uF) charges up
to 32 V. Afterward, V1 and Vi, start charging up by PDM
and PSM switching operation with enabled Vsy por. With
stabilized V| y1, the SPDT starts drawing more power from
Vivi since Vv Vsuss + 0.2 V as shown in Fig. 12. The
SPDT improves the PCE by 3% (simulation) at 186 mW load
(Pp), and this PCE improvement can be indirectly observed
by the Vv increase during the switch transition (see Fig. 12).
Fig. 13(a) shows the operation of the PDM. The current value
for 1/4 of Vi, is compared to its past value every two cycles
of a 312.5 kHz reference clock divided from fy. The counter
adjusts the timing of SW;_3 up or down so that Vi increases.
When V,y; approaches 4.5, 0.2 V lower than the target
regulating voltage, the PDM counter becomes locked in order
to avoid an oscillation due to counting up and down and
the PSM continues to regulate Vyyi to the target regulating
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Fig. 13. (a) Measurement of improved alignment of the switching pulse
with the inductor current once the PDM loop stabilizes (UP goes low and the
three-bit counter locks). The zoomed-in waveforms show a higher voltage at
the rectifier input (Vcp) after alignment. (b) PSM for the 4.7 and 2 V output
waveforms are shown.

voltage of 4.7 V. Fig. 13(b) shows the key waveforms for
voltage regulation by PSM. When Vi1 or Vi, goes below
the target regulating voltage, Cpv1 or Cpy» is charged through
closed SW, or SW3, respectively. The loop response of PSM is

10x faster than the one of PDM to avoid a conflict between
two loop responses. The measured line regulations for Vi
and Vi, are 1.4% and 0.6% when Viqy = 5 10 V. The
load regulation of Vi and Vi, are 10.9 and 25 mV/mA
when the loads change from 0 to their maximums, which
are 10 and 2 mA, respectively. The measured PCE at the
target load power, 186 mW, is 81%. The PTE of the fab-
ricated inductive link at fy = 40.68 MHz is 85.5% when
R = 537 corresponding to 186 mW at Vyy = 10 V
[see Fig. 14(d)].

B. US PA and US Link

To verify the operation of the US PAs, they were char-
acterized together with the US link. The power supplies
used for the US PAs (6-29, 4.5, and 1.8 V) were supplied
using a DC power supply to measure the consumed power.
The chip used four 4.5-V adiabatic channels and two HV
channels to drive the piezo array at 850 kHz consisting of
12 2 mm x 2 mm x> 0.4 mm piezo elements spaced 1 mm
apart, with each channel driving two adjacent elements to
increase the aperture size given the limited number of chan-
nels. In this configuration, there is a negligible loss in focusing
efficiency when the US Rx is centered over the array compared
to a phased array with arbitrary phase control over each
element and increasing loss as the Rx is moved outwards.
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Fig. 14. (a) Measured PA to US link efficiency comparing no beamforming,
beamforming mode, adiabatic mode, and class-D mode of the PAs with vary-
ing distances from the Rx (Z-direction). (b) The tradeoff between the available
power to the implant and PA + US link efficiency with increasing HV supply
voltage. (c) Comparison of PA + US link efficiency with lateral movement
(X-=Y scan) comparing with fixed focusing and beamforming (focused) for
each point at z = 25 mm. Beamforming expands the region near maximum
efficiency to around a 4 mm range. (d) Measured inductive link efficiency
with frequency.

In Field Il simulations, at a 3.5 mm offset in both the x and y
directions, the focusing efficiency is about half of an ideal
phased array. To potentially fit the array on a scleral lens
(<1 mm thick) for the retina application, we utilize the area
expansion mode to decrease the thickness. The piezo array
was submerged in mineral oil to mimic tissue loss, and the
acoustic power was measured using a 1.5-mm diameter needle
hydrophone (ONDA HNC 1500). The PA + US link efficiency
was calculated using Nus.pa > Nus-Link = Prx/ Pac,chip-

Performance was first characterized from 2.5 to 5 cm depths
(Z-direction) for the adiabatic mode, class-D mode, and beam-
forming mode as shown in Fig. 14(a). The adiabatic mode
shows a 30%—40% increase in efficiency compared to class-D
mode, which is in line with our calculation prediction of 37%
and our simulation of 33.3%. The efficiency range and vari-
ation with distance are due to variation in piezo impedances
within the array, which influences the improvement of adia-
batic mode over class-D mode per channel. Depending on the
beamforming code, different channels will contribute more or
less to the final array efficiency. Beamforming mode compared
to unfocused mode has higher efficiency across the whole
range with about the same efficiency at the natural focus of
the array (3 cm) and a 251% improvement near the retinal
application distance of 2.5 cm. Next, we characterized the
tradeoff of adjusting the HV supply in Fig. 14(b) by sweeping
the HV supply and measuring the PA + US link efficiency as
well as the available power at the hydrophone. As expected,
increasing the HV supply allows us to increase the received
acoustic power but decreases the efficiency because the power
becomes dominated by the two HV channels, leaving most of
the aperture unused.
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TABLE I
COMPARISON WITH STATE-OF-THE-ART WIRELESS POWERING SYSTEMS FOR mm-SIZED IMPLANTS
[18] [19] [57] [58] [43] [29] [30] This Work
TBCAS’18 TBCAS’19 1SSCC’20 CICC’19 PNAS’14 ISSCC’19 TCAS-II'17
Power link type 2 Coil 4 Coil Magnetoelectric 3 Coil Midfield (RF) US 2 Coil + US 2 Coil + US
Including ASIC No Yes Yes Yes Yes Yes No Yes
Considers air
tissue interface Yes Yes Yes Yes Yes No Yes Yes
loss
. . . . . . . . Programmable Beamforming:,
Focusing Fixed Fixed Fixed Fixed Fixed Fixed Fixed N . B
6 2-bit phase, 3
Distance [mm] 12 7 0-30 (Air / Lijuid brain 10 (ain) + 40 30 (Ain) + 29 (Agar eyel ?)li::lrgm immersed

