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Abstract—In order to recruit neurons in excitable tissue,
constant current neural stimulators are commonly used. Recently,
ultra high-frequency (UHF) stimulation has been proposed and
proven to have the same efficacy as constant-current stimulation
[1]. UHF stimulation uses a fundamentally different way of
activating the tissue: each stimulation phase is made of a burst
of current pulses with adjustable amplitude injected into the
tissue at a high (e.g., 1 MHz) frequency. This paper presents the
design, integrated circuit (IC) implementation and measurement
results of a power efficient multichannel UHF neural stimulator.
The core of the neurostimulator is based on our previously
proposed architecture of an inductor-based buck-boost DC-DC
converter without the external output capacitor [2]. The ultimate
goal of this work is to increase the power efficiency of the
UHF stimulator for multiple-channel operation, while keeping
the number of external components minimal. To this end, a
number of novel approaches were employed in the integrated
circuit design domain. More specifically, a novel zero-current
detection scheme is proposed. It allows to remove the freewheel
diode typically used in DC-DC converters to prevent current
to flow back from the load to the inductor. Furthermore, a
gate-driver circuit is implemented which allows the use of thin
gate-oxide transistors as high-voltage switches. By doing so, and
exploiting the fundamental working principle of the proposed
current-controlled UHF stimulator, the need for a high-voltage
supply is eliminated and the stimulator is powered up from a
3.5 V input voltage. Both the current detection technique and
the gate driving circuit of the current implementation allow
to boost the power efficiency up to 300% when compared to
previous UHF stimulator works. A peak power efficiency of
68% is achieved, while 8 independent channels with 16 fully
configurable electrodes are used. The circuit is implemented in
a 0.18µm HV process, and the total chip area is 3.65mm2.

Index Terms—Buck-boost DC-DC converter, low power, mul-
tichannel, neural stimulation, high power efficiency, ultra high
frequency stimulation.

I. INTRODUCTION

OVER the past few decades, many implantable neurostim-
ulators have been developed in order to treat various

neural and brain disorders. Typical applications of such stim-
ulators are retinal implants [3], deep brain stimulation (DBS)
and spinal cord stimulation (SCS) [4]–[6]. The biggest chal-
lenge that such devices have in common is their limited battery
life. Most batteries for neurostimulators last three to five years,
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and in case of extensive use the battery has to be replaced
or recharged yearly [7]. In order to cope with this problem,
the battery size is increased at the expense of post-surgery
trauma and risk of infection. If the stimulator, together with
the battery, is small enough, it can be implanted by means of a
percutaneous injection. These devices are known as Injectable
Neurostimulators [8]. In this scenario, a surgical operation
is avoided, together with its complications. Furthermore, in
the emerging field of Bioelectronic Medicine, neural implants
need to be made so small to directly interface with tiny
nerves, that a battery-less solution might be necessary, where
all available power would have to be harvested or transferred
from outside the body [9]. Hence, the need for increased
power efficiency is more relevant than ever. At the same time,
current trends indicate the need for an increasing number
of independent stimulating channels to accommodate a large
number of stimulating sites, especially for applications like
cochlear implants or retinal implants. These two requirements,
namely power efficiency and multichannel operation, are not
trivial to accomplish simultaneously.

Conventional constant-current stimulators exploit a voltage
drop across the current driver to keep the stimulation current
constant. This leads to an inherently inefficient system. A
popular way to reduce the energy wasted, and therefore
increase the power efficiency, is to adapt the voltage supply
of the neurostimulator to the voltage across the electrodes
[3], [10], [11]. For instance, in [3] four different voltage
supplies, both positive and negative, are generated from the
main power supply. During each of the biphasic pulses, the
stimulator voltage supply tracks the ramping electrode voltage
such that the supply voltage is kept relatively close to the
voltage required at the stimulator output. Despite that this
seems a neat solution, the power efficiency improvement is not
so significant due to the additional inefficiencies introduced
by generating all the voltage supplies and due to the large
amount of additional switches deployed. In a similar concept
[12] and [13], a compliance monitor is used to continuously
adjust the stimulation supply voltage. For all the adaptive
supply stimulators, however, during multichannel operation,
the supply voltage has to accommodate the channel with the
highest required output voltage. Hence, the voltage of the
compliance monitor is still over-designed for the rest of the
stimulating channels. This problem is even more significant
in retinal implants where electrode arrays with hundreds of
electrodes, hence larger number of independent channels, are



used.
Switched Capacitor neural Stimulators (SCNS) have been

introduced thanks to the fact that no external components are
needed. In [14], a reconfigurable switched capacitor DC-DC
converter with an adaptive supply is used to provide four
different stimulation voltages, starting from an external input
voltage of 6 V. The power efficiency is limited both by the par-
asitic capacitance of the capacitors involved in the conversion
and by the large amount of high-voltage switches needed to
generate all the different voltages for the neurostimulator. In
[14], similarly to adaptive-supply stimulators, the stimulator
voltage needs to accommodate the channel with the highest
stimulation voltage, thereby affecting the power efficiency of
the channels with a lower voltage compliance.

