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Abstract—This paper presents a fully intraocular self-calibrating epiretinal prosthesis with 512 independent channels in
65 nm CMOS. A novel digital calibration technique matches
the biphasic currents of each channel independently while the
calibration circuitry is shared among every 4 channels. Dual-band
telemetry for power and data with on-chip rectifier and clock
recovery reduces the number of off-chip components. The rectifier
utilizes unidirectional switches to prevent reverse conduction loss
in the power transistors and achieves an efficiency
. The
data telemetry implements a phase-shift keying (PSK) modulation scheme and supports data rates up to 20 Mb/s. The system
occupies an area of
. It features a pixel size of
and arbitrary waveform generation per channel.
In vitro measurements performed on a Pt/Ir concentric bipolar
electrode in phosphate buffered saline (PBS) are presented. A
statistical measurement over 40 channels from 5 different chips
and
.
shows a current mismatch with
The chip is integrated with flexible MEMS origami coils and parylene substrate to provide a fully intraocular implant.
Index Terms—Biomedical, calibration, data telemetry, epiretinal
prosthesis, implantable biomedical devices, neural interfaces,
neural prosthesis, neural stimulator, neurostimulator, power
telemetry, retinal prosthesis, self-calibrating.

I. INTRODUCTION

R

ETINAL degenerative diseases such as retinitis pigmentosa (RP) and age-related macular degeneration (AMD)
are leading causes of blindness [1], affecting millions worldwide. RP and AMD damage the photoreceptor cells (rods and
cones) resulting in profound vision loss, but leave the inner
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Fig. 1. Retinal Prosthesis (Image courtesy of [15]).

retinal cells (bipolar, horizontal and ganglion cells) functional
[2]–[4]. Retinal prostheses Fig. 1 aim to restore vision in these
patients by bypassing the damaged photoreceptors and directly
stimulating the remaining healthy neurons. There are three main
approaches in retinal prostheses which are based on the location
of the electrode array: epiretinal, subretinal and suprachoroidal
approaches. In an epiretinal prosthesis the electrode array is
placed in front of the retina, in a subretinal prosthesis it is placed
between the retina and the retinal pigment epithelium, and in
a suprachoroidal prosthesis it is placed between the choroidal
and the sclera. Each method presents different requirements in
terms of space, medical procedures, and electrode-tissue interface [5], and each has its own advantages and disadvantages.
Further discussions on these techniques are well summarized in
[1], [5]–[20].
The prosthesis stimulates the retina using electrical stimulation. Fig. 2(a) shows a model of the stimulator array
and the electrode-retina interface. This interface presents a
high impedance as a result of the small size of the electrode
diameter). The stimulator, which can be modeled
as a charge-pump, generates a biphasic current waveform to
stimulate the retina Fig. 2(b). During the first phase, charge is
injected into the tissue, which changes the membrane potential
of adjacent cells and makes them fire. In the second phase,
this charge is removed from the tissue reducing the residual
charge close to zero. This is important because any remaining
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Fig. 2. (a) Model of the stimulator array and electrode-retina interface, where
represents the double-layer capacitance,
the faradaic charge transfer,
the solution impedance. (b) Stimulation current waveform.
and

charge beyond tolerable limits can cause electrolysis that may
result in tissue damage and electrode corrosion. Therefore,
charge-balanced stimulation is essential and requires anodic
and cathodic currents to be equal. Another significant characteristic is the stimulation waveform. The shape and duration of
each phase, as well as the interphase delay and the period are
important stimulation parameters. Several studies have shown
that more sophisticated waveforms such as high-frequency
pulse trains, asymmetric biphasic pulses, or non-rectangular
shapes (Gaussian, linear and exponential), present advantages
over biphasic pulses [21]–[24]. A recent publication [25] has
proved that flexible stimulation such as step-down current
pulse shape can potentially reduce the required voltage compliance by 10%-15%. Thus, having a highly flexible stimulation
waveform is desirable and allows further studies in stimulation
efficiency, color perception and multi-channel stimulation [5],
[24], [26].
Recent work on retinal prostheses has shown significant
progress over the past decade. Clinical trials have proven
to successfully provide visual restoration with an acuity on
the order of 20/1200 to blind patients suffering from retinal
degeneration [1]. Simulation studies in normally sighted subjects have predicted that hundreds of channels are needed to
restore functional visual perception to a degree that will enable
tasks such as reading and face recognition [20]. In recent
epiretinal prostheses, the number of electrodes has increased
considerably, achieving up to 1024 channels [27] using a 1:4
demux scheme and limiting the functionality of the system to
biphasic pulses. However, previous work has used extraocular
implants with a trans-sclera trans-choroid cable to connect the
electrode array to the retina [11], [12], [17], [28]. Although this
method results in a less invasive surgery [12], this cable can
cause infection and low intraocular pressure (hypotony) in the
long term. To avoid the use of such a cable, a fully intraocular
implant is desired. Intraocular coils as well as low power and
small size electronics are needed. The former requires the
development of high-Q flexible intraocular coils. For the latter,

