
Abstract—A wireless electrical stimulation implant for 
peripheral nerves, achieving >10× improvement over state-of-the-
art in the depth/volume figure of merit (FOM), is presented. The 
fully integrated implant measures just 2 mm × 3 mm × 6.5 mm (39 
mm3, 78 mg), and operates at a large depth of 10.5 cm in a tissue 
phantom. The implant is powered using ultrasound and includes a 
miniaturized piezoelectric receiver (piezo), an IC designed in 180 
nm HV BCD process, an off-chip energy storage capacitor, and 
platinum stimulation electrodes. The package also includes an 
optional blue light-emitting diode (LED) for potential applications 
in optogenetic stimulation in the future. A system-level design 
strategy for complete operation of the implant during the charging 
transient of the storage capacitor, as well as a unique downlink 
command/data transfer protocol, are presented. The implant 
enables externally programmable current-controlled stimulation 
of peripheral nerves, with a wide range of stimulation parameters, 
both for electrical (22 to 5,000 μA amplitude, ~14 to 470 μs pulse-
width, 0 to 60 Hz repetition rate) and optical (up to 23 mW/mm2 
optical intensity) stimulation. Additionally, the implant achieves 
15 V compliance voltage for chronic applications. Full integration 
of the implant components, end-to-end in vitro system 
characterizations, and results for the electrical stimulation of a 
sciatic nerve, demonstrate the feasibility and efficacy of the 
proposed stimulator for peripheral nerves. 
 

Index Terms—Electroceuticals, implantable medical devices 
(IMD), peripheral nerve, electrical stimulation, optogenetics, high 
compliance voltage, electrode characterization, sciatic nerve, 
EMG. 
 

I. INTRODUCTION 

UTURE medicine will be revolutionized by implantable 
‘electroceuticals’ that target neural pathways for 

therapeutic intervention, as opposed to prevalent 
pharmacological approaches [1]. Stimulation of the peripheral 
nervous system (PNS) has shown great promise for the 
treatment of a range of conditions including: neurological, 
autoinflammatory, autoimmune, cardiovascular diseases, and 
diabetes [1], [2]. For instance, vagus nerve stimulation is 
effective for the treatment of epilepsy, rheumatoid arthritis, 
inflammatory bowel disease, and diabetes [1]-[3], sacral and 
pudendal nerve stimulation can facilitate bladder control [4], 
[5], and ethmoid nerve stimulation can be used to treat dry eye 
disease [6]. 

Aggressive miniaturization of neurostimulators to millimeter 
(mm) dimensions is essential for avoiding invasive surgery, and 
the associated post-surgery trauma and infection [7], [8]. This 
necessitates wireless powering to eliminate bulky batteries and 
wired interfaces. The stimulator must also be capable of 
targeting nerves located deep inside the body (>5 cm) for 
human applications. Further, stimulation is an energy-intensive 
function, typically requiring a large average load power (up to 
a few mWs) [9], much greater than temperature or pressure 
sensing [10], [11], neural recording [12], or data 
communication [13] (especially using backscatter modulation 
[14]). Achieving high output power capability simultaneously 
with a large “depth-to-size ratio” (ratio of tissue depth to 
implant volume), while complying with long-term safety limits, 
is a major engineering challenge for stimulators.  

Wirelessly powered stimulators have been rapidly evolving 
over the past decade [15]–[26]. Pioneering work by researchers 
has led to several optimized designs of neurostimulators using 
RF near-field, mid-field, and far-field power transfer [16]–[19]. 
Ultrasonic power transfer is an emerging alternative approach 
for implants [15], [22], [23], [27]–[29], and has several key 
advantages, including: (i) energy focusing at large depths (>10 
cm) to a mm spot size which enables high power transfer 
efficiency compared to RF far-field powering [28], [30]–[32], 
(ii) superior transduction efficiency due to ~mm wavelength 
[27], [33], and (iii) low tissue attenuation (~0.5-1 dB/cm/MHz) 
[34].  

Ultrasonically powered implants have been demonstrated 
before [15], [22], [23], [27], including designs using discrete 
components for electrical [22] or optogenetic stimulation [23]. 
However, existing literature lacks a miniaturized high voltage 
(HV) stimulation implant, enabled by a custom-designed IC, for 
fully programmable and precise control of stimulation 
parameters. HV compliance (typically >10 V) is desirable for 
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overcoming the effect of tissue encapsulation in chronic 
applications [35]. Further, while most conventional 
neurostimulators use exclusively electrical [15], [17], [21], [22] 
or optical [16], [23] stimulation modalities, a mm-sized 
combined electrical/optical stimulator can have significant 
value both clinically and as a research tool for mapping neural 
circuits. Such a “multi-modality” neurostimulation platform 
can enable cell-type-specific stimulation by leveraging the high 
spatial resolution of optogenetics [36], as well as recruitment of 
a large number of nerve fibers (e.g. to generate a large muscle 
force [37]) through electrical stimulation. [19] demonstrates a 
highly efficient electrical/optical stimulator with thorough in 
vitro and in vivo characterization results. However, their 
demonstrated power transfer range is 1 cm (sufficient for their 
application of deep brain stimulation in rats), and the implant is 
not miniaturized to mm dimensions.  