(medium) (Lamb rib) (Air) (Saline) phantom) 40 (Porcine Chest) (Oil) 30 (Castor oil) in mineral oil) / 26.2 (Pig eye)

Ex-Vivo N In Vivo neural . .
Measurement RF through lamb rib recording (rat) Porcine chest US through pig eye
0.946 (acoustic, agar

PDL [mW] - 35 0.39-0.16 < 0.00137 (Air) 0.195 0.0288 phantom) / 0.794 (acoustic,

pig eye)

U_E:t:?::lr 17.22 mm 13 cm 25 mm 2 % 2 em? 6 % 6 cm? 25.4 mm External: 100 mm diameter External: 32 mm diameter
:p:rtur: diameter diameter diameter diameter Relay Rx coil: 15 x 17 mm? Relay Rx coil: 24 mm diameter
Implant
receiver 4 x 4 mm? 19 x 19 mm? 4 x 2 mm? 0.5 x 0.5 mm? 2 mm diameter 0.56 mm? 1.1 mm diameter 1.5 mm diameter
aperture

Distance / . .

Ave Rx Widih <10 (Strong coupling) >10 (Weak coupling)
. . Total end-to-end system
Total Link PTE: 0.16 efficiency: 0.27°
. PTE: PTE: PTE x PCE: PTE: US PA PCE +
Effi % - ive link:
ety (] 3.05 205 0.08-0.008 0.04 RF Inductive Link | US Link RE Inductive link: 86 | y;q . o, g6t
Rectifier PCE: +
26 0.66 t (agar), 0.83
81 g
(pig eye)

* Total end-to-end efficiency from DC power of the PA on the glasses to Rx acoustic power

T Measured when Viy = 10 V
£ DC supply power of the US PA to acoustic power at the hydrophone

XY plane beamforming was tested across 16 points from
—6 to 6 mm from the center of the array. In Fig. 14(c) for fixed
focusing, power was focused to 25 mm away centered over the
array (x,Y,z) = (0, 0, 25 mm) where the origin is the center
of the piezo array. Then, the hydrophone was moved across the
XY plane without adjusting the focus. For beamforming mode
(focused), the focus was changed for each point for maximum
efficiency. Compared to the fixed focus case which only has
high efficiency for a single point, focusing on each point can
maintain close to maximum efficiency of around 1.5% across
a 4 mm range.

C. End-to-End Wireless Test

The RF-US relay system is demonstrated through an in vitro
full wireless test as shown in Fig. 15 which includes the RF
PA, RF inductive link, the relay chip, and US link. An external
class-E RF PA drives the Tx coil on the glasses at 40.68 MHz
and transmits power to the Rx coil 1.2 cm away in the air.
The Rx coil receives the incoming AC power and powers
up the relay chip. The relay chip converts the AC power to
DC power to operate the six-channel PAs driving the piezo
array submerged in mineral oil at 850 kHz. The transmitted
passes through an agar eyeball phantom to the hydrophone
29 mm away. The reported end-to-end efficiency is defined as
the received acoustic power at the hydrophone divided by the
power drawn from the DC power supply for the RF PA. The
efficiency breakdown is shown in Table II.

Finally, we also verified the US PA + US link efficiency
through a fresh pig eyeball with the piezo array 26.2 mm
away from the hydrophone [see Fig. 15 (top left)] reaching
a peak acoustic received power of 0.794 mW and efficiency
of 0.83%. This efficiency, which includes the PA and US link
efficiency, is comparable to that of the US link in [30] which

Fig. 15. Full wireless in vitro test setup. An external RF PA drives the Tx
coil to power the chip through the air via the Rx coil. The chip drives the
piezo array submersed in mineral oil and a hydrophone measures the received
acoustic power (29 mm in Agar phantom and 26.2 mm in pig eyeball).

has a similar separation distance. Compared to a pure RF
solution [43] which has a similar separation distance and Rx
size, the end-to-end system efficiency of this work is about
seven times higher. The efficiency is slightly lower in the pig
eyeball compared to mineral oil due to the differences in the
speed of sound of tissue within the eye which causes additional
reflections, but we expect the efficiency to be higher in the
actual implant scenario when the epiretinal implant sits on the
surface of the retina; the US will not need to travel through
the retina, choroid, and sclera at the back of the eye.

