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Abstract—A power-efficient wireless stimulating system for a
head-mounted deep brain stimulator (DBS) is presented. A new
adaptive rectifier generates a variable DC supply voltage from a
constant AC power carrier utilizing phase control feedback, while
achieving high AC-DC power conversion efficiency (PCE) through
active synchronous switching. A current-controlled stimulator
adopts closed-loop supply control to automatically adjust the stim-
ulation compliance voltage by detecting stimulation site potentials
through a voltage readout channel, and improve the stimulation
efficiency. The stimulator also utilizes closed-loop active charge
balancing to maintain the residual charge at each site within a
safe limit, while receiving the stimulation parameters wirelessly
from the amplitude-shift-keyed power carrier. A 4-ch wireless
stimulating system prototype was fabricated in a 0.5-pm 3M2P
standard CMOS process, occupying 2.25 mm?. With 5 V peak AC
input at 2 MHz, the adaptive rectifier provides an adjustable DC
output between 2.5 V and 4.6 V at 2.8 mA loading, resulting in
measured PCE of 72 ~ 87%. The adaptive supply control increases
the stimulation efficiency up to 30% higher than a fixed supply
voltage to 58 ~ 68%. The prototype wireless stimulating system
was verified in vitro.

Index Terms—Active charge balancing, adaptive rectifier,
closed-loop supply control, head-mounted deep brain stimulation,
implantable medical devices, inductive power transfer.

I. INTRODUCTION

MPLANTABLE medical devices (IMDs) with stimulating

function have been proven as effective therapies to alle-
viate neurological diseases or substitute sensory modalities lost
due to diseases or injuries [1]-[3]. These implantable stimula-
tors are capable of injecting a designated amount of charge into
the human body (often the neuronal tissue) by providing a pre-
cise amount of output current or output voltage for a predefined
period. Deep brain stimulation (DBS) is one of the most ef-
fective examples of such therapies to treat Parkinson’s disease,
tremor, and dystonia [4], [5]. Today’s DBS devices use large
primary batteries implanted in the chest area, where there is
more space available, and their subcutaneous interconnects pass
across the neck to reach the electrodes implanted deep in the
brain [6]. Batteries need to be replaced every 2 ~ 5 years through
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surgery, and there is always risk of mechanical failure in inter-
connects due to head motion. A head-mounted DBS can elimi-
nate hardship imposed by chest-implanted primary batteries and
long interconnects across the neck, replacing them with tran-
scutaneous inductive power transmission from a behind the ear
(BTE) rechargeable energy source, similar to cochlear implants
and hearing aids [7]-[10].

Fig. 1 shows the conceptual configuration of a head-mounted
inductively-powered DBS system. The external processing unit,
which includes a rechargeable battery, provides transcutaneous
power and data through a pair of loosely coupled coils. The in-
duced AC input across the implanted coil supplies the rest of
the DBS implant through an efficient power management unit.
The DBS system generates stimulus pulses, which are delivered
to the stimulation sites via individual leads that are significantly
shorter than those from the chest area, and therefore, less inva-
sive and more suitable for high-density DBS [11]. Like other
wirelessly-powered IMDs, high power efficiency is paramount
in reducing the risk of tissue damage from overheating [12].

Typically, three types of stimulation mechanism have been
utilized depending on the application: voltage-controlled
stimulation (VCS), current-controlled stimulation (CCS), and
switched-capacitor stimulation (SCS) [13]. While VCS enables
power-efficient stimulation, tissue and electrodes impedance
needs to be known accurately to control the stimulation charge
[13]. Balancing the stimulation charge is quite complicated
in VCS because the electrode impedance varies over time
and position. If the residual charge, which accumulates in the
tissue following stimulation pulses, exceeds a safety limit,
electrolysis of extracellular fluid can lead to pH variations,
causing both tissue and electrode damage [5]. Conversely, CCS
has been widely used because of its precise charge control and
safe operation [14]. However, traditional CCS has low power
efficiency due to the dropout voltage across the current source,
which can result in significant power loss depending on the
stimulation site voltage. SCS takes advantages of both high
efficiency and safety by using capacitor banks to store and
transfer charge to the tissue [13], [15]. However, it requires
several off-chip capacitors that may increase the IMD size. In
addition, high efficiency capacitor charging circuits from an
AC input are needed to improve the overall DBS efficiency.

In order to achieve both safe and power efficient stimula-
tion, we chose CCS with adaptive supply control, i.e., the stim-
ulator supply voltage is automatically adjusted near the required
stimulation voltage by detecting the site potential and forming
a closed control loop through a power-efficient adaptive rec-
tifier. This mechanism minimizes the voltage drop across the
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Fig. 1. Conceptual configuration of a head-mounted inductively-powered DBS system in which power and data are transferred through the inductive link.

current sources, resulting in high power efficiency in the CCS.
Our proposed wireless stimulating system also adopts active
charge balancing by sharing the closed-loop path of the adaptive
supply control to inject small current pulses in the tissue to keep
the residual charges within a safety limit. Section II presents
the proposed inductively-powered wireless stimulating system
and compares it to prior solutions. Section III describes the cir-
cuit details of the proposed adaptive rectifier with phase con-
trol feedback, and Section IV depicts the implementation of the
wireless DBS with adaptive supply control and active charge
balancing through voltage readout channels. Measurement re-
sults from bench-top and in vitro experiments are depicted in
Section V, followed by concluding remarks in Section VI.