In order to address the above challenges, we demonstrate a 
fully integrated electrical stimulation implant, along with an 
optional LED, as shown conceptually in Fig. 1. An external 
transmitter (TX) beams ultrasonic power and downlink (DL) 
data to the implant, allowing fully programmable stimulation of 
a peripheral nerve. The principal focus of this paper is on the 
design of a proof-of-concept mm-sized stimulation implant, and 
demonstration of its functionality using a commercial external 
ultrasound TX at great depths. Implementation of a custom 
conformal TX array conceptually shown in Fig. 1, and 
optimization of the end-to-end power transfer efficiency (PTE) 
of the ultrasonic link, are parts of future work. This is possible 
because far-field power transfer allows independent 
optimization of the external TX (as demonstrated in [28], [30], 
[31]) and the receiver (implant) [27], [33], as opposed to near-
field powering systems. The implant is miniaturized to 2×3×6.5 
mm3, and operates well below the FDA diagnostic ultrasound 
intensity limit (7.2 mW/mm2) at a depth of 10.5 cm in a tissue 
phantom. Despite the use of a commercial TX which was not 
optimized for this application, the achieved depth of operation 
is unprecedented for programmable neural stimulation 
implants. This implant achieves a depth/volume FOM of 2.7 
mm-2 which is >10× higher than state-of-the-art programmable 
neurostimulators. 

This paper presents co-design of the piezoelectric receiver 
(piezo) and IC for complete operation during the charging 
transient of the storage capacitor (section III), a downlink 
command and data transfer protocol (section IV), design and 
characterizations of the stimulation electrodes and a 

commercial LED (section VI), and in vitro characterizations 
along with preliminary in vivo results demonstrating 
functionality (section VII). Two types of in vitro measurements 
are presented – detailed system characterization (section VII-
A) with access to internal nodes of the implant, and “blind” tests 
of the fully integrated implant (section VII-B) with access only 
to the electrode/LED terminals for verifying stimulation 
patterns. Finally, results for the electrical stimulation of a sciatic 
nerve are presented (section VII-C), and the overall 
performance of the implant is compared with state-of-the-art 
(section VII-D). Robust biocompatible packaging, in vivo tests 
of the fully packaged implant, and in vivo optogenetic 
stimulation experiments, are a part of future work. 

II. IMPLANT SYSTEM OVERVIEW 

The implant (Fig. 2) comprises a piezo, an IC, an off-chip 
storage capacitor (CSTOR), two stimulation electrodes, and an 
LED, all integrated into a mm-sized package. Major blocks in 
the IC include: power recovery, command/data recovery, and a 
programmable current stimulator. 

The power recovery circuit extracts and conditions the power 
received by the piezo, and charges CSTOR to VDDH. Additionally, 
this block generates a regulated DC supply rail (VLDO = 1.8 V) 
for reliably powering other circuits, and a reference current 
(IREF = 2 μA) for stimulation. While VDDH is targeted to be >12 
V for worst-case electrical stimulation parameters (HV 
compliance required due to encapsulation tissue), our system is 
flexible such that CSTOR can also be charged to lower voltages 
sufficient for driving an LED (forward voltage  3 V) for 

 

Fig. 2. Implant system architecture and block diagram of the IC. 

 

Fig. 1. Conceptual diagram showing operation of our proposed electrical 
stimulation implant (focus of this work). 

 

Fig. 3. Timing protocol for power transfer, downlink data communication, and 
stimulation. 



efficient optical stimulation, or if the electrode/tissue interface 
impedance is low for a particular application. 

The data/command recovery and clock generation circuits 
extract stimulation parameters from the incoming US signal. A 
finite state machine (FSM) interprets these parameters and 
controls the stimulator to produce a stimulation waveform with 
the desired current amplitude (ISTIM), and pulse-width (TPW), 
between the desired pair of stimulation sites. The repetition rate 
of stimulation (fREP) can be precisely controlled externally by 
the transmitter and is, therefore, not encoded in the DL data bits, 
thereby also simplifying data recovery design. This system 
allows full configurability of the stimulation pattern/modality 
from cycle-to-cycle which is useful for rapidly adapting 
stimulation during closed-loop operation, or having variable 
time intervals between consecutive stimulation pulses, if 
desired. 

Fig. 3 shows our system timing diagram for the most energy-
intensive stimulation pattern (worst-case). A notch-based 
communication protocol, as further explained in section IV, is 
used for sending DL commands to enable/disable the 
command/data recovery circuit, and to initiate the stimulation 
event. DL data bits are transmitted simultaneously during the 
charging of CSTOR in order to minimize the total setup time 
before stimulation. In this architecture, the stimulation current 
is directly supplied by CSTOR. Ultrasound is kept ON during 
stimulation to provide a timing reference for TPW, and to supply 
power to other circuit blocks, thereby avoiding the need for 
additional off-chip energy storage capacitors (e.g. on VLDO rail). 

For minimizing design complexity, the stimulator core is 
primarily designed based on the stringent constraints imposed 
by electrical stimulation, and re-used for optical stimulation. 
The stimulator generates a biphasic current-controlled 
waveform, with balanced cathodic and anodic phases, and an 
inter-phasic delay (TIP) for higher stimulation efficacy [35], 
[38], as shown in Fig. 3. ISTIM is programmable on a wide scale 
of 22 to 5,000 μA, TPW is programmable from ~14 to 470 μs, 
while fREP can be controlled externally between 0 to 60 Hz. 
Further, for electrical stimulation, the threshold current is 
known to decrease with increasing pulse-width [39], [40]. 

Based on this, and to limit the energy requirements of the 
implant, we design the electrical stimulator for providing a 
maximum stimulation charge, QSTIM,MAX, of 300 nC (total value 
for two phases), which is >5× the threshold charge required to 
elicit in vivo response in the sciatic nerve of a frog, as 
demonstrated in section VII-C. Note that while applications 
such as deep brain stimulation (DBS) may require total 
stimulation charge > 300 nC, and repetition rates > 100 Hz, our 
stimulator is specifically designed for peripheral nerves with 
stimulation parameters that are known to be effective for PNS 
applications [3], [38], [41]. Further, optogenetic stimulation has 
been demonstrated by researchers with optical intensities > 1 
mW/mm2 [16], [42]. While our stimulator is designed to 
support optical intensities up to 23 mW/mm2, and pulse-widths 
up to ~470 μs, the range of pulse-widths can be extended to ~ms 
in future designs for more flexibility in choosing optogenetic 
stimulation parameters for in vivo applications.   