it is essential to reduce off-chip components such as crystal
oscillators and diodes, and to make the chip smaller and low
power.
Initial designs targeted current levels up to 1 mA to ensure
stimulation of retinal cells. For such designs, an output compliance of
was required [24], [28] due to the high
impedance of the electrode-retina interface Fig. 2(a). Therefore,
high-voltage (HV) technologies were used at the expense of area
and power consumption [5], [24], [28]–[30]. Human clinical
trials have recently shown that implanted electrodes present a
stimulus threshold as low as
for a
diameter electrode implanted in the macular region [20], [31]. In addition,
advances in implant technology promise close placement of the
electrode array and retinal tissue, which can further decrease the
required current. This opens a window for highly scaled technologies to reduce area and power, and to support hundreds of
flexible channels for fully intraocular implants.
In this work, a fully intraocular high-density self-calibrating
epiretinal prosthesis implemented in 65 nm CMOS is presented.
It provides charge-balanced stimulation with highly flexible
waveforms. It features dual-band telemetry for power and
data, on-chip rectifier and clock recovery, a digital calibration
technique to match biphasic stimulation currents, and 512 independent channels capable of arbitrary waveform generation.
This paper is organized as follows. Section II describes the
system architecture. Section III reviews the calibration methods
for neural stimulators and presents the proposed calibration
scheme. Detailed circuit-level implementation of the proposed
self-calibrating stimulator is presented in Section IV. In vitro
experimental results using a Pt/Ir bipolar electrode in PBS and
comparison with the state of the art are presented in Section V.
Finally, Section VI summarizes the work presenting the conclusions.
II. SYSTEM ARCHITECTURE
The system architecture of the fully intraocular implant is
shown in Fig. 3. It consists of two intraocular coils, the 65 nm
IC, off-chip capacitors, electrode array, and the biocompatible
flexible parylene substrate. Power and data are wirelessly
transmitted to the implant using dual-band telemetry via a pair
of inductively coupled coils. The power telemetry operates
at 10 MHz and produces 4 different supplies:
for
stimulation and
for the rest of the system. The data
telemetry recovers the clock from the power signal and produces 160 MHz and 20 MHz clocks. These signals are used
by the phase-shift keying (PSK) receiver to demodulate the
20 Mb/s data. The stimulator array presents 512 independent
channels which are grouped into 8 blocks of 16 4-channel
stimulators. The global logic receives and demultiplexes the
data to each block, running at 20 MHz.
A. 3-Coil Power Transmission
Fig. 4 shows the 3-coil power transmission scheme [32]. The
transmitter coil (L1) has an outer diameter (OD) of 42 mm and
is placed on external eye-glasses. The buffer coil (L2) is smaller
(20 mm OD) and is placed inside contact lenses. The intraocular
receiver coil (L3) is a flexible MEMS origami foil coil. It is
placed in the anterior chamber of the eye after the crystalline
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Fig. 3. Fully intraocular epiretinal prosthesis system architecture (modified from [26]).

Fig. 5. Schematic of the power telemetry. DC-DC conversion sequence:
,
,
(modified from [26]).