V. CONCLUSION

We have demonstrated the first RF- relay with beamforming
for powering mm-sized IMDs. To increase the system effi-
ciency, the cascaded power loss from the multi-modality relay
approach was ameliorated with our rectifier and PA designs.
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The MORR generates three voltage supplies in a single step
to remove extra cascaded power loss terms. The adiabatic PA
re-uses energy from the capacitive part of the piezo load to
increase the driving efficiency.

To understand the comparison between the various state-of-
the-art implant wireless powering works in Table I, it is useful
to look at the distance to average Rx width ratio, as this helps
determine if we are in the strong coupling or weak coupling
regime. We expect in the strong coupling regime that inductive
links become very efficient as demonstrated by [18] and [19].
In the weak coupling regime when the distance to Rx ratio
becomes large, US links become preferred and can achieve
moderate efficiencies from 0.1% to 1% and PDL up to around
1 mW.

This work is the first to demonstrate US beamforming capa-
bility for powering implants with an RF-US relay. Compared
to [29], this work addresses the loss at the media interface, and
compared to [30], this work integrates the power conversion
from RF to DC to US in a chip to incorporate flexibility
in focusing with beamforming while maintaining higher PTE
with similar transducer sizes. To the best of our knowledge,
this work has the highest PDL while maintaining a higher
overall efficiency for links with similar Rx dimensions and
implant depth.

APPENDIX A
ADIABATIC EFFICIENCY DERIVATION

To the best of the author’s knowledge, this is the first
derivation for the power efficiency of driving a piezoelectric
transducer load with an adiabatic PA. The derivation of the
upper bound efficiency of the adiabatic PA neglects the power
needed to generate control signals and assumes ideal switches.

A. Voltage Efficiency

This section will cover the derivation for the ratio of the
voltage recovered from adiabatic charging. A typical circuit
model for a piezo is shown in Fig. 10(a). To simplify the
analysis we will only consider the parallel capacitance (Cp) of
the load during the adiabatic charging parts, which allows us to
use charge balance equations to find the restored voltage. This
is a good approximation since charge sharing between parallel
capacitors in the PA happens at frequencies much higher than
the fundamental frequency, so the inductor Ls will make the
series RLC path high impedance compared to Cp.

We will denote Vi,...,V, to be the steady-state voltages
on the parallel flipping capacitors Cq, ..., C, and define

Ci
= 7)
where Vyy denotes the voltage across the capacitor C; after
discharge phase i. Starting from when the load is fully charged,
we write the charge balance equations during the discharge
phase as each capacitor C; is connected to the load one at a
time to extract charge

Xi

Vop + Vixy = Vgi1(1 + xq) (8)
Va1 + Vaxa = Vgo(1 + X2) )
(10)

Van-1) + VaXn = Van(1 + Xp). (11)
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Once discharge is finished, the voltage across the load is
shorted before capacitors are reconnected in reverse order one
at a time to recharge the load in the opposite polarity. We can
then write the charge balance equations for the charging phase

VianXn = Va(1+ Xp) (12)

Vi + Vg-1)Xn—-1 = Va-1(1 + Xy-1) (13)
. (14)

Vo + Vaixa = Vi(1 + xy). (15)

Since we are interested in the steady state, we can equate
V; of the discharging phase to the V; of the charging phase.
Using the above set of equations we can solve for Vi, the
voltage on the load capacitor after the charging phase, which
is exactly the restored voltage from adiabatic charging Vsip

nx
V1 = Viip = Vop m (16)
Viip __ nx _ (17)
Vbbp 1+ (n + 1)X

Note that xq,...,X, all contribute the same to the output,
so in order to maximize the voltage on the load capacitor we
set X1,...,Xp = X.

B. Adiabatic Power Efficiency

Now that we know Vg, we will now derive how this
translates to power efficiency. To simplify the analysis, we will
assume that there is a sufficient number of parallel capacitors
such that the waveform approximates a trapezoidal waveform
with rising time trse, period tperiod, and pulsewidth t.