The stimulator (Fig. 2) comprises an 8-bit current DAC, an 
output stage, and an H-bridge. H-bridge configuration allows 
the use of a single current source for both stimulation phases, 
which is advantageous for achieving charge balance [43]. The 
H-bridge interfaces with four stimulation sites, any two of 
which can be selected by the DL data bits to perform 
stimulation across them.  

As a part of future work, adiabatic stimulation architectures, 
as demonstrated in [44]–[46], can be implemented for 
optimizing stimulation efficiency. Implementation of a greater 
number of stimulation channels, as demonstrated by highly 
integrated state-of-the-art stimulators for the brain [47], retina 
[48], [49], spinal cord [17] and cochlear [50] applications, can 
be investigated in the future. Other functions such as a data 
uplink and neural recording, while not necessary for this 
implant, can also be incorporated, in addition to techniques for 
simultaneous neural stimulation and recording, as thoroughly 
discussed in [51], [52] to enable a complete implant system for 
closed-loop neuromodulation [52], [53].

III. POWER RECOVERY DESIGN 

In order to store sufficient charge for worst-case electrical 

 
Fig. 4. (a) Schematic diagram of the power recovery circuit, (b) simulation-based analysis of the optimal range of RPIEZO for PAV  = 3 mW, (c) simulation-based 
analysis of the design choice of fRO for CC = 20 pF. 



stimulation parameters (QSTIM,MAX = 300 nC), we choose CSTOR 
to be ~40 nF, resulting in stored charge, QSTOR  480 nC, for 
VDDH = 12 V. Based on the timing diagram in Fig. 3, it can be 
noted that, for a maximum TPW of 470 μs, and TIP of ~80 μs, 
TCHARGE should be limited to a maximum of ~15 ms for 
achieving a maximum fREP of 60 Hz. Thus, the power recovery 
circuit is designed with the objective of achieving TCHARGE < 15 
ms. 

The overall architecture of the power recovery circuit is 
adapted from [27], and is presented in Fig. 4 (a). It primarily 
comprises an active rectifier and a charge pump (CP), where the 
CP clock is generated by a current-starved ring oscillator (RO), 
followed by an inverter buffer [27]. As shown in Fig. 4 (a), the 
circuit also includes AC voltage limiting clamps between nodes 
VAC1 and VAC2 (limiting peak voltage to ~4.5 V), and DC clamps 
on VRECT (voltage limit of ~4.5 V) and VDDH (voltage limit of 
~18 V) rails, to prevent circuit breakdown if high ultrasonic 
power is delivered to the implant during in vivo operation. It is 
important to note that, while [27], [29] and [33] are based on a 
steady-state analysis of power flow, this design is more 
complicated due to operation during the charging transient of 
CSTOR. Therefore, we perform a simulation-based analysis as 
discussed below to choose values for the major design 
variables. 

We first consider the design constraints imposed by the 
ultrasonic link and the piezo. The average acoustic intensity 
(Iac,avg) should be kept below the FDA regulated spatial peak 
temporal average intensity (ISPTA) of 7.2 mW/mm2. Further, as 
discussed in [27], [33], mm-sized piezos are intentionally 

designed to achieve resonant impedance (RPIEZO) in the k  
range precluding the use of a bulky input matching network, 
and leading to high voltages at the input of the IC for ~mW level 
available powers (PAV). This sets a limit on peak PAV, and 
consequently, the peak acoustic intensity at the piezo. Thus, the 
major design variables related to the ultrasonic link and the 
piezo are PAV and RPIEZO. Due to non-linearity of the power 
recovery circuit, especially during the charging of CSTOR, we 
perform simulations for the circuit in Fig. 4 (a) to analyze the 
optimal range of RPIEZO for a fixed PAV of 3 mW. This value for 
PAV is chosen in order to reliably maintain peak IC input voltage 
< 4.5 V (below the activation threshold of the voltage limiting 
clamps). As shown in Fig. 4 (b), RPIEZO in the range of 2-3.5 k  
was determined to be optimal for this design. 

Next, we consider the design constraints related to the power 
recovery circuit blocks. The major design variables for this 
circuit are the RO frequency (fRO), the CP coupling capacitance 
(CC), and the number of CP stages (N), which have to be chosen 
for meeting the VDDH and TCHARGE requirements in this design. 
N is chosen to be 3 for achieving VDDH > 12 V while operating 
at an input voltage amplitude of ~3-4 V. This input voltage 
amplitude is a result of our design choice of PAV (3 mW) and 
RPIEZO (2-3.5 k ). The value of CC is chosen as 20 pF based on 
area considerations because the area of a CP is typically 
dominated by the total pumping capacitance (2×CC×N) [54]. 
Further, assuming a constant value of VRECT at the input of the 
CP for simplicity, and using a dynamic model of capacitively 
loaded CPs as discussed in [54], it is intuitive that a large 
product of fRO and CC is desirable for minimizing the charging 
time of CSTOR. However, for the complete power recovery chain 
with a fixed PAV, a high fRO would lead to a high switching 
power dissipation in the RO and the inverter buffer, thereby, 
providing lower input power to the CP for the charging of CSTOR. 
Based on this trade-off, and CC of 20 pF, we perform 
simulations of the charging efficiency, and choose fRO in the 
range 4-5 MHz, as shown in Fig. 4 (c). The choice of fRO was 
limited to 5 MHz in order to minimize sensitivity of the RO 
frequency to layout parasitics.    