II. INDUCTIVELY-POWERED WIRELESS STIMULATING SYSTEM

Fig. 2 compares various inductively-powered stimulating
structures including the proposed stimulator with adaptive
supply control. All structures were assumed to provide bipolar
and biphasic stimulation through a similar pair of electrodes.
We have assumed that the inductive link can maintain its peak
efficiency against reflected impedance variations as stimulator
loading changes. This is possible via a multi-coil inductive link
or an adaptive resonant load transformation [16], [17]. Here we
focus on power efficiency of the stimulating IMD, which can be
defined as the ratio of the AC input power from the secondary
coil to the stimulator output power delivered to the tissue.

The conventional inductively-powered CCS in Fig. 2(a) uti-
lizes a rectifier to convert the AC input to a DC Vg g, followed
by a low-dropout regulator (LDO) to generate a fixed supply
voltage, Vpp [3]. This simple structure wastes a large portion
of the input power across the LDO, which is needed to accom-
modate Vg g variations, and the current source, while the loss
increases as Vgryras, the required voltage to maintain stimula-
tion current constant, becomes smaller. Lee proposed the fixed
output rectifier in Fig. 2(b) to generate a predefined constant

VrEec without an LDO [18]. Eliminating the LDO reduced the
loss, but the CCS loss was still dominant during stimulation, es-
pecially when Vsrryr <€ Vege.

The stimulator in [19] utilized a dynamic supply, Vi, from
a DC-DC converter as shown in Fig. 2(c). It achieved high effi-
ciency from VCS as well as coarse current controllability. How-
ever, it still required constant DC input, Vrgc, from the recti-
fier, which loss should be added to that of the DC-DC converter
(npcpe = 35 ~ 94%). In Fig. 2(d), the inductive power deliv-
ered to the stimulator was adjusted through an external closed
loop, changing Vrgc to be near the peak voltage of Vsrras,
and leading to small power loss in CCS current sources [20],
[21]. However, the external control loop via load-shift-keying
(LSK), which adjusts the inductive power transmission, is prone
to interference and can even be interrupted in a loosely-cou-
pled inductive link, while increasing the system complexity.
The passive rectifier also induced large AC-DC loss, which de-
creased the overall power efficiency [22]. While individually
they suffer from their limitations, the methods used in these in-
ductively-powered stimulating structures may be used together
to further improve the power efficiency.

In the proposed inductively-powered stimulator, the adaptive
rectifier with active switching is capable of generating a mul-
tilevel DC voltage, Vg, directly from the AC input voltage
across Ly through an internal closed-loop control mechanism,
shown in Fig. 2(e). Adjusting Vg changes the power con-
sumption in the IMD, leading to Tx output power variation.
Therefore, Vrgpc, which directly supplies the CCS without
an LDO, is adaptively adjusted close to the peak of Vsrras,
resulting in small loss while benefiting from the advantages
of the CCS. Moreover, the adaptive rectifier achieves high
AC-DC power conversion efficiency (PCE) by adopting the
phase control feedback and active synchronous rectification to
improve the overall power efficiency of the inductively-pow-
ered stimulator.
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Fig. 2. Various inductively-powered stimulating structures with (a) the conventional rectifier and regulator [3

], (b) the fixed output rectifier [18], (c) the dynamic

dc-dc converter [19], (d) the external closed-loop supply control [20], [21], and (e) the internal closed-loop supply control with the proposed adaptive rectifier.

The overall architecture of the proposed inductively-powered
head-mounted DBS system is shown in Fig. 3. The power man-
agement block receives AC input through the inductive link, and
converts it to the adjustable Vr g depending on the rectifier
phase control bits, which are defined by the peak voltage at the
stimulation sites that sets Vg g through the 3-bit resistor DAC
(RDAC). The LDO generates the digital supply voltage, Vpra,
for the low voltage digital blocks. The overvoltage protection
(OVP) circuit monitors the peak of Vi xp x and connects a de-
tuning capacitor across the AC input to suppress AC voltages
larger than a certain limit.

Two stimulus current drivers, CCS; and CCS,, which are
adaptively supplied from Vgpeo, drive four stimulating sites
in a complementary fashion with high compliance voltage, in-
creasing the stimulation power efficiency. The voltage readout
channel reports the relative voltage difference between active
sites to the off-chip microcontroller (MCU), closing the feed-

back loop that adjusts Vg gc. The same loop also manages ac-
tive charge balancing via on-chip controllers, which inject ad-
ditional current pulses into the tissue to bring the voltage differ-
ence between sites within a certain limit to guarantee safe stim-
ulation. Forward data from the external Tx coil is recovered via
amplitude-shift-keying (ASK) demodulation, setting the stimu-
lation parameters and active channels. The back telemetry link
utilizes LSK modulation by closing the short-coil (SC) switches
across L2.