B. Power Telemetry

Fig. 4. Three-coil inductive power transmission (modified from [26]).

lens is removed. This imposes hard constrains on its size (
OD) and weight (
in saline). The intraocular
coil presents a Q of 24 at 10 MHz in air, 10 mg of mass in saline,
and a size of 10 mm OD and 1 mm thickness. The distance
between L1 and L3 and the small size and weight of the latter
reduces the coupling coefficient
drastically. The insertion of
the buffer coil enhances coupling coefficients
and
due to
its high Q and close proximity to the eye. This scheme achieves
an efficiency of 36% with 1 inch separation in saline, showing a
5x improvement over the 2-coil scheme [32]. It is comparable to
the 40% efficiency of the extraocular 2-coil scheme with 18 mm
separation presented in [33]. Capacitors C1, C2 and C3 resonate
coils L1, L2 and L3, respectevely. Further information about the
3-coil power transmission scheme can be found in [32].

The power telemetry Fig. 5 operates at 10 MHz. It consists
of a full-wave rectifier, a positive and a negative bandgap reference, three DC-DC converters and four low-dropout (LDO)
regulators. To reduce the number of off-chip components, an
on-chip rectifier was implemented to replace the external diodes
used in previous designs [5], [11], [17], [28]. It rectifies the incoming power signal to output
which is then used by the
DC-DC converters to generate
and
. These signals are used by the LDO regulators to produce the supplies
and
. Reference voltages for the LDO regulators
are generated by the bandgaps. The rectifier, DC-DC converters
and LDO regulators are optimized for efficiency achieving
,
and
, respectively, for a total combine efficiency of 65%.
The schematic of the proposed full-wave rectifier is shown in
Fig. 6(a). In order to increase the efficiency of this stage, two
unidirectional switches are used to prevent reverse conduction
loss in the power transistors. A comparison between a pass transistor switch and the proposed unidirectional switch Fig. 6(b)
shows the advantages of the latter over a traditional implementation. In a pass transistor switch, when
,
the transistor M0 is in forward conduction and power is transferred from the input to the output. However, when
decreases lower than
while
is still low
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Fig. 6. (a) Transistor-level schematic of the proposed full-wave rectifier
(modified from [26]). (b) Comparison between the pass transistor switch and
the unidirectional switch showing the reduction in reverse conduction loss.

, reverse conduction occurs. This is not desired and reduces the efficiency of the stage considerably. In the proposed
switch, reverse conduction is minimized by the addition of transistors M1-M3. When
, transistors M2 and M3
are off and leave transistor M1 on. This transistor shorts the
gate of the power transistor M0 to
and turns it off. When
, transistors M2 and M3 turn on, turning M0 on by
reducing its gate voltage. Therefore, forward conduction occurs
when
while reverse conduction is limited to
. Simulation results are also shown
in Fig. 6(b). A color scheme shows the three regions of operation of the switch: forward conduction, reverse conduction and
cut-off. It can be seen that the reverse conduction region is minimized when the unidirectional switches are used. This technique
improves the efficiency of the stage to more than 80% while delivering
.
The DC-DC converters are implemented using charge-pump
circuits. A single stage charge-pump circuit is used to generate
while two stages of charge-pump are cascaded to generate
and
from the output of the rectifier. This last
charge-pump circuit is shown in Fig. 7(a).
The regulator that generates Vdd employs a feed-forward
ripple cancellation scheme and is shown in Fig. 7(b). This technique filters out the input ripples by replicating the same ripples

Fig. 7. Schematics of the (a) charge-pump DC-DC converter that generates
and
, (b) feed-forward ripple cancellation LDO regulator that
generates Vdd (modified from [26]), and (c) LDO regulator that generates -Vdd
.
and