A full-wave active rectifier with self-startup capability, as 
discussed in [27], [55], is implemented at the input of the IC for 
achieving a high AC-DC voltage conversion ratio (VCR). A 1.5 
nF on-chip output capacitor minimizes voltage ripple, without 
significantly affecting rectifier startup time. A latched topology 
is used for the charge pump for achieving a high VCR. A 
bandgap reference (BGR), presented in Fig. 5 (a), generates a 
reference voltage (VREF = 0.9 V) and current (IREF = 200 nA). 
The BGR is implemented using an NMOS transistor (M1) in the 
linear region, as opposed to a resistor, to reduce chip area and 
minimize process variation. Design across a wide temperature 
range, and the associated curvature-correction techniques, are 
not extremely important for this application due to small 
variations of body temperature (< ±3 °C). The BGR has a 
simulated power supply rejection ratio (PSRR) of -53.6 dB at 
the power carrier frequency of ~1.3 MHz (discussed below). 

The LDO, as shown in Fig. 5 (b), uses a PMOS pass 
transistor, and a current-mirror OTA as error amplifier. Miller 
compensation, a series RC branch (120 , 1 nF), and an 

 

Fig. 5. Schematic diagrams of (a) the bandgap reference circuit, and (b) the 
LDO circuit. 

 

Fig. 6. Measured impedance profile of the 1.65×1.65×1.5 mm3 BaTiO3 
piezoelectric device encapsulated with PDMS. 



additional 0.3 nF on-chip load capacitor guarantee stability and 
robust transient performance across a wide range of load 
currents (0 to 1 mA). The LDO consumes a quiescent current 
of 5.8 μA, and is designed to achieve a loop bandwidth of ~100 
kHz at no load and ~2 MHz at full load (1 mA), achieving 
worst-case load/line transient variation of <150 mV in 
simulations. Simulated PSRR of the LDO at the powering 
frequency of ~1.3 MHz is -56.7 dB at no load and -23 dB at full 
load. PSRR at full load is sufficient because the 1.5 nF on-chip 
capacitor at the output of the rectifier limits the peak-to-peak 
supply voltage ripple to ~100 mV. 

Finally, the design of the piezo and choice of the power 
carrier frequency are based on principles outlined in [27] and 
[33]. Barium titanate (BaTiO3) is chosen as the piezo material 
for biocompatibility [56]. We choose a thickness of 1.5 mm to 
achieve short-circuit resonance frequency (fSC) in the low 
~MHz range (advantageous due to low tissue losses), and limit 
the overall package height to  2 mm. Lateral dimensions of the 
piezo are chosen as 1.65×1.65 mm2 to achieve a resistance of 2 
k  at fSC, which lies in the optimal RPIEZO range for charging 
CSTOR within the target time. An air-backed structure is used for 
achieving a high acoustic-to-electrical power conversion 
efficiency or aperture efficiency ( ap) for the piezo [33]. Fig. 6 
shows a picture of the piezo package, and its measured 
impedance profile. The power carrier frequency is precisely 
chosen as 1.314 MHz because it is the measured fSC of the piezo 
as shown in Fig. 6. The measured ap at fSC is between 30-40% 
for different samples (similar to [33]). 

IV. DOWNLINK (DL) COMMAND/DATA RECOVERY DESIGN 

The choice of our DL protocol and architecture is motivated 
by the need to accomplish command and data transfer with 
minimal impact on power recovery during the charging 
transient of CSTOR, where the voltage amplitude on the piezo 
terminals (VAC) is not constant. Our protocol comprises three 
independent commands (see Fig. 3): data start, data end, and 
stimulation start, each transmitted in the form of a notch in the 
ultrasound power-up signal (30-50 μs OFF time). The data 
recovery circuit is only enabled between the data start and data 

end commands to minimize overall energy consumption. The 
stimulation start command initiates the stimulation pulse. This 
protocol allows independent and programmable external 
control over the timing of data transfer and stimulation. The 
core circuit for notch detection generating ‘DATA_EN’ and 
‘STIM_EN’ signals (Fig. 3), was adapted from [27]. 

After the data start command, pulse-width modulated 
amplitude-shift keying (PWM-ASK) [57], [58] is used for data 
transfer to program the stimulation modality or channel (4 bits), 
ISTIM (8 bits) and TPW (5 bits) – a total of 17 programming bits 
for each stimulation pulse. As shown in Fig. 7, bits “0” and “1” 
are defined by amplitude modulation of the input ultrasound 
power signal, and are distinguished from each other by the 
duration for which the ultrasound envelope is low (T for bit “0”, 
versus 3T for bit “1”, where nominally, T=30 μs). This scheme 
enables asynchronous operation of the implant where the clock 
is extracted from the bit envelopes without using a dedicated 
timing reference for decoding [59]. The active rectifier is reused 
for envelope detection, and is followed by a level shifter, an 
averaging filter, and an integrator-based demodulator, as shown 
in Fig. 7. The averaging filter generates a moving threshold for 
comparison with the envelope, which is essential due to the 
variation in VAC during the charging of CSTOR. The simulated 
total energy consumption of the data recovery circuit block for 
T = 30 μs is 1.25 nJ/bit. This design achieves amplitude 
modulation depth (MD) as low as 3% at the piezo/IC terminals 
(implying minimal impact on power recovery), with a bit error 
rate (BER) of <10-5 and a data rate of 11 kbps, as verified by 
measurements discussed in section VII. 

V. STIMULATOR AND FSM DESIGN 

Based on the recovered data bits, an 8-bit current DAC sets 
the value of ISTIM. A segmented architecture was chosen for the 
DAC which comprises two 4-bit binary DACs (N-DAC and P-
DAC), as shown in Fig. 8 (a) [43]. This architecture avoids 

 

Fig. 7. Schematic diagram of the data recovery circuit. 