III. ADAPTIVE RECTIFIER WITH PHASE CONTROL FEEDBACK

A. Rectifier Phase Control

In order for the adaptive rectifier to generate the desired
multilevel Vggc, the rectifier turn-on time needs to be ad-
justed to limit the forward current, while achieving high PCE.
Fig. 4 shows the simplified voltage waveforms of the rectifier
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Fig. 3. Overall architecture of the proposed inductively-powered head-mounted DBS system equipped with the adaptive supply control and the active charge

balancing for both power-efficient and safe current stimulation.
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Fig. 4. Simplified voltage waveforms of the rectifier with (a) the maximum turn-on time, (b) the turn-on time control, and (c) the turn-on phase control.

depending on the turn-on time. Conventional rectifiers aim to
generate the maximum Vg g from Vry(4c) at high PCE. Thus
they turn on as long as Vry(acy > Veec, as shown in Fig. 4(a)
[22]. Consequently, Vrpc becomes dependent on the Vi y (o)
amplitude, and it is not internally adjustable. In Fig. 4(b), Vrrc
can be adjusted by controlling the turn-on time around the peak
of Vin(acy. If the turn-on period is reduced, the lower forward
current reduces Vg o as well. However, the large voltage drop
between Vinacy and Vgge during the turn-on period results
in large power loss across the rectifying transistors, resulting
in low PCE. To adjust Vg g while maintaining high PCE, we
controlled the rectifier turn-on phase as shown in Fig. 4(c). In
this method, the rectifier turns on when Viy(acy > Vrec,
similar to the conventional rectifiers. However, its turn-off
timing is controlled to limit the forward current. Therefore,
VrEec is adjustable depending on the rectifier turn-on phase,
while the small dropout voltage between Vin(acy and Veec
during the on period provides high PCE.

Fig. 5 shows the adaptive rectifier feedback model with the
phase control mechanism. The threshold crossing detector sends
a turn-on signal at phase § to the synchronous rectifier when
Vincaoy > VrREc(poy to initiate the forward conduction. The
phase control feedback compares Vi e DC)/ 3 with a refer-
ence voltage, Vggr, which indicates the desired Vrgc level,
and generates an error signal, e, that is amplified and converted
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Fig. 5. Adaptive rectifier feedback model showing the phase control mecha-
nism.

to a time delay, Tp. Tp is then applied to the turn-on signal
at phase # to generate the delayed signal at phase #p using
which the turn-off controller turns the rectifier off after 1'p.
In other words, the rectifier conducts for Tp from the onset
of Vincacy > Veec(pc) at the turn-on phase of # to adjust
VrECc, as shown in Fig. 4(c).

B. Implementation of the Adaptive Rectifier

Fig. 6 shows the schematic diagrams of the adaptive rectifier
with active switches and one of its phase control comparators.
In Fig. 6(a), a pair of comparators, CMP; and CMP,, which
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Fig. 6. Schematic diagrams of (a) the proposed adaptive rectifier with active
switches, and (b) one of'its phase control comparators, CMP .

are equipped with the phase control feedback, drives the recti-
fying switches, P and P3, respectively, for low dropout voltage
and high PCE. The reference voltage, Vr g, which is provided
through a 3-bit RDAC, controls the transition times of the com-
parator output voltages, Vo1 and V2, in a way that the rectifier
turn-off timing can be adjusted to change the turn-on phase and
consequently the Vi ¢ level. P; and P, turn on alternatively de-
pending on Vi p x polarity, while a cross-coupled NMOS pair,
N; and N, closes the rectifier current path. PMOS body termi-
nals, V1 and Vg3, are connected to the highest potential among
Vinp,v and Vg gc withthe dynamic body biasing circuit[23].

In the phase control comparator (CMP), shown in Fig. 6(b),
P4, Ps5, Ng, N7, Pg, and Ng form a common-gate comparator
with input voltages, Vrgc and Vrx p, while the current source,
P+, injects additional current when V(»; is high and Py turns
on, forcing V; to increase earlier and expedite the turn-on
transition of Py [24]. The phase control feedback loop consists
of inverter chains along with the current-starved inverter, INVg
and Nyp, which bias current is controlled through AMP; by
comparing Vrrc/3 and VrpF, to generate the corresponding
time delay. INVg output is further delayed before affecting
the turn-off control transistor, P3, which forces the rectifier to
turn off adaptively even before Viyp < Vgepce to generate
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the desired Vi . Therefore, unlike conventional rectifiers or
the voltage doubler-rectifier in [24], which output levels are
dependent on the Viyp x amplitude, the adaptive rectifier is
capable of generating variable supply voltages regardless of the
Vinp,v amplitude, thanks to the phase control feedback.