at the gate of transistor M1 through the feed-forward path. Resistors R1 and R2 set the feed-forward gain to cancel the noise
from the main signal path. In addition, due to the inherent high
bandwidth of the feed-forward configuration, significant PSRR
is achieved at high frequencies [34]. To further enhance the
PSRR bandwidth, a zero is introduced in the summing amplifier to cancel the dominant pole of the system. Three additional
regulators, as shown in Fig. 7(c), are employed to generate -Vdd
and
for the stimulation circuitry.
C. Data Telemetry
The schematic of the data telemetry is shown in Fig. 8(a). It
implements a pseudo-differential PSK demodulator with gain
control and a PLL for clock recovery. The multiplication factor
in the PLL allows for the use of the 10 MHz power signal as
a reference to generate I/Q 160 MHz clocks for down-conversion and a 20 MHz clock for the data slicers. This alleviates
the need for an external reference which, in previous designs,
was provided by an external crystal oscillator [27], [28]. The
LNA Fig. 8(b) is a single-ended cascode amplifier with gain
control. The gain control is obtained by a 3-bit programmable
bias scheme. These bits modify the transconductance of M1 by
changing its bias voltage and drain current, providing a minimum gain of 10. The LNA presents a narrow-band
input
impedance at 160 MHz set by the capacitor C, the transistor M1,
the bias network, and the external coil. The buffer Fig. 8(c) is
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Fig. 9. (a) Schematic of the global logic and stimulator array showing scan
chain connections. (b) Communication protocol for data transmission.

D. Stimulator Array

Fig. 8. Schematic of the (a) data telemetry and clock recovery [26], (b) LNA
with gain control, (c) differential buffer, and (d) passive-mixer.

a hybrid differential common-source/common-drain amplifier
which improves the voltage-gain to
.
The output of each buffer is then mixed by a passive-mixer
with the I/Q 160 MHz clocks, respectively. Passive-mixers Fig.
8(d) were chosen to reduce power consumption. The size of the
mixer switches is optimized to minimize the voltage drop and
non-linearity effects. The low-pass filter is added at the output
of the mixer and is implemented by a passive RC-filter. The
low-power sense amplifier is a standard Strong-Arm latch followed by a SR latch.
Given the following input signals:

(1)
(2)

The stimulator array, shown in Fig. 9(a), is composed of 512
independent channels grouped into 8 blocks. Each block consists of 16 4-channel stimulators, which are explained in detail
in Section III and Section IV. The input of each stimulator is serialized and connected to all stimulators in the same block. This
makes a 256-bit scan chain per block (4-bit per channel). The
8 scan chains are connected to the outputs of the global logic.
The global logic receives the demodulated data, processes it and
demultiplexes it into 8 bit streams running at 20 MHz. It implements the communication protocol shown in Fig. 9(b). In case of
communication error, the whole package is discarded, the scan
chains are reset, and all the stimulators receive a zero input.
In this work a high resolution current-based stimulation
scheme has been utilized. The voltage-based stimulation technique reported in [35] promises high energy-efficiency, but it is
more suitable for relatively long stimulation pulses (more than
8 ms). A global reference current, generated by the bandgap, is
distributed to each stimulator using a tree structure. Cascode
current mirrors with transistors biased in strong inversion are
used to minimize current variations. Simulation results showed
that the reference current at each 4-channel stimulator has a
while distributing
.
E. Multi-Chip Configuration

where A is the amplitude of the received signal and
, the datapath produces 2 data streams

(3)
(4)
. Each data stream supports data
where
rates up to 20 Mb/s, for a combine data rate of 40 Mb/s, although
only 20 Mb/s is required for single-chip operation. The datapath
and PLL consume 2.3 mA and
, respectively.

An additional feature of the system is its capability for 2-chip
configuration in a Master/Slave fashion. In this case, both coils
(power and data) are connected to the master chip which generates the supplies and demodulates the data. In particular, it produces 2 data streams
and
Fig. 8(a) according to (3)
and (4). One of them is used in the master chip while the other is
sent to the slave chip. The power and data telemetry circuits in
the slave chip are shut down, since it receives the supplies and
data stream from the master chip. Thus, both chips can be integrated in parylene to support 1024 independent channels. As the
number of required electrodes for retinal prosthesis continues to
increase, this technique will allow the use of multiple chips to
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configure a network to scale up the number of channels of the
design with only minor modifications.
III. CALIBRATION METHODS FOR NEURAL STIMULATORS
Matching the current or charge of biphasic stimulation is an
important design consideration in neural implants. Previous
studies in cochlear implants have shown that a residual DC
current of more than 100 nA is highly correlated with neural
tissue damage [36] and that this value has been suggested as a
safety limit [37]–[39]. However, a safety limit for retinal prosthesis has not been established yet and it depends on electrode
material, electrode size and shape, as well as charge density
[40], [41].
A large DC blocking capacitor in series with the electrode can
reduce the residual DC current to minimal levels
[30],
but hundreds of capacitors in the nF range are not realizable for
retinal prostheses [42]. Simple passive charge-balancing techniques rely on shorting the stimulation electrode to the counter
electrode. The effectiveness of this technique depends on the
initial charge imbalance, the time constant associated with the
electrode-tissue interface, and the available time for the discharge phase [30]. The charge error after stimulation
is caused by the mismatch between anodic and cathodic currents, and the difference between the duration of each phase.
For example, a
mismatch between stimulation currents
in a 2 ms 100 Hz biphasic pulse with 1 ms duration at each
phase (i.e., pulse duration difference is negligible) generates a
. Assuming there is no interface
delay, the discharge phase is
.
For a stimulation period T and a time constant
, where
is the shorting switch resistance,
is the tissue resistance and
represents the double-layer
capacitance of the interface, the net DC current error is defined
as