 

Fig. 8. Schematic diagrams of (a) current DAC, (b) stimulator output stage, 
and (c) H-bridge driver. 



extremely large current mirroring ratios of an 8-bit binary-
weighted DAC, thus, allowing better layout matching for the 
current mirrors. The output current of the DAC (IDAC) is given 
by: 

  (1) 

where,  and  represent the binary bits corresponding to the 

N-DAC and the P-DAC, respectively, and  is the one’s 
complement of . It can be noted that the value of the least 
significant bit (LSB), or resolution of the DAC, is 
commensurate with its output current range. For instance, for 
small IDAC in the range 2-30 μA, the LSB is 2 μA, whereas, for 
large IDAC in the range 30-450 μA, the LSB is 30 μA. This 
design achieves maximum voltage headroom of ~200 mV for 
the N-DAC, and between 300-400 mV for the P-DAC. 
Mismatch simulations show that the 3  variation in IDAC is 
±8.5% at 2 μA, and < ±5% at 450 μA. 

The stimulator output stage shown in Fig. 8 (b) comprises a 
single 1:10 wide-swing NMOS cascode current mirror which 
generates . A regulated cascode topology based 
on Sackinger implementation is used for achieving a high 
output impedance (  25 M  for ISTIM  = 4.5 mA in simulation). 
A 24 V LDMOS transistor serves as a cascode device on the 
output side for HV operation. Worst-case simulated voltage 
headroom is < 1.0 V for ISTIM of ~5 mA across all process 
corners. During stimulation, the voltage across the stimulator 
output stage is always ensured to be > 1 V, even with practical 
electrode impedances and maximum stimulation current. Thus, 
there is minimal change in the stimulation current value during 
the cathodic and anodic stimulation phases, despite large 
variations in VDDH or voltage on the electrode terminals. 
Further, mismatch simulations show that 3  variation in ISTIM 
is ±9.3% at 20 μA (< 1 LSB = 20 μA), and ±5% at 4.5 mA (< 1 
LSB = 300 μA). 

Switches in the H-bridge (M1-M4) are implemented using 
HV devices with a 20 V |VDS| breakdown limit. Due to 

unavailability of devices with a high (> 5 V) gate-oxide 
breakdown limit, the H-bridge drivers, as shown in Fig. 8 (c), 
incorporate level shifter circuits to reliably limit |VGS| of M1-M4 
to < 5 V. The large drain-bulk diodes of M1-M4 (due to their 
large size for minimizing ON resistance) provide ESD 
protection for the electrode/LED terminals [48]. Passive charge 
balance is achieved by shorting the electrode terminals at the 
end of each stimulation cycle, in addition to using a single 
current source for both phases, which was found to be sufficient 
for this application as further discussed in section VII-A. 
Several other techniques for charge balancing, applicable to 
different stimulator architectures, have been demonstrated by 
other researchers [60], [61], and can be considered for future 
implementations of this implant.  

A clock recovery circuit senses the AC voltage on the piezo 
terminals (Fig. 9 (a)) in order to extract timing information from 
the incoming US signal for TPW control. It comprises a latch 
with an inverter output stage, followed by a divide-by-5 counter 
to generate a signal with frequency fSC/5 which serves as the 
clock for the FSM (CLK_FSM signal). The clock recovery 
circuit is enabled only after the data end command to minimize 
its energy consumption. Since the US input amplitude (> 2.5 V) 
is always greater than the threshold voltage (~0.85 V) of the 
input transistors of the latch, the CLK_FSM signal is not 
affected by variations in the US input amplitude.  

The states and operation of the FSM are described in Fig. 9 
(b). For robust operation, the FSM includes an initialization 
period comprising a delay of two cycles (~7.6 μs) of the 
CLK_FSM signal after the third notch. This ensures that all 
control signals, including CLK_FSM, required for defining the 
stimulation pulse are in steady-state before the actual beginning 
of the pulse. The interphasic delay, TIP, is set equal to TPW for 
TPW = ~14 μs, and half of TPW for TPW < ~150 μs, beyond which 
it is fixed at ~75 μs for larger pulse-widths [35]. 

VI. ELECTRODE AND LED CHARACTERIZATION 

The choice of stimulation electrodes for this design was 
primarily guided by requirements of safety, miniaturization, 
achieving low electrode impedance, and a high charge storage 
capacity [62] for supporting the worst-case stimulation 
parameters. We use two Platinum (Pt) wires of 2 mm length and 
0.5 mm diameter as stimulation electrodes. Platinum is chosen 
because it allows charge injection through double-layer 
charging and reversible faradaic reaction mechanisms, which 
are considered safe for both the tissue and the electrodes [62]. 
Further, the electrode dimensions are chosen to achieve 
sufficient geometrical surface area (~3.3 mm2 or 0.033 cm2

 per 
electrode) to limit maximum charge density (~5 μC/cm2) well 
below electrode and tissue damage thresholds [62]. 

As shown in Fig. 10 (a), the electrodes have a measured 
impedance of  1 k  at 1 kHz in 1  phosphate buffered saline 
(PBS) solution (pH = 7.4), which models dielectric properties 
of tissue. This low measured impedance, coupled with a high 
stimulator compliance voltage (>12 V) will enable chronic 
applications. Fig. 10 (b) shows measured cyclic 
voltammograms of our electrodes in 1× PBS demonstrating a 
charge storage capacity (QCS) of ~120 μC within the water 

 

Fig. 9. (a) Schematic diagram of the clock recovery circuit, (b) operation of 
the finite state machine (FSM). 



window for Pt (–0.6 V to 0.8 V versus Ag|AgCl). Measured QCS 
is several orders of magnitude greater than maximum 
stimulation charge per phase of 150 nC, implying that the 
electrodes can be further miniaturized in future designs based 
on their performance in chronic in vivo studies. 