We have previously presented a neurostimulator architecture
that uses a different way of stimulating the neural tissue
compared to constant current stimulators [2]. Each stimulation
phase is made of a sequence of current pulses injected in the
tissue at a high frequency (e.g., 1 MHz). This concept of UHF
stimulation will be further elaborated on in Section II. This
fundamentally different stimulation type, together with the
core of the architecture presented in [2], have great potential
for achieving highly energy efficient multichannel stimulation.

In this work, we propose a new energy efficient, multi-
channel, UHF neural stimulator architecture. The key novel
contributions of this paper are that the power efficiency is
dramatically improved, especially when 8 channels are used
simultaneously, and the external high voltage (HV) power
supply, commonly used in neural stimulators, is avoided.

HV supplies, either external or on-chip, are usually neces-
sary in neural stimulator, to ensure delivery of the required
charge to large load variation. The proposed neurostimulator
is powered up from a 3.5 V input voltage and can deliver the
required charge without further limitations on the range of
100 Ω < Rtissue < 1 kΩ.

These results are achieved both by implementing a novel
zero-current detection scheme and by using a gate-driver
circuit that allows to use thin-gate oxide transistors as high-
voltage switches. This drastically reduces the parasitic capac-
itance at the most critical node of the circuit.

The rest of the paper is organized as follows. In Section II,
the concept of UHF stimulation is presented, together with
a discussion on a previous implementation of a switched-
capacitor high frequency neural stimulator. Section III de-
scribes the overall architecture of the stimulator and elaborates
on the circuit details. Section IV reports the measurement
results of a prototype IC realization. In Section V, a Figure Of
Merit (FOM), originally introduced in [15], is used to compare
the proposed system with other stimulator circuits present in
literature. Finally, in Section VI, conclusions are drawn.

II. RELATED WORK

The two widely used stimulation schemes are the so called
Current-Mode Stimulation (CMS) and Voltage-Mode Stimula-
tion (VMS) schemes. In CMS, the stimulator generates a well-
defined current that flows into the tissue via the electrode-
tissue interface (ETI). The total charge delivered to the tissue
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Fig. 1: Sketch of a biphasic pulse, produced by constant current
stimulation (top) and by UHF stimulation (bottom) (a); high level
architecture of an UHF neural stimulator with a sketch of the current
profile for single channel (b) and multi-channel operation (c) [2].

depends on the stimulation duration and the amplitude of the
current, i.e., the charge is independent of the tissue and ETI
impedance. In VMS, a constant and well-defined voltage is
applied across the electrodes and thus the tissue and ETI. As
a consequence, the charge transferred to the tissue depends on
the electrode impedance itself. CMS is usually preferred over
VMS for its precise charge control resulting in less circuitry
to keep the residual charge within safety limits.

In this section, we first outline the concept of UHF neural
stimulation. Then, we extensively discuss a recent implemen-
tation of a UHF neural stimulator that employs a switched-
capacitor DC-DC converter to generate the pulses.

A. Principle of UHF stimulation

The concept of UHF dynamic stimulation was introduced
for the first time in [1]. It uses a different way of stimulating
the neural tissue compared to constant-current stimulators.
Each stimulation phase, i.e. the anodic and the cathodic phase,
is made of a sequence of current pulses injected into the tissue
at a high rate. In Fig. 1 (a), an example of such a biphasic
pulse is shown.

The amplitude of the pulses, indicated as A in Fig. 1 (a),
can be regulated and sets the stimulation intensity. In [1], by
means of a stimulator circuit made of discrete components, it
is shown that UHF stimulation depolarizes the cell membrane
in a similar way as constant current stimulation does. In vitro



Fig. 2: Circuit representation of the DC-DC converter used in [16] to
generate the cathodic phase (a); its working principle (b) and resulting
stimulation waveform (c).

experiments using Purkinje cells proved that this new way of
stimulating the tissue also induces neural recruitment in the
targeted area.

In Fig. 1 (b), a high-level architecture of the UHF neural
stimulator is shown. It consists of an inductor-based buck-
boost DC-DC converter. The current pulses are not directly
drawn from the main power supply. In fact, the inductor is
first charged from the power supply, and then it is discharged
into the tissue. The discharging process of the inductor into the
tissue generates the current pulses. Hence, this implementation
of a UHF neural stimulator provides a CMS. A duty-cycled
signal is used to regulate the amount of energy transferred
from the power supply to the load, i.e., the intensity of the
stimulation (A in Fig. 1). In case more channels are operated
concurrently, the pulses generated by the inductor are sent to
all the activated channels in an interleaved fashion (Fig. 1 (c)).
Each channel can be stimulated with different intensity (A1

and A2 of Fig. 1 (c)). This concept will be further elaborated
on in Section III.