(5)

Fig. 10. Model of the proposed calibration scheme and illustration of the nonand
due to process variation.
ideal initial characteristics of

power consumption. Furthermore, they rely on constant output
current that limits them to biphasic pulses.
Active charge balancers [5], [24] monitor any residual charge
in the tissue after every stimulation and keep this charge within
a safety window of
. Two different approaches
have been presented: Active charge balancers based on pulse
insertion and based on offset regulation. The former cancels the
remaining charge instantaneously via short current pulses [5]
while the latter cancels the remaining charge in the long-term
by adjusting the offset of the stimulation currents [24], [43]. The
precision of charge balance in this technique is a function of the
capacitance of the electrode-tissue interface [30]. In addition,
this compensation depends on the output waveform and changes
for different wave shapes.
In this work, we propose a digital calibration technique to
match anodic
and cathodic
currents, and to reduce area and power consumption. The calibration needs to run
only once when the implant is turned on (e.g., daily).
B. Two-Step Digital Calibration Scheme

which is equal to 34.74 nA. Although this value is less than
100 nA, for reasons of patient safety, it is desirable to achieve
a more precise charge balance with a DC current error close to
the level produced by DC blocking capacitors [30]. Therefore, it
is important to reduce the initial charge imbalance by matching
anodic and cathodic currents with high precision [5], [24].
A. Previous Work
Several methods to achieve charge-balanced stimulation have
been reported in the literature. An analog negative feedback
technique to sample and hold a correction current to improve
current matching has been used in [29]. A similar technique,
dynamic current matching, is used in [30]. Here, a single DAC
generates the cathodic current which is sampled by a pmos transistor to produce the anodic current. These schemes require the
use of large capacitors to store the sampled voltage for the duration of both phases. This increases the area of the stimulator considerably, making them not suitable for a multi-channel implant.
They also need to run for every stimulation which increases the

A model of the stimulator connected to the calibration circuitry is shown in Fig. 10. Two switched resistors are used to
sense the output current
during calibration. The high resistor
increases the conversion gain when
is low, while
the low resistor
ensures voltage compliance when
is
high. This measured voltage
is then compared to
to
produce a digital output that is sent to the local logic. Based on
this result, the local logic adjusts two current DACs to calibrate
the stimulation currents. As illustrated in the same figure, anodic and cathodic currents differ from an ideal behavior due to
process variation. To compensate for this difference, a two-step
digital calibration scheme is proposed. During the first step, the
offset of
, which is the current value at zero input, is cancelled. In the second step,
is matched to
by reducing
their difference
.
1) Step 1: To measure the offset of
,
is connected
to the output, a zero input is set, and the
current source
is turned on. As a result, the offset of
flows to
. The
voltage across this resistor
is then compared to
.

MONGE et al.: A FULLY INTRAOCULAR HIGH-DENSITY SELF-CALIBRATING EPIRETINAL PROSTHESIS

753

Fig. 11. Conceptual model of the two-step multi-point calibration scheme [26].