Further, we performed measurements of a commercial blue 
LED (Rohm SMLP13BC8T), with a dominant wavelength of 
~470 nm, and an active area of 0.04 mm2, to characterize its 
optical intensity as a function of ISTIM. This wavelength is 
typically used to activate channelrhodopsin (light-sensitive 
protein) in optogenetic applications [24], [36]. Optical intensity 
was measured using a photodiode (ThorLabs FDS1010) placed 
at a distance of ~500 μm from the LED. The LED was also 
encapsulated with a thin layer of PDMS to model the final 
implant package. Fig. 10 (c) shows that optical intensities up to 
~23 mW/mm2 can be achieved (exceeding requirements of 
optogenetic stimulation [63]) for ISTIM up to ~5 mA. Voltage 
drop across the LED is 2.  V, implying that it can be easily 
driven by our stimulator with a much larger supply voltage 
capability (>12 V). 

VII. IMPLANT MEASUREMENT RESULTS 

A. In Vitro Implant Characterization 

The IC was fabricated in TSMC 180 nm HV BCD process 
and measures 1.48 mm × 2.42 mm (3.58 mm2), as shown in Fig. 
11. In vitro implant characterization was performed using the 
setup shown in Fig. 12. This setup allows accurate 
characterization of the system with ultrasonic powering and 
data transfer at a large depth of 10.5 cm, along with extensive 
probing of the IC for detailed operation analysis. The piezo, 
fully encapsulated with PDMS (described in section III), is 
mounted in a tank filled with castor oil, and is wirelessly 
powered with a focused single-element external ultrasound 
transmitter (Olympus A392S) with a focal distance of ~10.5 
cm. Castor oil is used to model the acoustic impedance and loss 
of soft tissue (Z = 1.43 MRayls [64], loss = ~0.9-1.2 dB/cm at 
fSC  1.3 MHz [65], [66]), while minimizing electrical loading 
on the piezo. Based on characterization of the transmitter’s 
beam profile with a needle hydrophone, peak acoustic intensity 
(Iac) at the piezo is estimated to be 2.9 mW/mm2, resulting in 
measured PAV of 3 mW ( ) for a piezo 
sample with measured ap of 38% and area (A) of 2.72 mm2. For 
a maximum fREP of 60 Hz, the time-averaged acoustic intensity 
is  2.4 mW/mm2 (worst-case) which is 3× below the FDA ISPTA 

limit. The measured receiver ap is >30 % for all samples. 
Combined with a custom external ultrasound array [28], [30], 
[31], this system can achieve a high link PTE approaching ~1-
2%, which is challenging for depths >10 cm. For instance, [28] 
achieves a measured PTE of 1.6% at a depth of 10.5 cm (9.5 cm 
tissue phantom and 1 cm water), although not for neural 
stimulation applications. Our current setup is limited to a 
measured PTE of 0.04% (-34 dB) due to use of a single-element 
off-resonant commercial transducer. Based on measurements 
and simulations using COMSOL Multiphysics, the total PTE of 
-34 dB is estimated to comprise of the following components: 
(i) -13 dB due to attenuation in 10.5 cm of castor oil, (ii) -8.6 
dB due to directivity of the TX, (iii) -8.2 dB (or 15.1%) 
electrical-to-acoustic conversion efficiency of the TX, and (iv) 
-4.2 dB (or 38%) aperture efficiency of the piezo. Although the 
wireless powering depth and PTE are currently limited by our 
experimental setup, and can be optimized even further through 
the design of a custom TX array (optimizing components (ii) 
and (iii) of the efficiency), our work demonstrates the largest 

 
Fig. 10. (a) Measured impedance, and (b) measured cyclic voltammograms (CV) of the 2 mm Pt electrodes in 1× PBS solution; (c) optical intensity (IOPT) of the 
blue LED measured using a photodiode placed ~500 μm away from the LED. 

 

Fig. 11. Die photo of the IC. 

 

Fig. 12. In vitro implant characterization setup with ultrasonic powering and 
data transfer at 10.5 cm depth in castor oil, as well as access to internal implant 
nodes for detailed operation analysis. 



depth in a tissue phantom among other IC-based fully 
programmable stimulation implants of comparable or even 
larger sizes, while operating 3× below the FDA ISPTA limit. 

The equivalent half-power beam diameter of our focused 
transmitter at 10.5 cm depth is measured to be 3.3 mm (2× the 
lateral dimension of the piezo). Thus, the link can be affected 
by misalignment, primarily due to the focused nature of the 
transmitter. To partially mitigate this effect, a combination of 
ultrasound imaging [67], [68] and transmit beamforming [28], 

[69] functions could be implemented on the external device in 
the future, in order to locate the implant and direct the 
ultrasound beam towards it. These functions have been 
individually demonstrated before with mm or sub-mm precision 
at > 10 cm tissue depths [28], [67]. In addition, future systems 
must also maximize the acceptance angle of the piezo to achieve 
robust link operation.  

Fig. 13 shows power recovery waveforms during the 
charging of CSTOR. During charging, the output voltage of the 
rectifier (VRECT) varies from ~2.5-4.02 V, resulting in a 
measured VCR of 92%. VDDH reaches the target value of 12 V 
within 10.3 ms (TCHARGE), allowing for a maximum fREP of ~85 
Hz which is well beyond the required specification. Note that 
for applications requiring compliance voltage <12V, maximum 
fREP can be >85 Hz. Measured maximum VDDH is 15 V 
exceeding the HV compliance specification. Measured VCR for 
the charge pump at the end of the charging cycle is 91%. 
Further, the critical energy efficiencies were estimated from 
simulations – the input matching efficiency is 82%, the energy 
efficiency of the active rectifier is 71.4%, and that of the charge 
pump is 70.5%. 

Wireless data recovery measurements showed reliable 
recovery of the command signals (notches) and the PWM-ASK 

 

Fig. 13. Measured power recovery waveforms during the charging of CSTOR. 

 

Fig. 14. (a) Example of recovered bit waveforms showing measured pulse-
width control bits (TPW4-TPW0), (b) measured bit error rate (BER) as a 
function of amplitude modulation depth (MD). 