B. Switched-capacitor implementation of UHF stimulator

Based on the first implementation of an UHF neural stim-
ulator presented in [2], a switched-capacitor high-frequency
neural stimulator is proposed in [16]. The stimulation voltage
is derived from the main supply by using an 1 : 1 switched
capacitor DC-DC converter. This topology is shown in Fig.
2 (a) and it is used during the cathodic stimulation phase.
The circuit is made of two switches driven by two non-
overlapping phases, Φ1 and Φ2 and a capacitance Cfly called
flying capacitance. As shown in Fig. 2 (b), during Φ1, Cfly

is connected between Vbat and ground, and therefore it is
charged. During Φ2 the capacitor is connected between the
electrode and ground. Consequently, the charge stored in the
capacitor is now transferred to the tissue. Fig. 2 (c) shows
the resulting stimulation voltage. In steady state, the power
efficiency can be written as:

η =
Pout

Pin
=
VstimIstim
VbatIbat

=
Vstim
Vbat

(1)

where Pout is the power delivered to the tissue, Pin is the
power taken from the battery and Vstim < Vbat. Ibat and Istim

are the average current drawn from the battery and the average
current delivered to the tissue, respectively. The last equality
in Eq. 1 comes from the fact that, in steady state, the charge
transferred into the capacitor during phase Φ1 is the same as
the charge that flows out of the capacitor in phase Φ2, i.e.
Istim = Ibat [17]. Eq. 1 shows that the power efficiency of
the circuit in Fig. 2 (a) is limited by the ratio Vstim/Vbat. The
ideal voltage conversion ratio V CR of the circuit topology
topology shown in Fig. 2 (a) is iV CR = Vstim

Vbat
= 1, which

gives a theoretical efficiency of 100% [17]. As a consequence,
the stimulation voltage can only be regulated at the expense
of the power efficiency. However, as can be seen in Fig. 2 (c),
the voltage across the electrodes needs to be built up. Hence,
Vstim is always lower than Vbat, the iV CR is never met and
the power efficiency is always lower than 100%. In the first
clock period, T , capacitor Cdl is completely discharged. This
means that, 50% of the energy is already lost when the energy
is transferred from Cfly to Cdl. As the stimulation voltage
builds up, the intrinsic energy loss is gradually reduced and
the power efficiency converges to the value that corresponds
to that particular Vstim

Vbat
ratio. This architecture is only capable

of single-channel stimulation. If a multi-channel stimulation is
needed, then many switched-capacitor convertors need to be
deployed.

The stimulation mechanism behind the circuit in Fig. 2
(a) lays in the transfer of a well-defined charge from the
battery to the tissue and the ETI. In literature, it is named
switched-capacitor stimulation (SCS). The amount of charge
transferred at each cycle is still electrode-dependent. For this
reason, in [16], additional circuitry is still needed to keep
the residual charge within safety limits. In conclusion, the
switched-capacitor based high frequency stimulator presented
in [16] is not suitable for a power-efficient solution, especially
when more channels need to be operated at the same time.

III. SYSTEM DESIGN

The circuit diagram of the proposed UHF neural stimulator
is shown in Fig. 3. It is made of the following subsystems:
• Core Circuit, which is a power-efficient buck-boost DC-

DC converter without the external capacitor. Hence, a
train of current pulses is generated from the main power
supply at a frequency equal to the switching frequency
of the DC-DC converter. The most important requirement
of this block is the power efficiency.

• H-Bridge, which is a particular configuration of switches
that allows for the selection of the desired channel and,
by reversing the direction of the current flowing into the
tissue, implements the biphasic stimulation. Since the H-
bridge is directly connected to the output of the Core
Circuit, the parasitic capacitance introduced by those
switches has to be kept minimal. By doing so, the power
efficiency can be further increased.

• Digital Control Module, which is able to generate and to
store the stimulation patterns based on a serial bit stream
loaded via a Serial Peripheral Interface (SPI).

The detailed operation and the structure of the subsystems
are discussed in the following subsections.
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Fig. 3: System architecture showing the three subsystems of the implemented neural stimulator. The core circuit which generates the high-
frequency pulses, the H-bridge, which by means of thin-oxide switches is capable of implementing a biphasic pulse and the digital control
which generates all the signals needed by the core circuit and the H-bridge.

A. Core Circuit with novel zero-current detection scheme

In Fig. 4, a detailed representation of the core circuit is
given along with a sketch of its most relevant waveforms. It is
a forward buck-boost DC-DC converter without the external
filtering capacitor. The forward topology allows to have the
output voltage to be of the same polarity as the input voltage.