The amplitude of the fundamental frequency of a trapezoidal
waveform by using the Fourier series is

. . ti
Viund = 4Vpbp sinc sinc —= (18)
period period period
4 ti
Vind = Vop — sinc —— (19)
s period

where the wave swings from Vpp to —Vpp. The above sim-
plification comes from the fact that the pulsewidth is always
half of the period for a symmetric waveform. Since we have
recovered some of the voltage from the adiabatic PA scheme,
the power used to recharge the capacitor per cycle from V; to
Vpp i

P. = 2Cp( V)?f (20)
Pe = 2Cp(Vpp — V1)* f (21)
1
f= . (22)
tperiod

The factor of 2 is from having to charge the capacitor twice
per cycle, one for each of the negative and positive polarities
of the differential waveform.
To calculate the PDL we first find the voltage division ratio
from the series inductor and capacitor impedance
V R
=" = . (23)
Vpiezo 2
R2+ 2nf Ls —

—1_
2mfCs
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The PDL at the center frequency is

2
4 g trise
BVop 7 sinc ¢ -
) 2R
. sin(Tx
sinc(x) = # (25)

Therefore, the power efficiency is the PDL divided by the sum
of the PDL and the power used to recharge the capacitance

trise

BVDD(é)sinc

n= SR tperiod | "
2Cp(Vpp — V1)* f + BVDD(%)zi;c e
n= 4[325|nc21 —a)? -
m2RCp f 1— ://‘T"g + 4B2sinc(1 — a)?
a=1— trise . "
tperiod

C. Comparison With Class-D

To compare with the adiabatic operation, class-D efficiency
was also derived. We follow a similar derivation. The power
at the fundamental frequency for a square wave is

4

Viund,0 = Voo = (29)
]
and the power to charge the capacitor per cycle is
Pep = Cp( V)*f (30)
P..o = Cp(2Vpp)?*f. (31)

Unlike the adiabatic case, the charging only happens once per
period and is done in a single step, so V = 2Vpp.
The power efficiency of the class-D mode is

(BVoggﬁ))z
nD = 2\\2 (32)
4CpVDD2f —+ 7(BVDIZD£R))
2
Mo =~ b (39

2M2RCp f +4B2°

ACKNOWLEDGMENT

The authors would like to thank the Taiwan Semiconductor
Manufacturing Company (TSMC) University Shuttle Program,
the Stanford Lu Graduate Fellowship, and the Stanford Neu-
rosciences Institute, Stanford, CA, USA.

REFERENCES

[1] Z. T. Irwin et al., “Enabling low-power, multi-modal neural interfaces
through a common, low-bandwidth feature space,” IEEE Trans. Neural
Syst. Rehabil. Eng., vol. 24, no. 5, pp. 521-531, May 2016.

[2] L. R. Hochberg et al., “Neuronal ensemble control of prosthetic devices
by a human with tetraplegia,” Nature, vol. 442, no. 7099, pp. 164-171,
2006.

[3] A. P. Alivisatos et al., “The brain activity map,” Science, vol. 339,
no. 6125, pp. 1284-1285, 2013.

[4] M. Pais-Vieira et al., “A closed loop brain-machine interface for epilepsy
control using dorsal column electrical stimulation,” Sci. Rep., vol. 6,
no. 1, pp. 1-9, Dec. 2016.

[5]

[6]

[71

(8]

[°]

[10]

(11]

[12]

[13]

[14]

[15]

[16]

[17]

(18]

[19]

[20]

[21]

[22]

[23]

[24]

[29]

[26]

[27]

[28]

L. Da Cruz et al., “The Argus Il epiretinal prosthesis system allows
letter and word reading and long-term function in patients with profound
vision loss,” Brit. J. Ophthalmol., vol. 97, no. 5, pp. 632-636, Feb. 2013.
D. Palanker and G. Goetz, “Restoring sight with retinal prostheses,”
Phys. Today, vol. 71, no. 7, p. 26, 2018.

J. D. Weiland and M. S. Humayun, “Visual prosthesis,” Proc. IEEE,
vol. 96, no. 7, pp. 1076-1084, Jul. 2008.

D. Han, Y. Zheng, R. Rajkumar, G. S. Dawe, and M. Je, “A 0.45 V
100-channel neural-recording I1C with sub-p\W/channel consumption in
0.18 um CMOS,” IEEE Trans. Biomed. Circuits Syst., vol. 7, no. 6,
pp. 735-746, Dec. 2013.

J. C. Barrese et al., “Failure mode analysis of silicon-based intracortical
microelectrode arrays in non-human primates,” J. Neural Eng., vol. 10,
no. 6, Dec. 2013, Art. no. 066014.

D. B. Shire et al., “Development and implantation of a minimally
invasive wireless subretinal neurostimulator,” IEEE Trans. Biomed. Eng.,
vol. 56, no. 10, pp. 2502-2511, Oct. 2009.

W. Biederman et al., “A fully-integrated, miniaturized (0.125 mm?) 10.5
KW wireless neural sensor,” IEEE J. Solid-State Circuits, vol. 48, no. 4,
pp. 960-970, Apr. 2013.

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.
P. Yeon, M. S. Bakir, and M. Ghovanloo, “Towards a 1.1 mm? free-
floating wireless implantable neural recording SoC,” in Proc. IEEE
Custom Integr. Circuits Conf. (CICC), Apr. 2018, pp. 1-4.

J. Charthad, M. J. Weber, T. C. Chang, and A. Arbabian, “A mm-sized
implantable medical device (IMD) with ultrasonic power transfer and
a hybrid bi-directional data link,” IEEE J. Solid-State Circuits, vol. 50,
no. 8, pp. 1741-1753, Aug. 2015.