Fig. 7 shows the timing diagram of the adaptive rectifier de-
pending on the actual Vrgc level vs. the target Ve g, which
is 3 xVrer. For example, when Vrge > 3Vrer in Fig. 7(a),
AMP; increases V5, decreasing the delay of INVg. Once Viop
drops to turn on the rectifier, P3 also turns on by Ve after a
small delay, Tp, limiting the charging period of the load and
decreasing Vg g . On the other hand, when Vggc < 3Vgrer in
Fig. 7(b), the delay of INV increases as V> decreases, and P
turns on after a longer T or even remains off, allowing more
forward current to increase Vrrc. When Vege = 3Vger In
Fig. 7(c), V5 results in a T'p that can maintain Vg at the de-
sired value. Since the turn-off timing is controlled in every rec-
tifier cycle, the ripple on Vgge can be reduced to that of con-
ventional rectifiers once it is settled on the desired Vg g value.

In Fig. 6(b), a startup circuit with 1 and N5 driven by Viyn
guarantees the rectifier operation before Vg is charged up
without additional startup circuits used in [24], and without af-
fecting the normal rectifier operation after startup. The reset
control circuit on the lower right resets the phase control feed-
back loop to turn off P3 and Pg after Py turns off and Vinp
goes low. Here, the timing of the reset signal depends on Vi p,
which unlike the process-dependent inverter delay in [24], is in-
dependent of process variations.

IV. WIRELESS STIMULATOR WITH ADAPTIVE SUPPLY
CONTROL AND ACTIVE CHARGE BALANCING

A. Current Stimulator With Adaptive Supply Control

Each current driver has been equipped with a pair of 5-bit cur-
rentsources with low dropout voltages, while being supplied from
the adaptive Vg, as shown in Fig. 8. Feedback loops using
AMP,_ 5 set the drain-source voltages of P14 ~ P1g and Ny ~
Nyg at~ 60 mV inthe triode region. Therefore, the voltage head-
room of the output stage, Vgeqq, can drop down to Vpg sar +
60mV,whichissmallerthan2Vpg .4, ofatypical cascode output
stage. The two current drivers source and sink at the same time
through a pair of 4:1 site selectors, providing a bipolar stimula-
tion compliance voltage of Ve — 2Vireqq- The 5-bit current
sources with binary-weighted transistors are placed at the output
stage directly to reduce the stimulator power loss compared to
using current mirrors after a 5-bit current DAC in [20].

Active charge balancing circuits push or pull additional small
current pulses to the load after stimulation until the residual site
voltage settles within a +£50 mV safety window [25]. To pre-
vent the accumulation of unrecoverable charge in the tissue and
utilize the residual voltage as a reliable indicator of charge im-
balance, the electrode potential needs to be kept within a safe
potential window during stimulation as well. This is known as
the water window, where irreversible Faradaic reactions do not
occur [5]. The active charge balancing scheme, utilized here,
is capable of providing the small balancing current pulses and
also estimating the required balancing period. Passive charge
balancing schemes which short electrodes after stimulation, on
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the other hand, have difficulty in defining the current and period
needed for charge balancing [27].

In order to verify how the adaptive supply voltage, Vrec,
in Fig. 8 increases the stimulation power efficiency compared
to using the fixed supply voltage, Vpp, we analyzed the ef-
ficiency for both cases in Fig. 9. In Fig. 9(a), the electrodes
and tissue model is simplified to a series IZg and Cpy, which
represent the solution spreading resistance and the double-layer
capacitance, respectively, while two current drivers across the
two sites apply bipolar stimulation [26], [27]. Fig. 9(b) shows
the stimulation current, Ig75as, and voltage, Vsrras, during
the biphasic-bipolar stimulation with current amplitude, Ig,
and pulse width, Ts. The power transferred to the load during
cathodic and anodic stimulations can be expressed as the I2g
power loss plus the power charging or discharging Cpp by
simply multiplying the instantaneous Isr7p; and Vsriag,

0 T |
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Fig. 9. Stimulation efficiency analysis using (a) a simplified electrodes and

tissue model (RFs and C'pr), and (b) stimulation current and voltage wave-
forms.
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during the anodic phase. The stimulation power efficiency
with the fixed supply voltage, Vpp, can be defined as the
ratio between the power transferred to the load and the power
drained from the supply rails,

" ) _ PLoad(cath—f—ano) _ 2]52R5
STIM(Eived) Psuppty 2(Is + Istatic) VoD
Is?
25 i Istarie < I 3)
Voo

where Isiq45- 18 the static current of the stimulator internal cir-
cuitry, which is ~ 14 A in our design, and usually much
smaller than the stimulation current.