During Phase Φ1, only Switches S1 and S3 are closed,
hence the input source (Vin) is in parallel with the inductor
and provides energy to it. The voltage across the inductor,
vL(t), can be written as

vL(t) = Vin = L
diL(t)

dt
(2)

Vin is constant, hence, during Φ1, iL(t) has a positive
constant slope as depicted in Fig. 4 (b). At time t = TON , the
inductor current reaches its peak value, which can be written
as Ipeak = Vin

L TON .
During Phase Φ2, only Switch S2 is closed. Hence, through

the H-bridge, the inductor supplies its current to the load.
The amount of energy transferred from the battery to the
inductor during Φ1 is proportional to duty-cycle δ = TON

T .
The converter works in discontinuous conduction mode, which
means that, during Phase Φ2, the inductor current reaches zero
before the next phase starts. In order to prevent the current
flowing from the load back to the inductor, i.e. IL < 0, a
freewheel diode is usually placed between Node B of Fig.
3 and the H-bridge. The voltage drop across the diode has
a big impact on the power efficiency, especially for low-
intensity stimulation. In this work, the diode is avoided and a

zero-current detection scheme is implemented by means of a
comparator. With respect to the Core Circuit depicted in Fig.
3, during Phase Φ2, as soon as the inductor current becomes 0
and stays 0, the voltage across the inductor becomes 0. Since
the voltage at Node A during Phase Φ2 is 0 as well, we only
need to detect when the voltage at Node B becomes 0. As the
inductor and the parasitic capacitance of Switch S3 introduce a
resonance, the voltage at Node B rings around zero. Therefore,
a reference voltage, Vref that is slightly greater than 0 V is
used [18]. Voltage Vref is generated on chip and its value
is much smaller than the voltage at the ETI, therefore it does
not affect the accuracy of the zero-current detection technique.
The output voltage is not filtered, hence the voltage at Node
B, depending on the duty-cycle value, can be as high as
20 V. Exceeding this voltage would mean that some transistors
would work out of their safe operating region. A comparator
made of thin-oxide transistors is needed to reduce the parasitic
capacitance at Node B. In order not to violate the maximum
voltage compliance of the thin-oxide device, the voltage is first
scaled down by means of a capacitive voltage divider and then
compared to Vref .

The size of each capacitor used in the capacitor divider
is 350 fF. The total parasitic capacitance at Node B of
Fig. 3 is dominated by the gate-to-source capacitance of the
16 MP switches. From circuit simulations, the gate-to-source
capacitance of each MP transistor is 2.5 pF which leads to a
total parasitic capacitance at Node B of 16 ∗ 2.5 pF = 40 pF.
As a consequence, the additional capacitance introduced by



 

  

Fig. 4: (a) Operating principle of the buck-boost converter; (b) sketch
of the current waveform during Φ1 and Φ2.

the voltage divider is negligible when compared to the total
capacitance at Node B and therefore does not affect the power
efficiency.

During Phase Φ1 the total charge taken from the battery can
be written as:

QBAT = ILΦ1
TON =

VinTON

2L
TON (3)

where ILΦ1
is the average inductor current during Phase Φ1.

From Eq. 3, we can see that, by means of the duty cycle, the
energy transferred from the battery to the inductor, and hence
from the inductor to the load, can be controlled. Since the
inductor directly powers the load, the stimulation is current
steered. Therefore, by controlling the current flowing into
the tissue, the charge transferred to the tissue can be easily
controlled irrespective of the value of the load. This allows
the stimulator to work with many different electrode types,
and across a wide range of load impedances.

B. H-bridge

The H-bridge has a double purpose. It allows for the
selection of the desired active electrodes (one electrode acts
as anode while another acts as cathode), but it also allows for
the implementation of biphasic stimulation pulses. A principle
diagram of the H-bridge suitable for multichannel operation
is depicted in Fig. 3. Assuming that N is the number of
channels that can be stimulated simultaneously, in this work,
as well as in [2], the H-bridge has 2 ∗ N electrodes and
4 ∗N switches. A conventional current-source stimulator that

has the same flexibility as this H-bridge (each channel can
be connected to any pair of electrodes), would require N
times more switches, therefore scaling up the total amount of
switches to 4∗N ∗N . This essentially means that conventional
implementations of H-bridges become impractical if a large
number of electrodes, that share the same inductor, needs to
be independently controlled.

With respect to the H-bridge representation of Fig. 3,
since the output voltages can exceed the supply voltage by
a large amount, the switches on the bottom side can be
implemented using NMOS transistors with thick drains and
thin gate-oxides. Their source terminals are always connected
to ground, hence it is relatively easy to turn the switch on
and off. For the switches on the top side of the H-bridge, a
similar configuration would require that the gates of the PMOS
transistors are driven with a voltage directly, which would
need to be as high as VB , in this case up to 20 V. Hence,
transistors with thick-gate oxide are to be used [2]. In the IC
technology used, the minimum channel length of thick-oxide
devices is 600 nm which leads to a significant higher gate-
to-source parasitic capacitance. Since all the switches on the
top side of the H-bridge have their source terminals connected
together, the parasitic capacitance at Node B would be large.
This has a big impact on the power efficiency because the
parasitic capacitance at Node B is charged and discharged at
every stimulation pulse (i.e., 1 MHz).