M. M. Ghanbari et al., “A sub-mm? ultrasonic free-floating implant
for multi-mote neural recording,” IEEE J. Solid-State Circuits, vol. 54,
no. 11, pp. 3017-3030, Nov. 2019.

T. C. Chang, M. L. Wang, J. Charthad, M. J. Weber, and A. Arbabian,
“A 30.5 mm? fully packaged implantable device with duplex ultrasonic
data and power links achieving 95 kb/s with <10-4 BER at 8.5 cm
depth,” in IEEE Int. Solid-State Circuits Conf. (ISSCC) Dig. Tech.
Papers, Feb. 2017, pp. 460-461.

J. D. Weiland, “Retinal prosthesis,” Annu. Rev. Biomed. Eng., vol. 61,
no. 5, pp. 1412-1424, 2014.

P. Feng, P. Yeon, Y. Cheng, M. Ghovanloo, and T. G. Constandinou,
“Chip-scale coils for millimeter-sized bio-implants,” IEEE Trans. Bio-
med. Circuits Syst., vol. 12, no. 5, pp. 1088-1099, Oct. 2018.

B. Lee et al., “An inductively-powered wireless neural recording and
stimulation system for freely-behaving animals,” IEEE Trans. Biomed.
Circuits Syst., vol. 13, no. 2, pp. 413-424, Apr. 2019.

J. Lim et al., “A 0.19%0.17 mm? wireless neural recording IC for motor
prediction with near-infrared-based power and data telemetry,” in IEEE
Int. Solid-State Circuits Conf. (ISSCC) Dig. Tech. Papers, Feb. 2020,
pp. 416-418.

S. A. Goss, R. L. Johnston, and F. Dunn, “Comprehensive compilation
of empirical ultrasonic properties of mammalian tissues,” J. Acoust. Soc.
Amer., vol. 64, no. 2, pp. 423-457, 1978.

A. Arbabian et al., “Sound technologies, sound bodies: Medical implants
with ultrasonic links,” IEEE Microw. Mag., vol. 17, no. 12, pp. 39-54,
Dec. 2016.

Information for Manufacturers Seeking Marketing Clearance of Diag-
nostic Ultrasound Systems and Transducers, Guidance for Industry and
FDA Staff, Food and Drug Administration, Silver Spring, MD, USA,
2008.

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.

A. Sawaby et al., “A wireless implantable ultrasound array receiver for
thermoacoustic imaging,” in Proc. IEEE Symp. VLSI Circuits, Jun. 2018,
pp. 189-190.

J.-C. Chien, S. W. Baker, H. T. Soh, and A. Arbabian, “Design and analy-
sis of a Sample-and-Hold CMOS electrochemical sensor for aptamer-
based therapeutic drug monitoring,” IEEE J. Solid-State Circuits, vol. 55,
no. 11, pp. 2914-2929, Nov. 2020.

S. Baltsavias et al., “In vivo wireless sensors for gut microbiome redox
monitoring,” IEEE Trans. Biomed. Eng., vol. 67, no. 7, pp. 1821-1830,
Jul. 2020.

D. Seo, J. Carmena, J. Rabaey, M. Maharbiz, and E. Alon, “Model vali-
dation of untethered, ultrasonic neural dust motes for cortical recording,”
J. Neurosci. Methods, vol. 244, pp. 114-122, Apr. 2015.



12

[29]

[30]

[31]

[32]

[33]

[34]

[35]

[36]

[37]

[38]

[39]

[40]

[41]

[42]

[43]

[44]

[49]

[46]

[47]

(48]

[49]

This article has been accepted for inclusion in a future issue of this journal. Content is final as presented, with the exception of pagination.

M. M. Ghanbari et al., “A 0.8 mm? ultrasonic implantable wireless
neural recording system with linear AM backscattering,” in IEEE
Int. Solid-State Circuits Conf. (ISSCC) Dig. Tech. Papers, Feb. 2019,
pp. 284-286.

M. Meng and M. Kiani, “A hybrid inductive-ultrasonic link for wire-
less power transmission to millimeter-sized biomedical implants,” IEEE
Trans. Circuits Syst. I, Exp. Briefs, vol. 64, no. 10, pp. 1137-1141,
Oct. 2017.

D. G. Muratore and E. Chichilnisky, “Artificial retina: A future cellular-
resolution brain-machine interface,” in Proc. NANO-CHIPS 2030, 2020.
Cham, Switzerland: Springer, pp. 443-465.

D. G. Muratore, P. Tandon, M. Wootters, E. J. Chichilnisky, S. Mitra,
and B. Murmann, “A data-compressive wired-OR readout for massively
parallel neural recording,” IEEE Trans. Biomed. Circuits Syst., vol. 13,
no. 6, pp. 1128-1140, Dec. 2019.

E. So, P. Yeon, E. J. Chichilnisky, and A. Arbabian, “An RF-ultrasound
relay for powering deep implants across air-tissue interfaces with a
multi-output regulating rectifier and ultrasound beamforming,” in Proc.
Symp. VLSI Circuits, Jun. 2021, pp. 1-2.