Based on this, the calibration current
is changed to adjust
until the comparator switches. Finally, the value of the
calibration DAC is stored in a local register. For this step,
is set to
to account for the fact that the offset of
flows from
to the current source making
always negative. In order to switch the comparator,
is compared to a
small negative voltage so that, when the offset gets reduced, the
comparator switches.
2) Step 2: To measure
,
is connected to the output
and both currents are turned on so that
flows to
. Using
the same method as the previous case with
set to 0 V (since
can flow in both directions), the calibration current
is
adjusted to reduce
. Then, the calibration value is also stored
in a local register.
3) Multi-Point Calibration: Since the slope of the two currents can vary, reducing
at one point does not guarantee to
match them over the entire range. To overcome this issue, the
output current range is split into regions and a distinct calibration is performed for each region. By increasing the number of
calibration points, the overall difference of the currents
gets
reduced over the entire range. In this design, for the target mismatch of
that correspond to
, a 5-point calibration
scheme was chosen.
Fig. 11 illustrates the conceptual model of the calibration
scheme. Simulation results from a Montecarlo simulation are
shown in Fig. 12. The calibration scheme was able to adjust
the currents in all cases and achieve significant improvement
in matching. The current mismatch after calibration has a mean
of
and standard deviation
of
. Details
of the implementation and analysis of the effects of process variation in the calibration scheme are explained in Section IV-B.
IV. SELF-CALIBRATING 4-CHANNEL STIMULATOR
The circuit level implementation of the proposed stimulator
is shown in Fig. 13. It consists of 4 independent current drivers,
which share calibration circuitry and local logic. Each current
driver presents a 5 V output stage and produces an arbitrary
output waveform with 4 bits of resolution at
timesteps. A 4-bit input signal determines the input current . This
current is mirrored to the output stage to produce either the anodic current
or the cathodic current
, depending on
the stimulation phase. The local logic controls the stimulation
and the calibration. It has a serial interface that enables the use

Fig. 12. Montecarlo simulation of the two-step calibration scheme showing a
and
.
current mismatch with

Fig. 13. Detailed schematic of the self-calibrating 4-channel stimulator
(modified from [26]).

of simple cascade connections to build the array. It is important
to mention that while the calibration circuitry is shared among
every 4 channels, each channel is calibrated independently.
A. Current Driver
The schematic of the current driver is shown in Fig. 13. To enable robust operation with high output voltage, low-headroom
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Fig. 15. (a) Schematic of the output stage of the current driver.
and
are dynamically biased to avoid stressing the transistors. (b) Model of the
protection transistors M4-M6 showing how accumulated charge is removed
prior to stimulation.

Fig. 14. Schematics of (a) current mirror (modified from [26]) and (b) highvoltage switch.

current mirrors and protection transistors have been used. Lowvoltage (LV) transistors are used extensively, and high voltage
transistors are used only for protection. A 5 V output stage is
designed using 1.2 V core and 2.5 V I/O transistors, and is limited by the nwell-substrate junction breakdown voltage (6 V in
this process).
Low-headroom current mirrors are used at the output stage to
increase the voltage compliance. The current mirror is a variation of [44] and presents a high output resistance with low headroom Fig. 14(a). Two current sources bias transistors M4 and
M5 and reduce the drain voltage of M1 and M2 for low-headroom operation. M3 increases the loop gain, which increases
the output resistance. The circuit is optimized for low headroom
at the expense of higher mismatch. However, this mismatch is
compensated by the calibration scheme. Transistors M6 and M7
are added to either increase or decrease
according to the calibration by mirroring the calibration current
.
In order to connect the electrode or the calibration circuit to
the current driver, the switches have to tolerate voltages in the
range of
, where
is the
headroom of the current mirror. A traditional complimentary
switch implemented with I/O transitors cannot be used because
it will present
between its terminals. To overcome this,
a HV switch that limits the voltage between transistor terminals
to
has been designed Fig. 14(b).
and
bias
transistors MP1 and MN1 to withstand the input voltage swing,
while
and
open or close the switch. Transistors MN3
and MP3 are used to reduce the voltage at middle nodes (
and
) when leakage current flows through the switch. The
HV switch has two modes of operation when it is turned on,
depending on the required input voltage swing. For a low swing
of
Vdd (i.e., calibration phase, discharge phase),
and
are set to -Vdd while
and
are set to +Vdd. For