In the proposed current stimulator, the adaptive supply
voltage, Vrgc, can be automatically adjusted as,

Vreo = |Vsrra peak| + 2Viread
= |Vrs + VebL peak| + 2VHewd < Vb  (4)

where Vsrras peak and Vo pr peat are the peak voltages across
the electrode-tissue model and the Cpy,, respectively, and Vgg
is the voltage drop across Rs. By replacing Vpp in (3) with
VrEec in (4), the stimulation power efficiency with the adaptive
supply control can be expressed as,

Islis IsRs
7] M{Ada; — -
STIM(Adap) = v/ re [Vrs + Vepr peak| + 2VHead
1
= T2 Vi ead &)
1+ RsCpyr ISHRSI

which is indeed higher than nsrra7(Fizeq) in (3).
NSTIM(Adap) iD (5) can be further simplified as,
1 .
. i 2Vhes < Vas.  (6)

NSTIM(Adap) & T+
RsCpr

If VRs > Vhead (~ 150 mV in our design), nsrras(4dap)
simplifies to a function of the electrode-tissue model parame-
ters, IZs and Cpy, and stimulus pulse width, T’s. Large Rg re-
sults in more power transferred to the load, while large Cp, or
small Ts decrease the required Vg g, leading to higher stimu-
lation efficiency.

B. Voltage Readout Channel and Forward/Back Telemetry

Fig. 10 shows the schematic diagram of the voltage readout
channel including a capacitive attenuator and a voltage detector.
Vsrrari and Vsrrare, from the active sites, which can be as
high as 4.6 V depending on the Vy g, are capacitively attenu-
ated by Cs /(Cs + Cy) during stimulation and charge balancing
periods when EN = 1. After the charge balancing period, the
capacitive attenuators are deactivated by disconnecting them
from Vsrran,2 (BN = 0) and then discharging C and Cy
(FNp = 1) to attenuate Vgrras1,2 accurately in the next stim-
ulation period. The attenuated stimulation voltages, Vs and
Vss, are applied to the voltage detector, which consists of a
fixed-gain differential amplifier followed by a buffer, supplied
at Vpre = 1.8 V. As a result, the differential input signals are
converted to a single-ended output voltage, Vppr, with a gain
of R3 /215, which is then provided to the MCU to close the loop
on adaptive supply control and application of the active charge
balancing function.

The proposed wireless stimulating system is capable of com-
municating with forward and back data telemetry through the
inductive link. Fig. 11 shows the schematic diagrams of the
clock and data recovery circuits, which are used for setting the
stimulation parameters and active channels through the MCU.
The clock recovery in Fig. 11(a) adopts the latch comparator
with cross-coupled Po3 and P4 followed by inverters to gen-
erate the clock signal from the power carrier, Vi p a, with low
power consumption. The data recovery consists of an envelope
detector and an amplitude shift keying (ASK) demodulator, as
shown in Fig. 11(b) and (c), respectively.

In Fig. 11(b), the diode-connected passive rectifiers, Po5 and
Psg, extract the envelope voltage, Vv, from the amplitude
shift keyed power carrier, Viypn. VEny is applied to the de-
modulator in Fig. 11(c), which includes a level shifter, a pream-
plifier, and a hysteresis comparator, to recover the data signal.
The level shifter provides bias voltage to the rest of the circuit
through Py7, while shifting Vgxy- down through Po7-Pag to
the preamplifier input range. The preamplifier has unbalanced
delays, via %5 and C11, at its inputs, Vi1 and Viyo, to detect
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Fig. 11. Schematic diagrams of (a) the clock recovery, (b) the envelope detector, and (c) the ASK demodulator for the forward data telemetry.
TABLE I 1.5 mm
IN VITRO TEST SETUP SPECIFICATIONS
g EETENIETS
Power transmitter Class-E PA &
Carrier frequency (f¢) 2 MHz g *:Voltage Detector b
Primary coil diameter / inductance (Z,) 40cm/ 6.8 pH -8 %
Secondary coil diameter / inductance (L) 1.0em/1.2 uH @ S2P1 i acdunns
Distance between L; and L, 1.5cm g Level Shift
Electrodes (4-channel) Quartz-platinum/tungsten i \ )

Electrode length / diameter / tip
Electrode spacing (pitch)
Electrodes + saline impedance @) 2.5 kHz

15mm/ 80 um /1 mm
3 mm
3.8 kQ + 80 nF in series

and amplify the amplitude variations of Vg v . Finally, the hys-
teresis comparator, which utilizes the size mismatch of its cur-
rent mirror, converts the preamplifier outputs to the recovered
serial data bit stream at V¢ level through several inverters.
The serial data is then oversampled by the clock signal in the
MCU and saved in its registers. The back telemetry link utilizes
the SC switches across L2, N3 and N4 in Fig. 6(a), to provide
LSK modulation [22].

V. MEASUREMENT RESULTS

The inductively-powered wireless stimulating system was
fabricated in the ON-Semiconductor 0.5-um 3M2P n-well
standard CMOS process. Fig. 12 shows a chip micrograph and
floor plan of the proposed wireless adaptive stimulating system,
occupying 2.25 mm? including pads. In our test setup, a class-E
power amplifier drives the inductive link, which specifications
are shown in Table I, to provide the wireless stimulating system
with a 2 MHz sinusoidal input. The off-chip MCU (MSP430)
from Texas Instruments (Dallas, TX) was chosen for its versa-
tility and ultra-low power consumption [28].

[

1.5 mm

Ed
A
1
A
e

|

1

Adaptive
Rectifier

11 HIHIIHHHHHH'I 1

Fig. 12. Chip micrograph of the wireless stimulating system.