B. Sahu and G. A. Rincon-Mora, “An accurate, low-voltage, CMOS
switching power supply with adaptive on-time pulse-frequency modula-
tion (PFM) control,” IEEE Trans. Circuits Syst. |, Reg. Papers, vol. 54,
no. 2, pp. 312-321, Feb. 2007.

U.-M. Jow and M. Ghovanloo, “Design and optimization of printed spi-
ral coils for efficient transcutaneous inductive power transmission,” IEEE
Trans. Biomed. Circuits Syst., vol. 1, no. 3, pp. 193-202, Sep. 2007.
B. A. Herman and G. R. Harris, “Theoretical study of steady-state tem-
perature rise within the eye due to ultrasound insonation,” IEEE Trans.
Ultrason., Ferroelectr., Freg. Control, vol. 46, no. 6, pp. 1566-1574,
Nov. 1999.

P. Gélat, G. Ter Haar, and N. Saffari, “The optimization of acoustic
fields for ablative therapies of tumours in the upper abdomen,” Phys.
Med. Biol., vol. 57, no. 24, p. 8471, 2012.

E. van der Worp, D. Bornman, D. L. Ferreira, M. Faria-Ribeiro,
N. Garcia-Porta, and J. M. Gonzéalez-Meijome, “Modern scleral con-
tact lenses: A review,” Contact Lens Anterior Eye, vol. 37, no. 4,
pp. 240-250, Aug. 2014.

J. Kocbach, “Finite element modeling of ultrasonic piezoelectric trans-
ducers,” Ph.D. dissertation, Dept. Dept. Phys., Univ. Bergen, Bergen,
Norway, 2000.

T. C. Chang, M. J. Weber, J. Charthad, S. Baltsavias, and A. Arbabian,
“End-to-end design of efficient ultrasonic power links for scaling towards
submillimeter implantable receivers,” IEEE Trans. Biomed. Circuits
Syst., vol. 12, no. 5, pp. 1100-1111, Oct. 2018.

J. A. Jensen, “Field: A program for simulating ultrasound systems,”
in Proc. 10th Nordic-Baltic Conf. Biomed. Imag., vol. 4, 1996,
pp. 351-353.

J. A. Jensen and N. B. Svendsen, “Calculation of pressure fields from
arbitrarily shaped, apodized, and excited ultrasound transducers,” IEEE
Trans. Ultrason., Ferroelectr., Freq. Control, vol. 39, no. 2, pp. 262-267,
Jan. 1992.

J. S. Ho et al., “Wireless power transfer to deep-tissue microimplants,”
Proc. Nat. Acad. Sci. USA, vol. 111, no. 22, pp. 7974-7979, Apr. 2014.
T. Sun, X. Xie, G. Li, Y. Gu, X. Li, and Z. Wang, “An omnidirectional
wireless power receiving IC with 93.6% efficiency CMOS rectifier
and skipping booster for implantable bio-microsystems,” in Proc. IEEE
Asian Solid-State Circuits Conf. (ASSCC), Nov. 2011, pp. 185-188.

J. Kim, J. Kim, M. Sim, S. Kim, and C. Kim, “A single-input four-output
(SIFO) AC-DC rectifying system for vibration energy harvesting,” IEEE
Trans. Power Electron., vol. 29, no. 6, pp. 2629-2633, Jun. 2014.

M. Choi, T. Jang, J. Jeong, S. Jeong, D. Blaauw, and D. Sylvester,
“A resonant current-mode wireless power receiver and battery charger
with -32 dBm sensitivity for implantable systems,” IEEE J. Solid-State
Circuits, vol. 51, no. 12, pp. 2880-2892, Dec. 2016.

S.-U. Shin, M. Choi, S. Jung, H.-M. Lee, and G.-H. Cho, “A
time-interleaved resonant voltage mode wireless power receiver with
delay-based tracking loops for implantable medical devices,” IEEE J.
Solid-State Circuits, vol. 55, no. 5, pp. 1374-1385, May 2020.

L. Cheng, W.-H. Ki, and C.-Y. Tsui, “A 6.78-MHz single-stage wire-
less power receiver using a 3-mode reconfigurable resonant regulating
rectifier,” IEEE J. Solid-State Circuits, vol. 52, no. 5, pp. 1412-1423,
May 2017.

H. S. Gougheri and M. Kiani, “Self-regulated reconfigurable
voltage/current-mode inductive power management,” IEEE J. Solid-State
Circuits, vol. 52, no. 11, pp. 3056-3070, Nov. 2017.

[50]

[51]

[52]

[53]

[54]

[55]

[56]

[57]

(58]

[59]

(60]

[61]

[62]

(63]

IEEE JOURNAL OF SOLID-STATE CIRCUITS

H. S. Gougheri, P. Graybill, and M. Kiani, “A dual-output reconfigurable
shared-inductor boost-converter/current-mode inductive power manage-
ment ASIC with 750% extended output-power range, adaptive switching
control, and voltage-power regulation,” |IEEE Trans. Biomed. Circuits
Syst., vol. 13, no. 5, pp. 1075-1086, Oct. 2019.