a higher swing (i.e., stimulation phase),
,
,
and
are set to 0 V to withstand the voltage swing. It is important to
mention that in this last mode
for
;
nevertheless,
for all cases.
Fig. 15(a) shows the output stage of the current driver. It is
implemented using a stack of 6 I/O transistors. Since the current mirrors are implemented with core transistors, the voltage
across them has to be
. To achieve that, the gate voltage
of transistors M1 and M6 are set to +Vdd and -Vdd, respectively. To avoid stressing the transistors, the gate voltage of
M3 and M4 are dynamically biased according to the stimulation phase, while
and
are set to 0 V. During anodic
phase (
is on and
),
is set to 0 V turning
M3 on. During cathodic phase (
is off and
),
is set to -Vdd to distribute the almost 5 V (4 Vdd) across
transistors M1, M2 and M3 keeping the voltage across the current mirror Vdd. A similar analysis can be done for the
current, setting the values for
to be +Vdd and 0 V during
anodic and cathodic phase, respectively.
Between stimulation phases (interphase delay and discharge
phase), the current driver is disconnected from the electrode and
both stimulation currents (
and
) are turned off. In
this state, protection transistors in the output stage of the current
driver (M1-M6) accumulate charge due to the body effect. Since
these transistors share the same substrate (p-well for nmos and
n-well for pmos), each transistor accumulates different amount
of charge proportional to its
. This is shown in Fig. 15(b) for
transistors M4-M6, where
,
and
are 3 Vdd, 2
Vdd and Vdd, respectively. The red bar in the figure represents
the accumulated charge. In order to guarantee charge-balanced
stimulation based on calibrated stimulation currents, this charge
is removed via a switch prior to stimulation.
B. Calibration
Fig. 16 shows the schematic of the calibration circuitry connected to the local logic and a simple model of the current
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Fig. 16. Schematic of the calibration circuitry.

Fig. 18. Die micrograph of the epiretinal prosthesis, layout of the 4-channel
stimulator (4 independent channels sharing local logic and calibration circuitry),
and picture of the prototype of the implantable system (modified from [26]).

transistors in strong inversion. The drawback is a slightly higher
power consumption.
Fig. 17. Arbitrary waveform generation.

C. Local Logic

driver.
and
sense the output current
. A self-biased pmos common-source amplifier with pmos load, implemented with I/O transistors, is used as a pre-amplifier to provide gain with good linearity and to bias and protect the comparator. A strong-arm sense amplifier is used as the calibration
comparator and is implemented using core transistors. In this
design,
,
,
(step 1)
or 0 V (step 2), and the calibration DACs have 5-bit resolution
with
set to
.
The resolution of the calibration is set by the minimum detectable voltage
, which is defined as:
(6)
is the reference current of the calibration DACs
where
and
is
or
, depending on the calibration step. To
maximize current matching,
is designed according to the
following expression:
(7)
where
(8)
Thus, the variation of
becomes the dominant factor. This
variation is minimized by increasing the size of the transistors
in the bias network and by distributing a current that bias these

The local logic controls the calibration and the stimulation,
and stores the calibration values. It runs at a low frequency clock
of 10 kHz to save power and consumes
, which is mostly
due to leakage. It implements six finite state machines (FSM).
Four identical FSMs control the current drivers and produce independent channels. A separate FSM controls the calibration of
each channel which is performed in a serial fashion. Finally, an
arbiter controls the global operation of the local logic.
Fig. 17 shows how the arbitrary output waveform is generated. A data sequence with 4 bits of resolution defines the amplitude of the waveform every
. The first non-zero values
correspond to the first phase. Then, a group of zeros sets the interphase delay. The next group of non-zero values defines the
second phase. Finally, after both phases, the last group of zeros
(discharge phase) ends the biphasic stimulation and shorts the
electrode to ground. Any remaining charge imbalance is then
removed during this phase.
V. MEASUREMENT RESULTS
The prototype was fabricated in a 65 nm LP bulk CMOS
process. The die micrograph and stimulator details are presented
in Fig. 18. The chip occupies an area of
, including
the extra area needed for parylene integration (0.4 mm on the
bottom, 0.2 mm on the sides and top). The 4-channel stimulator
occupies an area of
including pads, ESD structures and bypass capacitors, for a pixel size of
.A
picture of the prototype of the implantable device is also shown
in the same figure.
The functionality of the system was verified using a
inner/outer diameter Pt/Ir flat concentric
bipolar electrode in 1X PBS solution as a load while the
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Fig. 19. Measurement of generated supply voltages.