A. Adaptive Rectifier With Adjustable Vi gc

Measured waveforms in Fig. 13 show how the adaptive rec-
tifier controls its turn-on phase depending on the 3-bit phase
control input, CTL, to adjust Vr s when Vi p n peak is con-
stant at 5 V, load current is set to 2 mA, and fo = 2 MHz.
When CTL = 000 and Vrpr = 0.83 V, the adaptive recti-
fier turns on within 50 ns of the beginning of the carrier cycle
( = 36°), once Vinpn > Vrpc, and turns off after only
20 ns because the amount of delivered power is sufficient to in-
crease Vrec to the desired level of 2.5 V. When CT'L = 011
and Vrgr = 1.13 V, the onset of rectifier turn-on shifts to
66 ns from the beginning of the carrier cycle (¢ = 47.5°) and
the on period adaptively increases to 28 ns to generate a higher
VREC = 3.4 V. When CTL = 111 and VREF = 1.23 V,
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Fig. 14. Measured and simulated PCE vs. Vg g of the adaptive rectifier. Peak
of Vinp = Vinn =5V, fo = 2MHz, and Ioyr = 2.8 mA.

the adaptive rectifier operates almost like a regular active syn-
chronous rectifier with # = 68.4° and the on-time of 65 ns
until Vryp n goes below Vg, while delivering more power
to achieve the highest possible Vg = 4.6 V. In addition,
when Vrepo = 2.5V with Inyr = 2 mA, the adaptive rectifier
results in a small AVrgc < 3 mV against Vi peqr variations
within 3 V to 5 V. This rapid line regulation capability is an ad-
ditional benefit of the phase control feedback mechanism.

Fig. 14 shows the adaptive rectifier PCE vs. Vgpc with
Vinp,v peak and load current kept constant at 5 V and 2.8 mA
(the highest Isrra; = 2.48 mA for this stimulator), respec-
tively. The adaptive rectifier achieves competitive PCEs of
78 ~ 94% and 72 ~ 87% in simulation and measurement,
respectively, while providing unique multilevel adaptive Vo
output between 2.5 ~ 4.6 V, controlled by its 3-bit input. The
PCE slightly decreases with lower Vrgc because the rectifier
dropout voltage becomes a larger percentage of Vrgc, and
the on-resistance of the rectifying switches increases at lower
voltages. Nonetheless, the adaptive rectifier still achieves
considerably higher PCE than using a conventional rectifier
followed by an adjustable regulator to generate the desired DC
voltage. The difference between simulated and measured PCEs
may be the result of mismatches between rectifying switches
and their phase control comparators, as well as the effects of
parasitic inductance and capacitance of the measurement setup,
as explained in [22].

Measured waveforms of the adaptive rectifier generating the multilevel V4 from 5 V peak constant V; 5 p, v depending on the 3-bit CTL input. In

Tek Prevu
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Fig. 15. Measured waveforms of the current stimulator with Rg = 2 k{2 and
Cpr = 500 nF connected in series between two active sites, as shown in
Fig. 8, demonstrating the adaptive Vg z ¢ control and active charge balancing
operations through the voltage readout channel.

B. Wireless Stimulator With Adaptive Supply Control and
Active Charge Balancing

Measured waveforms of the stimulator outputs, Vsrrasi,2,
and the voltage detector output, Vpgr, are shown in Fig. 15
when £1.04 mA biphasic-bipolar stimulus currents at Ts =
400 ps flow between Vsrrari,2 through a series RsCpy, load,
which was chosen to be 2 k2 and 500 nF for the DBS ap-
plication [19], [29]. For closed-loop adaptive supply control,
the MCU samples Vppr at the end of the cathodic phase to
measure Vsriarpeak 10 Fig. 9. The adaptive rectifier receives
the phase control signals and automatically adjusts Vrgc to be
0.2 ~ 0.5 V higher than Verras peak, to keep a small voltage
drop across the stimulating current source, AV, for high stim-
ulation efficiency. The MCU samples Vpgr again at the end
of stimulation (anodic phase) to check the residual voltage be-
tween electrodes. If the voltage falls outside a safe window, set
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vs. Is7rar. Solid line: adaptive supply control, dashed line: fixed supply, electrode-tissue model: B¢ = 2 k€2 and C'pp;, = 300 uF in series, and Ts = 400 ps.

to £50 mV, the active charge balancing circuit injects either a
small positive or a negative current pulse (adjustable £20 pA
for 20 #s), and repeats the sampling procedure via the MCU
until the residual charge is neutralized.

Fig. 16 compares the stimulator supply voltage and PCE vs.
Istrar graphs between adaptive, Ve g, and fixed, Vpp, sup-
plies when IR = 2 k2, Cpp = 500 nF, and T's = 400 ps. In
Fig. 16(a), the adaptive Vg was measured with 0.3 V incre-
ments between 2.5 V and 4.6 V vs. Isrras. In these measure-
ments, Veec — Vsrispear < 0.2V, while the fixed Vpp
was measured at 4.6 V. Fig. 16(b) compares the stimulation
power efficiencies vs. Isrrys between the fixed and adaptive
mechanisms, using the measured supply voltages in Fig. 16(a)
as well as (3) and (5), respectively, while including the stimu-
lator Igiaie = 14 pA.