To reduce the parasitic capacitance at Node B, we have im-
plemented a different approach in this work. For the switches
on the top side of the H-bridge, PMOS transistors with thin
gates and thick drains (MP in Fig. 3) are used with resistors
placed between their source and gate terminals. The current
source provides a constant current, I , flowing through R
such that the source-to-gate voltage of Transistor MP can be
controlled. Therefore, Switch MP can be turned on and off
by turning on and off the current source, respectively. Current
source I is controlled by the comparator such that Transistor
MP is turned off as soon as the current flowing through
the inductor reaches zero, as described in the zero-current
detection scheme presented in the previous subsection. Using
this approach makes it possible to use thin-gate-oxide devices
for the PMOS transistors as well. By doing so, the external HV
supply usually used in neural stimulators is also avoided. The
value of I equals 1 mA. This implies that, with a resistance
R = 1.75 kΩ, a constant source-to-gate voltage VSG of 1.75 V
is ensured. If a smaller value of current is used, then the value
of the resistance needs to increase proportionally. Hence, the
time constant associated with the charging and discharging of
the parasitic gate-to-source capacitance of Transistor MP also
increases proportionally. This makes Switch MP slower to be
turned on and off, which directly impacts the efficiency.

Fig. 5 shows the cross section view of the PMOS thick-
drain transistor used in this design. Its rating voltages are
VSGMAX = 2 V, VSDMAX = 20 V. The parasitic diode
highlighted in green is of relevant interest for the designer.
The diode always needs to be reversed biased. Since the source
terminal is usually connected to the bulk terminal, the source-
to-drain voltage always needs to be positive. This makes the
device shown in Fig. 5 non symmetrical with respect to its



Fig. 5: Cross section view of a thick-drain PMOS transistor operated
as high-voltage switch.

source and drain terminals. In literature such device is often
called Lateral Double-Diffused MOSFET (LDMOSFET).

The voltage drop across R leads to a power dissipation
PR = VSGI , which is negligible compared to the power
delivered to the load. Current I flows through the resistor
only during T2. Under the assumption that the load is purely
resistive, T2 = TON . Hence, the charge dissipated in the
resistor is Qres = IT2. The ratio of the charge taken from
the battery and the charge dissipated in the resistor can be
written as:

QBAT

Qres
=

VinT
2
ON

2LITON
=
VinTON

2LI
(4)

For L = 22µH, I = 1 mA, Vin = 3.5 V, and TON = 250 ns
(25% of the period), the charge dissipated by the resistor is
20 times smaller than the charge delivered to the tissue. Eq.
4 shows that the higher the duty cycle value, the lower is the
impact of the gate-driving technique on the power efficiency
of the whole system. This concept will be further discussed
in Section V.

The overdrive voltage of the PMOS switches (MP ) on the
top side of the H-bridge may vary due to process variations.
This directly affects its on-resistance and therefore the power
efficiency of the whole neural stimulator. To further investigate
this, a Monte Carlo simulation with 100 data points has been
performed. Fig. 6 (a), shows that the average source-to-gate
voltage of Switch MP is 1.72 V with a standard deviation σ of
only 99 mV. Fig. 6 (b), shows how the total power efficiency
is affected by process variations and mismatch. With the ETI
modelled as Rload = 500 Ω with a series Cload = 1 nF, the
average efficiency is 67.7% with a standard deviation σ =
0.9%.

C. Digital Control Module

The Digital Control Module has a similar architecture as the
one presented in [2]. It generates all the required control sig-
nals to make the neurostimulator work. This block is powered
from a 1.8 V supply, and from circuit simulations, its power
consumption is approximately 100µW. For each stimulation
cycle, the pair of electrodes to be used, the amplitude and
the pulse width can be set independently via an SPI. The
stimulation pattern of each channel is stored in memory and it
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Fig. 6: Monte Carlo simulations showing (a) the gate-to-source
voltage of the PMOS switches on the top side of the H-bridge, and
(b) the power efficiency for Rload = 500 Ω, Cload = 1µF and
duty cycle = 24%.

can be edited whenever needed. The commands used as input,
and loaded into the control module via the SPI are: 1) edit a
channel, 2) start the stimulation of a single channel, 3) stop
the stimulation of a single channel, 4) start the stimulation of
all the channels loaded in the memory (maximum of 8), 5)
stop all the active channels. The digital control module runs
with two different clocks: a low frequency clock CLK LF,
at fclkLF

= 1 kHz and a high frequency clock, CLK HF at
fclkHF

= 1 MHz. The signal CLK LF is used to trigger the
commands sent by the user. Therefore it is always active. The
signal CLK HF controls the Core Circuit and it is used to
generate the DUTY CYCLE signal used to control switches
S1, S2 and S3 of the Core Circuit. The value of the duty
cycle for each channel is stored in the memory and it is set
in accordance with the bits loaded via the SPI interface.