 

Fig. 15. Measured stimulation current waveforms. 

 

Fig. 16. Optical stimulation patterns based on measured current waveforms 
through the blue LED (driven by the implant IC using the characterization 
setup of Fig. 12), and the LED characterization result of Fig. 10 (c). 



modulated DL data bits. As an example, Fig. 14 shows 
measured waveforms for the pulse-width control bits (TPW4-
TPW0) demonstrating that the settled bit values after the second 
notch (data end command) correlate well with the transmitted 
data signal as seen at the piezo terminals. Our data recovery 
design achieved a minimum measured MD of 3% (at the 
piezo/IC terminals) signifying that simultaneous data recovery 
during power-up can have a minimal impact on the charging of 
CSTOR. Further, the maximum measured MD was 20%, allowing 
a wide programmable range for the selection of MD based on 
the trade-off between robustness of data transfer, and charging 
of CSTOR. The measured DL data rate is 11 kbps (since the 
average bit duration is 90 μs based on Fig. 7 where T = 30 μs) 
which is sufficient for this application since the transmission of 
all data bits can be completed well within TCHARGE. To 
demonstrate the robustness of our data DL, the measured BER 
as a function of different amplitude modulation depths of the 
data signal is shown in Fig. 15. For these measurements, the 
setup in Fig. 12 was used, 100,000 sequences of the 17 
programming bits were transmitted across the 10.5 cm wireless 
link, and zero bit errors were achieved for MD  1.5 . Thus, 
the measured BER at a confidence level of ~100% is 10-5 for 
MD down to 1.5% (half of our minimum operating MD of 3% 
at which all other results are presented). For MD below 1.5%, 
it is intuitive that BER increases because the difference between 
the amplitude levels approaches the noise level of the 
demodulator. 

DNL and INL of the N-DAC and P-DAC were measured to 
be  0.1 LSB. Fig. 15 shows stimulation current waveforms 
measured on a series electrode impedance model (1 k , 100 
nF). Note that this impedance is greater than the measured 
impedance of our electrodes in PBS (Fig. 10 (a)) and, thus, 
presents a worst-case condition for this characterization. Our 
measurements show reliable generation of stimulation currents 
in compliance with the programmed stimulation parameters 
(ISTIM, TPW and TIP). Moreover, minimal undershoot/overshoot 

is observed in the stimulation current (over the entire range of 
ISTIM) due to careful design of the switching scheme in the DAC, 
stimulator output stage and the H-bridge. The measured 
residual charge is ~400 pC for ISTIM = 22 μA, and 2.5 nC for 
ISTIM = 5 mA; this results in worst-case residual voltages of 4 
mV and 25 mV, respectively, on the 100 nF electrode model, 
which are well below the safety window of ±100 mV [19]. 

For in vitro validation of optical stimulation, the blue LED 
was driven by the implant IC with the setup of Fig. 12. 
Resulting optical stimulation patterns, showing optical 
intensities of 1.4 mW/mm2 and ~23 mW/mm2

 for different 
pulse-widths, are presented in Fig. 16. These were determined 
based on a measurement of the current waveform through the 
LED and the characterization result of Fig. 10 (c).   

B. Fully Integrated Implant Measurements 

In order to verify end-to-end system performance, all 
components of the implant are integrated into a mm-sized 
package using flexible polyimide as the substrate and PDMS 
for encapsulation. The implant (Fig. 17 (c)), has dimensions of 
2 mm  3 mm  6.5 mm (39 mm3) and weighs 78 mg. The 
position of the electrodes and the LED as shown in Fig. 17 (c) 
is based on simplicity of implant assembly. A more complex 
electrical/optical neural interface could be designed depending 
on the requirements of a particular application. It is to be noted 
that, although we have used biocompatible materials for the 
major components of our implant (e.g. BaTiO3, polyimide, 
PDMS and platinum), chronic implantation will require further 
packaging optimizations such as multilayer encapsulation with 
parylene [70], [71], or the use of other biomedical grade 
encapsulants [70], which are beyond the scope of the current 
work. 

Fig. 17 (e) summarizes all performance metrics of the fully 
integrated implant measured through 10.5 cm of castor oil, and 
with access only to the electrode/LED terminals for 
characterization of the stimulation parameter range, as shown 

 
Fig. 17. (a) Measurement setup for the fully integrated implant at a depth of 10.5 cm in castor oil, (b) measurement setup for the fully integrated implant through 
6 cm of porcine tissue (limited by our setup for stacking meat slices), (c) picture of the fully integrated stimulation implant, (d) measured current waveform (only 
zoomed single pulse shown) for the setup in (b), and (e) performance summary of the fully integrated implant for the setup in (a). 



in the measurement setup of Fig. 17 (a). We have also 
performed a similar test through 6 cm of porcine tissue 
(attenuation of ~0.8 dB/cm/MHz [34]), as shown in Fig. 17 (b), 
demonstrating successful operation at a large depth in a tissue 
environment. The depth for this demonstration was limited by 
our setup for stacking meat slices. An example stimulation 
current waveform for this measurement is shown in Fig. 17 (c). 

C. Sciatic Nerve Electrical Stimulation Experiments 

To further validate functionality, in vivo electrical 
stimulation experiments, along with electromyogram (EMG) 
recording, were performed in humanely euthanized African 
clawed frogs (Xenopus laevis) under a research protocol 
approved by the Institutional Animal Care and Use Committee 
(IACUC). The experimental setup (Fig. 18 (a)) allowed 
modeling of a large wireless powering depth, while 
demonstrating sciatic nerve stimulation in a small animal, and 
accurately quantifying in vivo response. EMG signals were 
recorded in the gastrocnemius (GM) muscle of the frog hind leg 
using a frontend amplifier (Model 3000, A-M Systems) and a 
data acquisition unit (PXI-5105, National Instruments). The 
signals were amplified (500×), filtered (1 Hz – 3 kHz), and 
sampled at 100 kHz. 