M. Kiani, B. Lee, P. Yeon, and M. Ghovanloo, “A Q-modulation
technique for efficient inductive power transmission,” IEEE J. Solid-
State Circuits, vol. 50, no. 12, pp. 2839-2848, Dec. 2015.

J. Lim, B. Lee, and M. Ghovanloo, “A multiphase resonance-based
boosting rectifier with dual outputs for wireless power transmission,”
IEEE Trans. Power Electron., vol. 35, no. 3, pp. 2680-2689, Mar. 2020.
C. Kim, S. Ha, J. Park, A. Akinin, P. P. Mercier, and G. Cauwenberghs,
“A 144-MHz fully integrated resonant regulating rectifier with hybrid
pulse modulation for mm-sized implants,” IEEE J. Solid-State Circuits,
vol. 52, no. 11, pp. 3043-3055, Nov. 2017.

D. Liu, S. J. Hollis, H. C. P. Dymond, N. McNeill, and B. H. Stark,
“Design of 370-ps delay floating-voltage level shifters with 30-V/ns
power supply slew tolerance,” IEEE Trans. Circuits Syst. Il, Exp. Briefs,
vol. 63, no. 7, pp. 688-692, Jul. 2016.

L. Svensson and J. Koller, “Driving a capacitive load without dissipating
fCV2,” in Proc. IEEE Symp. Low Power Electron., 1994, pp. 100-101.
L. G. Salem and P. P. Mercier, “A 0.4-to-1 V 1 MHz-to-2 GHz switched-
capacitor adiabatic clock driver achieving 55.6% clock power reduction,”
in IEEE Int. Solid-State Circuits Conf. (ISSCC) Dig. Tech. Papers,
Feb. 2017, pp. 442-443.

Z. Yu et al., “An 8.2 mm?® implantable neurostimulator with magneto-
electric power and data transfer,” in IEEE Int. Solid-State Circuits Conf.
(ISSCC) Dig. Tech. Papers, Feb. 2020, pp. 510-512.

V. W. Leung et al., “Distributed microscale brain implants with wireless
power transfer and mbps bi-directional networked communications,” in
Proc. IEEE Custom Integr. Circuits Conf. (CICC), Apr. 2019, pp. 1-4.
G. Lazzi, “Thermal effects of bioimplants,” IEEE Eng. Med. Biol. Mag.,
vol. 24, no. 5, pp. 75-81, Sep./Oct. 2005.

V. Singh et al., “Specific absorption rate and current densities in the
human eye and head induced by the telemetry link of an epiretinal pros-
thesis,” IEEE Trans. Antennas Propag., vol. 57, no. 10, pp. 3110-3118,
Oct. 2009.

L. S. Theogarajan, “A low-power fully implantable 15-channel reti-
nal stimulator chip,” IEEE J. Solid-State Circuits, vol. 43, no. 10,
pp. 2322-2337, Oct. 2008.

P. Yeon, S. A. Mirbozorgi, J. Lim, and M. Ghovanloo, “Feasibility study
on active back telemetry and power transmission through an inductive
link for millimeter-sized biomedical implants,” IEEE Trans. Biomed.
Circuits Syst., vol. 11, no. 6, pp. 1366-1376, Dec. 2017.

Z. Kashani, S. J. J. llham, and M. Kiani, “Design and optimization of
ultrasonic links with phased arrays for wireless power transmission to
biomedical implants,” IEEE Trans. Biomed. Circuits Syst., early access,
Jan. 5, 2022, doi: 10.1109/TBCAS.2022.3140591.

Ernest So (Graduate Student Member, IEEE)
received the B.S. and M.S.E. degrees in biomedical
engineering from Johns Hopkins University, Balti-
more, MD, USA, in 2014 and 2016, respectively,
and the M.S. degree in electrical engineering from
Stanford University, Stanford, CA, USA, in 2018,
where he is currently pursuing the Ph.D. degree in
electrical engineering.

From 2014 to 2016, he worked with Professor
Nitish Thakor at Johns Hopkins University design-
ing neural recording circuits and low-noise CMOS

image sensors for medical imaging. His current thesis work with Professor
Amin Arbabian at Stanford University involves wireless power and data
communication for implantable devices.

Mr. So was a recipient of the Stanford Graduate Fellowship in 2016 and the
IEEE Solid-State Circuit Society (SSCS)-Brain Best Paper Award in 2021.


http://dx.doi.org/10.1109/TBCAS.2022.3140591

This article has been accepted for inclusion in a future issue of this journal. Content is final as presented, with the exception of pagination.

SO et al.:

Pyungwoo Yeon (Member, IEEE) received the
B.S. degree in electrical and computer engineering
from Seoul National University, Seoul, South Korea,
in 2010, the M.S. degree in electrical engineering
and information systems from The University of
Tokyo, Tokyo, Japan, in 2012, and the Ph.D. degree
in electrical and computer engineering from the
Georgia Institute of Technology, Atlanta, GA, USA,
in 2019.