The basic functionality of the digital control module for
biphasic stimulation is illustrated in Fig. 7. The finite state
machine (FSM) starts from the IDLE state. As soon as the
Trigger command is received, the first phase starts. Depending
on the setup stored in the memory for that channel, the first
phase can either be an anodic or a cathodic stimulation phase.
The duration of this phase is set by counting the number of
CLK HF periods and it ends when it equals the value stored
in the memory for that particular channel. Also the number
of pulses in between the two phases, INTERPHASE DELAY
(IPD) in Fig. 7, is counted and compared to its reference value
stored in the memory. To depolarize the cell membrane, the
second phase starts. Just as for the first phase, its duration is
determined by counting the number of CLK HF periods and
comparing its value to the one stored in the memory. At the end
of a biphasic pulse, active charge balancing is implemented.
To do so, the residual charge at the tissue-electrode interface is
sensed [19]. Based on the sign of the residual charge, a pulse
with the opposite sign of the residual charge and the same
amplitude is injected into the tissue. Then the residual charge
is sensed again and if its sign is the same as before another



IDLE

Fig. 7: Finite state machine (FSM) representation of a biphasic pulse
and charge balancing procedure. The FSM moves through the phases
of a classical biphasic pulse. Based on the sign of the residual charge,
the stimulator sense and injects additional pulses until the residual
charge changes sign.

pulse of the same sign is injected. This sense-inject procedure
is repeated until the residual charge changes sign. As a result
the residual charge after charge balancing is always lower than
the charge transferred by each single high-frequency pulse.

The number of biphasic pulses for each channel is also
stored in the memory (frequency in Fig. 3). Therefore, after
charge balancing, the Digital Control Module can decide
whether another biphasic pulse is due.

When more channels are used at the same time, the core
circuit keeps running at the frequency of 1 MHz, while the
digital logic drives the switches of the H-bridge in such a way
that all pulses generated by the core circuit are sequentially
injected in the activated channels in accordance to the stimula-
tion patterns stored in the memory for each channel. Therefore,
when the system operates in multichannel mode each channel
receives its own pulse at a frequency 1MHz

n , where n is the
number of channels simultaneously active. This does not affect
the efficacy of the stimulation, as shown in [1].

If one would want to keep the frequency at which the pulses
are injected into the tissue constant with respect the number
of channels being operated, then an additional control (e.g.
frequency modulation) has to be used. In such a case, the
switching frequency of the DC-DC converter has to increase
linearly with the number of channels operated simultaneously.
A higher fSW introduces higher switching losses. As a result,
the power efficiency would degrade when more channels are
used simultaneously.

IV. EXPERIMENTAL RESULTS

This section presents the measurements results of the UHF
neural stimulator previously discussed. The circuit was imple-
mented in a standard 0.18µm high-voltage CMOS process.
The chip micrograph is shown in Fig. 8. The total silicon area
occupied is 3.65 mm2.

321

Fig. 8: Photomicrograph of the UHF neural stimulator: (1) H-Bridge,
(2) Core Circuit and (3) Digital Control Logic.

The system works with two voltage domains: 1.8 V and
3.5 V. The 1.8 V voltage domain is used in the digital control
module and in the H-bridge. Switches S2, S3 and MN of Fig.
3 are operated from the 1.8 V voltage domain. The core circuit
operates from a voltage domain of 3.5 V.

The voltage waveforms are acquired by means of an oscil-
loscope (Tektronics TDS2014C), and plotted with MATLAB
software. The average currents needed to compute the power
efficiency are measured with a Keithley 6430 sourcemeter.

A. Power Efficiency

The only external component of the system is the inductor
of 22µH used in the core circuit.

In Fig. 9, the measurement results of the power efficiency
for different values of the duty cycle and different values of
the load are shown. The values of Rload and the duty cycle
determine the amplitude of the output voltage. In Fig. 9, the
measurements were stopped when the peak voltage across the
load was 18 V. Exceeding this voltage would mean that some
transistors would work out of their safe operating region.

The lowest value of the duty cycle (i.e. 4%) corresponds
to the lowest ETI voltage (≈ 2 V). With such a low output
voltage, the losses are dominated by the on-resistance of
the high-voltage switches involved in the conversion, i.e.
conduction losses. As the duty-cycle increases, the voltage
across the ETI increases and the impact of the conduction
losses on the power efficiency becomes less important. Hence,
the power efficiency increases. Thanks to the gate driving
technique presented in the previous section, the power wasted
due to the operation of the switches, i.e. switching losses,
stays relatively constant with respect to the duty-cycle. As
the duty-cycle increases and approaches its highest values, the
switching losses become dominant, as they are proportional
to the output voltage. As a consequence, when the duty-cycle
increases further, the power efficiency starts degrading.



Power efficiency

5 10 15 20 25 30 35 40 45
0

20

40

60

Duty Cycle (%)

η
(%

)

Rload = 200 Ω
Rload = 500 Ω
Rload = 1000 Ω

Fig. 9: Measurement results of the power efficiency for different load
and duty cycle values.

B. Biphasic pulse and multichannel operation

The authors have not noticed any significant reduction in
power efficiency when more channels are used at the same
time. Therefore, the power-efficiency measurements shown in
Fig. 9 are valid even when 8 channels are operated simulta-
neously. However, if more channels were to be added to the
H-bridge, the parasitic capacitance at node B of Fig. 3 would
increase even further. Consequently, the energy wasted due to
this parasitic capacitance would increase and the power effi-
ciency would decrease. In Fig. 10, a single-channel biphasic
stimulation is shown. The number of pulses injected into the
ETI equals 100. Since it is the only channel being stimulated,
the duration of the cathodic phase is tcathodic = 100µs.