As expected, with lower Ist1as, the large voltage difference
between Vpp and Vsrras increases the power loss in the stim-
ulator output stage (P21 and Ny in Fig. 8), degrading the fixed
voltage stimulation power efficiency. On the other hand, the
adaptive Vrgc keeps the voltage difference across the stimu-
lator output small to minimize the power loss regardless of the
Isrras variations. As a result, the stimulation power efficiency
with the adaptive supply control (58 ~ 68%) is up to 30% higher
than the fixed Vpp (31 ~ 63%). In Fig. 16(c), the overall power
efficiencies from secondary coil, L2, to the load were calcu-
lated by multiplying the measured PCE of the adaptive recti-
fier in Fig. 14 and the stimulation efficiency in Fig. 16(b). Since
the adaptive rectifier achieves relatively high PCEs even with
lower Vr g levels, adaptive supply control still leads to higher
overall power efficiencies (41 ~ 58%) compared with using a
fixed supply (27 ~ 55%).

The MCU consumes ~ 19 pA in the standby mode and
~ 400 pA for running the ADC and generating control sig-
nals at Vprg = 1.8 V and CLK = 2 MHy. Power consump-
tion for these functions can be significantly reduced by sam-
pling the peak stimulation voltage periodically, e.g., once every
10 ~ 20 cycles, to occasionally adjust the CTL. Moreover, the
MCU functions can be integrated on chip by a low-power 3-bit
SAR-ADC for generating the 3-bit CTL signal and simple con-
trol logic, leading to much lower power consumption compared
to the off-chip MCU in the current prototype.

INL and DNL of the 5-bit cathodic/anodic stimulus currents,
Isrran and Isprpase, for bipolar stimulation were measured

o
©
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Fig. 17. Measured INL and DNL of the 5-bit fsrras1 for cathodic stimula-
tion and I 77 for anodic stimulation along with the stimulation current mis-
match, Algrrm N between {571 and LsTrass.

and presented in Fig. 17 along with the stimulation current
mismatch, Alsrrm = Isrran — Istime. Both Ispian
and Ig7ra2 show similar tendencies between 0.08 mA and
2.48 mA with 5-bit resolution, achieving the maximum INL
and DNL of 0.43 and 0.17 LSB, respectively. The maximum
Alstra between Istrarr and Isrrae was ~ 4 HA.

Fig. 18 shows the measured waveforms of the clock recovery
and the ASK-demodulated data recovery blocks for the forward
data telemetry. In Fig. 18(a), a 2 MHz clock signal, CLK, has
been recovered from the 2 MHz carrier signal. In Fig. 18(b),
the amplitude variations of the primary coil voltage at 5.8%
(= 3.8 V/65.2 V) modulation index, induced across Lo, have
resulted in ~ 100 mV variations in Vg . The ASK demod-
ulator has then recovered the serial data bit stream, DATA, at
50 kbps.

C. In Vitro Experiments

The proposed wireless stimulating system was verified
through in vitro experiments using quartz-platinum/tungsten
electrodes (EF8025, Thomas Recording, Giessen, Germany)
and saline solution, as shown in Fig. 19. To emulate the DBS
stimulation, 4 electrodes were aligned in parallel with 3 mm
pitch spacing and soaked in 0.9% NaCl solution, which rep-
resents the brain tissue conductivity [30], [31]. The measured
average impedance between adjacent electrodes in the solution
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Fig. 19. Test setup for in vitro experiments using the wireless adaptive stim-
ulator including an inductive link operating at 2 MHz and 4 platinum/tungsten
electrodes soaked in saline solution to emulate the DBS application.

was ~ 3.8 k{2 and 80 nF in series at 2.5 kHz. Table I summa-
rizes the specifications of the in vitro test setup.

Fig. 20 shows the measured stimulation waveforms from
the in vitro experiments, focusing on the stimulator’s adaptive
supply control, active charge balancing, and multi-channel
stimulation capabilities. In Fig. 20(a), two different stimulation
currents, £240 A and £480 pA, were applied to the saline
solution through electrodes, and the supply voltage, Vrec,
was automatically set to 2.8 V and 3.4 V, respectively, which
maximize the stimulation efficiency. At the same time, the
active charge balancing mechanism ensured that the residual
charge was neutralized following each biphasic stimulation.
Fig. 20(b) shows the multi-channel stimulation waveforms
among 4 electrodes. The selected channels sourced and sinked
£560 A and 400 ps stimulus pulses at 250 Hz, while the other
channels were floating.

D. Performance Summary and Comparison

Table II benchmarks the proposed adaptive rectifier that was
presented in Section III against several recently published active
rectifiers. While being capable of generating multilevel output
voltages between 2.5 V and 4.6 V from a constant 5 V peak

AC input, the adaptive rectifier maintains high measured PCE
of 72 ~ 87%, depending on the Vg level, when delivering
2.8 mA to the load. The voltage conversion efficiency, VCE (=
VeEC/VIN peak ), reaches as high as 92% when Vego = 4.6 V.