From 2012 to 2014, he was with the Power Man-
agement IC Team, Samsung Electronics, Yongin,
South Korea, where he contributed to prototyping an Alliance for Wireless
Power (A4WP) (currently AirFuel)-compatible wireless charger IC. He spent
the first quarter of 2019 with the Display EE Team, Apple Inc., Cupertino,
CA, USA. In September 2019, he joined Stanford University, Stanford, CA,
USA, as a Post-Doctoral Fellow in electrical engineering. Since 2021, he has
been a Sensor Design Engineer with Apple Inc. His research interests include
novel system architectures and circuit topologies for wireless implantable,
wearable, and loT medical therapeutics/diagnostics.

Dr. Yeon was a co-recipient of the IEEE Wireless Power Transfer Confer-
ence (WPTC) Best Paper Award in 2013, the Silver Award in the Samsung
Electro-Mechanics Best Paper in 2016, the Third IEEE Biomedical Circuits
and Systems Conference (BioCAS) Best Paper Award in 2017, the Stanford
Respond Innovate Scale Empower (RISE) SARS-CoV-2 (COVID-19) Crisis
Response Trainee Seed Grant Program Award in 2020, and the IEEE Solid-
State Circuit Society (SSCS)-Brain Best Paper Award in 2021.

E. J. Chichilnisky (Member, IEEE) received the
B.A. degree in mathematics from Princeton Uni-
versity, Princeton, NJ, USA, in 1985, and the M.S.
degree in mathematics and the Ph.D. degree in neu-
roscience from Stanford University, Stanford, CA,
USA, in 1992 and 1995, respectively.

He is currently the John R. Adler Professor of
neurosurgery and a Professor of ophthalmology with
Stanford University, where he has been working
since 2013. Previously, he worked with the Salk
Institute for Biological Studies, La Jolla, CA, USA,
for 15 years. His research has focused on understanding the spatiotemporal
patterns of electrical activity in the retina that convey visual information to the
brain, and their origins in retinal circuitry, using large-scale multi-electrode
recordings. His ongoing work now focuses on using basic science knowledge
along with electrical stimulation to develop a novel high-fidelity artificial
retina for treating incurable blindness.

RF-US RELAY FOR ADAPTIVE WIRELESS POWERING ACROSS TISSUE INTERFACES 13

Dr. Chichilnisky was a recipient of the Alfred P. Sloan Research Fellowship,
the McKnight Scholar Award, the McKnight Technological Innovation in
Neuroscience Award, and the Research to Prevent Blindness Stein Innovation
Award.

Amin Arbabian (Senior Member, IEEE) received
the Ph.D. degree in electrical engineering and com-
puter science from the University of California at
Berkeley, Berkeley, CA, USA, in 2011.

From 2007 to 2008, he was a part of the Initial
Engineering Team, Tagarray, Inc., Palo Alto, CA,
USA (now acquired by Maxim Integrated Inc.,
San Jose, CA, USA). In 2010, he joined Qualcomm’s
Corporate Research and Development Division,
San Diego, CA, USA, where he designed circuits

~ for next-generation ultralow power wireless trans-
ceivers. In 2012, he joined Stanford University, Stanford, CA, USA, where
he is currently an Associate Professor of electrical engineering. His current
research interests include mm-wave and high-frequency circuits and systems,
imaging technologies, the Internet-of-Everything devices (including wireless
power delivery techniques), and medical implants.

Dr. Arbabian was a recipient or a co-recipient of the 2020 IEEE TRANS-
ACTIONS ON BIOMEDICAL CIRCUITS AND SYSTEMS Best Paper Award;
the 2016 Stanford University Tau Beta Pi Award for Excellence in Under-
graduate Teaching; the 2015 NSF Faculty Early Career Development Program
(CAREER) Award; the 2014 Defense Advanced Research Projects Agency
(DARPA) Young Faculty Award (including the Director’s Fellowship in 2016;
the 2013 Hellman Faculty Scholarship; the 2010-2011, 2014-2015, and
2016-2017 Qualcomm Innovation Fellowships; and best paper awards at
the 2017 IEEE Biomedical Circuits and Systems Conference); the 2016 IEEE
Conference on Biomedical Wireless Technologies, Networks, and Sensing
Systems; the 2014 IEEE VLSI Circuits Symposium; the 2013 IEEE Interna-
tional Conference on Ultra-Wideband; the 2010 IEEE Jack Kilby Award for
Outstanding Student Paper at the International Solid State Circuits Conference;
and two-time second place best student paper awards at 2008 and 2011
Radio Frequency Integrated Circuits (RFIC) Symposiums. He currently serves
on the steering committee for the RFIC Symposium, the technical program
committees of the RFIC Symposium and the VLSI Circuits Symposium, and
as an Associate Editor for IEEE SoLID-STATE CIRCUITS LETTERS and
the IEEE JOURNAL OF ELECTROMAGNETICS, RF AND MICROWAVES IN
MEDICINE AND BIOLOGY.