Through this experiment, we successfully observed that the 
magnitude and frequency of twitching response in the GM 
muscle was in agreement with our stimulation parameters. Fig 
18 (b) shows a measurement of the evoked EMG response due 
to stimulation of the sciatic nerve with ISTIM = 1 mA, TPW = 14 
μs, and fREP = 1 Hz. In order to further quantify the excitability 
of the frog sciatic nerve with our stimulator, a strength-duration 
(S-D) relationship was evaluated, as shown in Fig. 18 (c) and 
(d). These plots were obtained by measuring the minimum ISTIM 
(threshold), for a fixed TPW, required for a visual onset of 
twitching response in the GM muscle. Threshold ISTIM and 
threshold charge per phase (Qth,phase) closely match well-known 
S-D curves for biphasic current-controlled stimulation pulses 
[39], [40], thus, demonstrating the feasibility and efficacy of 
our fully programmable stimulator. 

D. Performance Summary and Comparison 

Table I benchmarks the performance of the overall implant 
system with state-of-the-art stimulators. Due to ultrasonic 
power delivery, and careful co-design of the piezo and the 
power recovery circuit, this implant can operate at a depth of 

TABLE I 
COMPARISON WITH STATE-OF-THE-ART PROGRAMMABLE NEURAL STIMULATION IMPLANTS 

Programmable neural stimulation implants This work [15] [16] [17] [18], [19] [20], [21] 

Process technology 0.18 μm HV 0.35 μm N/A 0.18 μm HV 0.35 μm 3 μm 

Wireless powering method Ultrasound Ultrasound 
Resonant RF 

cavity 
Inductive Inductive Inductive 

 Stimulation modality Electrical/Opticala Electrical Optical Electrical Electrical/Optical Electrical 
No. of stim. channels 4 1 1 160 4 (active) + 4 (return) 1 

Max. supply voltage for electrical stim. (V) 15 3.3 N/A ± 12 ± 2.1 17 
Stimulation current ( A) 

/ resolution 
22 – 5,000  

/ 8 bits 
0 – 640 
/ 5 bits 

N/A 
Up to 500  

/ 7 bits 
12 – 1,500  

/ 5 bits 
200 – 30,000 

/ (res. not available) 
Pulse-width ( s) 

/ resolution 
14 – 470  
/ 5 bits 

200 (fixed) 
/ N/A 

100 – 10,000 
/ N/A 

Up to 8,000  
/ <10 bitse 

16 – 512 
/ 5 bits 

4 – 512 
/ 8 bits 

Max. optical intensity (mW/mm2) 23  N/A 40 N/A 17.5 N/A 
Custom external TX designed? No Not reported Yes Yes Yes Yes 

Implant fully integrated? Yes Yes Yes Yes No Yes 
Implant volume (mm3) 39 1,020b 25c 500 – 50.3 

Tissue depth (cm) 10.5 5 < 0.5d < 0.5d 1 Not reported 
Depth/volume FOM (mm-2) 2.7 0.05 < 0.2 < 0.01 –  

a In vivo demonstration of optogenetic stimulation is a part of  
  future work.   
b Not including volume of the rechargeable battery. 
c Volume of their peripheral nerve stimulator. 

d Estimated from implant location under the skin of a rodent (large tissue depth 
likely not a major requirement for rodents). 
e
 Bits estimated from reported resolution and pulse width. 

 

Fig. 18. (a) Experimental setup for frog sciatic nerve stimulation and EMG 
recording, (b) measured EMG response, and measured strength-duration (S-
D) relationships showing: (c) threshold current and (d) threshold charge per 
phase (Qth,phase . 



10.5 cm in a tissue phantom (castor oil). Our achieved 
depth/volume FOM is >10× better than other IC-based 
programmable neural stimulators. Compared to [15] which also 
uses ultrasonic powering, our implant has a 26× lower volume, 
a 54× higher FOM, and a 4.5× higher maximum stimulator 
supply voltage. In addition, we have demonstrated a data DL 
with low MD (3%) and BER (<10-5), high compliance voltage 
(15 V), and a wide range of stimulation parameters sufficient 
for various PNS applications. While other state-of-the-art 
stimulators based on resonant RF cavity or inductive power 
transfer have also demonstrated external TX designs (in 
addition to the implants) for optimizing the end-to-end link 
PTE, custom TX design was not a focus of this work. 

VIII. CONCLUSION 

An electrical stimulation implant is demonstrated with >10× 
improvement in the depth/volume ratio over existing IC-based 
neurostimulators. The fully integrated implant measures just 2 
mm × 3 mm × 6.5 mm (39 mm3, 78 mg), and operates at a large 
depth of 10.5 cm in a tissue phantom. This significant 
improvement was enabled by the use of ultrasound for wireless 
powering (at safe intensity levels 3× below the FDA limit), and 
a unique co-design strategy for complete operation of the 
implant during the charging transient of CSTOR. The implant 
system also implements a robust DL command/data transfer 
protocol for fully programmable stimulation, and a high 
compliance voltage (15 V) stimulator for chronic applications. 
The stimulator supports biphasic current-controlled stimulation 
with a wide range of parameters required for electrical 
stimulation of peripheral nerves. The implant also includes a 
blue LED which could enable optogenetic stimulation 
applications in the future. The capability of the implant is 
demonstrated through in vitro characterizations, and electrical 
stimulation experiments of a sciatic nerve, enabling its use for 
next-generation electroceuticals. Future work involves design 
of a conformal ultrasound TX array for optimization of the end-
to-end ultrasonic link efficiency, investigating techniques to 
mitigate the effect of implant misalignment, and biocompatible 
packaging of the implant for chronic in vivo applications. 
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