In Fig. 11 by operating two channels simultaneously, the
multichannel operation is illustrated. The 1 MHz pulses gener-
ated by the inductor are delivered to the two activated channels
in an interleaved fashion, as sketched in Fig. 1 c). Hence,
as discussed in Section III C, each channel receives its own
pulses every 2µs. In particular, the anodic phase of Channel 2
is performed while Channel 1 is being stimulated. This means
that each channel receives its own pulses every 2µs.

Part of the cathodic phase of Channel 2 is performed while
Channel 1 is not operated. During this time, Channel 2 is the
only channel being stimulated, hence it receives its own pulses
at a rate of 1 MHz. As a consequence, for Channel 2, the
duration of the anodic and the cathodic phases are different.

C. Measurements in saline solution

The proposed stimulator has been tested using real elec-
trodes immersed in a phosphate buffered saline (PBS) solution
bath. The 8-contact electrodes are commercially used for
spinal cord stimulation. For a complete characterization of
the electrodes in the PBS solution, electrochemical impedance
spectroscopy (EIS) experiments were carried out. Between
two electrodes, a 50 mV RMS sinusoidal signal was applied

(a)

(b)

Fig. 10: (a) Single-channel biphasic pulse with tcathod = 100µs,
Rload = 200 Ω, Cload = 500 nF and duty cycle = 15%. (b)
zoom showing the high-frequency pulses injected into the RC model
electrode.

(a)

(b)

Fig. 11: (a) Multichannel operation when two independent channels
are stimulated. For Channel 1: Rload = 500 Ω, Cload = 100 nF,
duty cycle = 8% and for Channel 2: Rload = 200 Ω, Cload =
500 nF, duty cycle = 15% . (b) Zoom of two independent channels
operated simultaneously.

and the impedance was measured using a frequency response
analyzer (FRA). The impedance measured between the two
electrodes over a 1 Hz − 100 kHz frequency range is shown
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Fig. 12: Module and phase of the electrodes’ impedance immersed
in the PBS solution bath.

in Fig. 12. The electrode-tissue interface is characterized by
two main contributions: a resistive and a capacitive. At a
sufficiently high frequency (e.g. f > 103 Hz) the resistive
part of the electrode-tissue interface dominates. Hence, from
Fig. 12, we can conclude that Rtissue = 154 Ω. At low
frequencies (e.g. f < 10 Hz), the impedance of the electrode-
tissue interface is dominated by the capacitive contribution. By
using a curve fitting technique, the FRA found the capacitive
contribution to be Ctissue = 13µF.

Fig. 13 (a) shows a biphasic stimulation pulse when the elec-
trodes are immersed in a PBS solution. For this stimulation,
the settings are Tcathode = 200µs and duty cycle = 44%,
leading to a peak stimulating voltage of approximately 11 V.
Fig. 13 (b), shows the measurement setup in detail.
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Fig. 13: (a) Measured biphasic stimulation pulse with spinal-cord
stimulation electrodes immersed in a PBS solution bath. tcathod =
200µs and duty cycle = 44%. (b) Zoom of the biphasic pulse
showing the inter-pulse delay. (c) Detailed measurement setup. An
Arduino Uno is used to program the stimulator via an SPI interface,
the 8-contact electrode immersed in a PBS solution bath and a Rohde
& Schwarz oscilloscope used to capture the waveform.

V. COMPARISON AND DISCUSSION

Many different implementations of neural stimulators can be
found in literature. The specifications and constraints of the
stimulator heavily depend on its application. One can think of
retinal implants and deep brain stimulators. The former tend to
have a larger number of electrodes (up to thousands). The lat-
ter, however, often deliver more power to the excitable tissue.
As a result, evaluating circuits with different specifications and
constraints can lead to a meaningless comparison.

In order to have a quantitative evaluation of the perfor-
mances of various stimulator circuits, a Figure of Merit (FOM)
was introduced in [15]. Given a stimulator system with N
channels, its FOM is defined as:

FOM =
IdcPsystem

2N∆Vsupply(IcathTcathfstim)2
(5)

where Idc is the residual DC current after charge balancing,
Psystem is the total power consumption, ∆Vsupply is the
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Fig. 14: Power efficiency comparison when the ETI is modelled as
Rload = 200 Ω, Cload = 500 nF.

maximal compliance of the stimulator, Icath is the average
current during the cathodic phase, Tcath is the duration of the
cathodic phase and fstim is the stimulation rate. The FOM is
dimensionless. An ideal neural stimulator has a FOM= 0. The
FOM of the most recent neural stimulators along with their
performance are reported in Table I. The FOM, as defined in
[15] is only applicable to CMS and VMS. Hence, Eq. 5 does
not hold for [16] and [20], as they present a switched-capacitor
based stimulator.