Table III summarizes the overall specifications of the pro-
posed wireless stimulating system. The current stimulator
achieves 58 ~ 68% power efficiency regardless of the Igrrs
and Vgrrps variations thanks to the adaptive supply control
mechanism. It should be noted that the stimulation efficiency
may also vary depending on the electrode/tissue impedance
and the stimulus pulse width, as shown in (6).

In the case of stimulating through multiple electrodes with
different peak voltages, the adaptive supply voltage needs to
follow the highest site voltage to properly stimulate all sites,
limiting the improvement achieved in stimulation efficiency.
This is why we recommend this technique for applications, such
as DBS, which involve a relatively small number of macro sites
that have similar properties. In applications with a large number
of sites, such as retinal implants, it is conceivable to divide the
sites into smaller subsets and use multiple independent adaptive
rectifiers and current drivers, one per subset, at the cost of larger
chip area.

The proposed system dissipates a maximum power of
~ 15 mW, assuming constantly flowing stimulus current, re-
sulting in temperature rise well below the safe 1°C limit [35].
If the efficiency of the transcutaneous inductive link is 60% at
10 mm coil separation from [36], the necessary Tx power at
2 MHz can be estimated at ~ 25 mW. This is well below the
FCC’s 100 mW/cm? limit for maximum permissible exposure
(MPE) within 0.3 ~ 3 MHz [37].

VI. CONCLUSION

Current-controlled stimulators (CCS) have been widely used
in implantable electrical stimulators because of their precise
current control and safe operation. However, CCS suffers from
low power efficiency, which mainly results from the large
voltage drop across the output current sources, especially when
the necessary stimulation voltage is much smaller than the
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TABLE 11
ADAPTIVE RECTIFIER BENCHMARKING.

TABLE III
WIRELESS STIMULATING SYSTEM SPECIFICATIONS.

supply voltage. In order to improve the CCS power efficiency,
we have proposed an internal closed-loop system for adaptive
control of the stimulator supply voltage slightly above the peak
of the stimulation voltage.

This mechanism significantly reduces the power loss in the
CCS current sources, helping the CCS achieve high stimula-
tion efficiency regardless of the stimulation voltage levels, while
taking advantage of its safety features, completed by adopting
the active charge balancing mechanism to neutralize the residual
charge. The adaptive supply voltage has been generated directly
from the inductive link using the proposed adaptive rectifier,
which has high measured AC-DC PCE for the multilevel DC
output thanks to the phase control feedback. The wireless stim-
ulating system also includes a voltage readout channel to close

Publication [32] [33] [34] [22] This work Overall System Current Stimulator
Technology | 0.5um | 0.18um | 0.35um | 0.5um | 0.5pm CMOS Process 0.5 pm CMZOS # output ch. 4-ch (DBS)
AC-DC Active | Active | Active | Active |Adaptive Output ASIC area 2.25'mm. Stim. r'ate 15.6 ~ 500 Hz
Structure Rec. Rec. Rec. Rec. | Active Rectifier Power source Inductive link Pulse width 16 ~512 ps
Vi peat (V) > 1.25 24 38 > Adj tP glwe; Man;gse mi"atv (3b) CIlII\rIrLeI;tI;?\IIf - 0.00222/.38;1;/;;5;)
. — v ljustable Verec D~ 4. B .
VercV) | 436 | 096 | 208 | 312 ] 25-46(3-bit Measured PCE | 72~87% | Ch. max. 4l 4uA
VCE (%) 87.2 76.8 86.7 82.1 50 ~92 Vore 18V T 14 uA
R, (kQ) 1 2 0.1 0.5 I;=2.8 mA OVP threshold | ¥ peat > 5.8V V btead 150 mV
fc (MHz) 1 10 1.5 13.56 2 Back telemetry | short-coil LSK | Charge balan. | Active pulse inject.
Area(mm?) | 0.4 0.86 0.4 0.18 0.3 Forward Telemetry Stim. PCE 58 ~68%
PCE | Sim. 90.4 N/A 87 87 78 ~ 94 Clock freq. 2 MHz Voltage Readout Channel
(%) | Meas. 84.8 76 N/A 80.2 72~ 87 ASK data rate 50 kbps In/out range | 0~4.6 V/0.2~1.6 V
Modul. index 5.8% Lsiaiic 12 pA

Adjustable in MCU, ~ Simulation, ~ Vary with load model and pulse width

the on-chip control feedback loop as well as an ASK demodu-
lation block for forward data telemetry.

Stimulation power efficiencies with fixed and adaptive sup-
plies have been derived and compared. Bench-top and in vitro
measurement results of a fabricated prototype verified that the
proposed inductively-powered wireless stimulating system with
adaptive supply control was fully functional and improved the
overall power efficiency of wireless stimulators for applications
such as DBS and cochlear implants.
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