This work, [2], and [21] propose an implementation of
a UHF stimulator and tend to have a lower FOM. This
is mainly due to the fact that, for UHF stimulators, the
maximum stimulation voltage, named ∆Vsupply in Eq. 5, tends
to be higher for any given charge transferred to the tissue
(Icath Tcath). The stimulator presented in [20] has the highest
peak power efficiency (80.4%). However, it requires 2 external
storage elements per channel, bringing the total number of
external capacitors to 8. Moreover, the 4 channels can be
operated neither simultaneously nor independently. Hence, the
system presented in [20] does not scale well in applications in
which hundreds of channels need to be operated. Likewise in
switched-capacitor stimulators, the system in [20] also suffers
from power efficiency degradation when the charge delivered
to the tissue needs to be regulated.

The proposed design offers a peak power efficiency of 68%
with 8 independent channels and only one external component,
the inductor, shared among all the channels. Moreover, the
need for an external high-voltage power supply is avoided.

In Fig. 14, the power efficiency of the proposed UHF
stimulator is compared with our previous implementation [2].
For low duty-cycle values, conduction losses dominate. The
output peak voltage is in the order of a few volts and the
voltage drop across the diode, which typically is around
VDROP = 0.6 V, is comparable to the output voltage. Hence,
by avoiding the use of the diode, the power efficiency can
be boosted up to three times. For low duty cycle values, the

power efficiency is now limited by the energy dissipated by
the resistor placed between the gate and source terminal of
transistor MP of Fig. 3. Implementing an even more efficient
gate-driving technique would allow, for low duty-cycle values,
to boost the power efficiency even further.

The main limitation to increase the number of electrodes
even further is the gate-to-source parasitic capacitance of
all the MP switches connected at Node B (Fig. 3). This
limitation can be easily overcome in applications, in which the
stimulating current is in the order of µA. This allows to reduce
the size, and therefore the parasitic gate-to-source capacitance,
of the MP switches. If we reduce the current delivered to
the tissue by 10 times, the size of each MP transistor can
be reduced by the same amount. This would allow, given
the same parasitic capacitance at Node B, to have 10 times
more electrodes, bringing the total number of electrodes to
160. Another approach to increase the number of electrodes
without increasing the capacitance at Node B would be to
arrange the H-bridge in several blocks. Each block is made
of a fixed number of electrodes (e.g. 16) and one additional
switch that connects the block to Node B. Every time a pulse
is generated by the core circuit, the digital control module
decides which block is used and within the block which pair
of electrodes receives the pulse. A combination of the two
mentioned approaches could scale the number of electrodes
up to several hundreds.



TABLE I: COMPARISON OF PERFORMANCE

This work [3] [2] [22] [14] [16] [21] [23] [20]

Application Gen. Purpose Retinal Gen. Purpose Gen. Purpose Nerve Stimulation Gen. Purpose Neuroprostheses DBS DBS

Process 0.18µm 1.5µm 0.18µm 0.35µm 0.18µm 0.18µm 0.6µm
0.18µm

(low-voltage) 0.35µm

Operating voltage 3.5 V ±1.75 V 3.5 V 3.3 V 1.8 V 5 V 5 V 3.3 V ±2.1 V

Channels 8 1 8 1 8 1 1 1 4

Electrodes
16

(fully arbitrary)
15

(monopolar)
16

(fully arbitrary) 2
16

(Non-reconfigurable) 2 2 2 8

HV Generation Not needed Inductive link External 20 V N.A. Integrated Charge pump On-Chip External 12 V Integrated Charge pump -

Stimulator peak Efficiency 68 % 39% 57% 35− 50%
82%

(DC-DC converter only) 49% − 56% 80.4%

Stimulation type CMS CMS CMS CMS CMS SCS CMS CMS SCS

FOM (∗103) 0.0075 0.4 0.009 − 71.2 N.A. 1.15 0.67 N.A.

Stimulation Current < 10 mA 0.4 mA < 10 mA < 450µA 2µA− 504µA - <= 1 mA 0.2 mA− 3 mA <= 4 mA

Load Impedance 100 Ω − 1 kΩ 1.15 kΩ 100 Ω− 1 kΩ 500 Ω− 2 kΩ - 1.79k Ω− 4.8 kΩ - 4 kΩ 0.5 kΩ

Multichannel Efficiency Yes No Yes No Yes No Yes No No

# of external components 1 N.A. 1 3 0 0 0 0 8

VI. CONCLUSION

This paper presents the design and the measurements results
of an 8-channel current-mode neural stimulator. A novel zero
current detection scheme has been discussed which allows to
remove the freewheel diode usually used in DC-DC converters.
A gate-driver circuit allows the use of thin-oxide transistors
as high-voltage switches, eliminating the need to control the
switches from an external high-voltage supply. A prototype IC
was fabricated in a standard CMOS process. Measurements
results show a peak power efficiency of 68% and prove
multichannel operation. The implementation presented in this
work achieves the lowest FOM with respect to the state of the
art.
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