Fig. 20. (a) Measured data telemetry digital signals at 20 Mb/s. (b) Details of
the measured signals.

implant receives power and data wirelessly. An arbitrary waveform generator was used to generate the PSK modulated data,
and a signal generator was used to generate the 10 MHz power
signal. The impedance of the electrode-solution interface was
measured and fitted to a simple linear model. It shows a solution
resistance
of
in series with a faraday capacitance
of 160 nF. This impedance is close to the impedance expected
from a
diameter Pt electrode implanted in the retina,
which is 100 nF in series with
[45].
Fig. 19 shows measurements of power telemetry operating at
10 MHz. The rectified voltage
and the generated supplies
were measured to be
,
and
, respectively. Fig. 20 shows measurements of
data telemetry. A 20 Mb/s 160 MHz PSK data was sent to the
system and was correctly demodulated. Fig. 20(a) shows 35 ms
of the measured transmitted signal (TXdata), received signal

Fig. 21. Measured arbitrary output waveforms using a Pt/Ir flat concentric
bipolar electrode in 1X PBS solution as a load while power and data are
delivered wirelessly. (a) Biphasic pulse at 60 Hz with a current mismatch of
. (b) 3 different arbitrary waveforms.

(RXdata) and demultiplexed signal (Demuxed_data, output of
global logic). Fig. 20(b) shows details of these signals.
Measurements of arbitrary output waveforms are shown in
Fig. 21. The measured voltages show the integrated version of
the current due to the capacitive effect of the electrode-solution
interface. First, a biphasic pulse at 60 Hz is generated. Then,
three different arbitrary waveforms were sent to the implant
using the same setup. A piecewise-constant pulse (Waveform
A), a pseudo-exponential pulse followed by a constant pulse
(Waveform B), and an asymmetric biphasic pulse (Waveform
C) were tested. Measurements show that the chip is capable of
arbitrary output waveform generation. The charge error after
stimulation
has been estimated by calculating the integral of the stimulation current over the duration of the pulse.
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TABLE I
PERFORMANCE COMPARISON — EPIRETINAL PROSTHESIS

to
). A statistical measurement over 40 channels from 5
different chips was performed and is shown in Fig. 22(b). All
40 channels were correctly calibrated and present a current mismatch with
and
. This measurement shows good alignment with the simulation results shown
in Fig. 12. Differences are mainly caused by the variation of
due to the bias network, which was not considered in the
simulation.
The power consumption of the system depends on the stimulation waveform and the number of active channels (activity
factor). The system is one of the most power efficient designs,
consuming 15 mW for a 10% duty cycle,
biphasic pulse
at 50% activity factor. The output voltage range was also measured after replacing the electrode-solution load by a resistive
load. The maximum and minimum output voltage, voltage headroom and output impedance were measured to be
, 0.1 V
and greater than
, respectively.
Table I summarizes the performance of the proposed
epiretinal prosthesis and compares it with the state of the art.
The self-calibrating 4-channel stimulator is also compared with
the state of the art neural stimulators in Table II. The system
achieves a reduction of 35% in pixel size. It is important to note
that none of the previous work in the literature has reported
statistical measurements for current matching.
Fig. 22. (a) Measurements of current matching from a single channel showing
a 10x improvement when calibration is turned on. (b) Statistical measurement
over 40 channels from 5 different chips showing a current mismatch with
and
[26].

The biphasic pulse, waveform A, B and C have an estimated
of 0.7 nC, 1.09 nC, 0.23 nC and 1.2 nC, respectively.
Fig. 22(a) shows the performance of the calibration technique
on a single channel.
and
currents were measured for
each value of the input DAC with the calibration turned on and
off. The figure shows that both currents are monotonic and that
the matching of the currents is improved by a factor of 10 when
the calibration is turned on (mismatch decreased from

VI. CONCLUSION
A high-density 512-channel self-calibrating epiretinal prosthesis chip fabricated in 65 nm LP CMOS has been presented.
The complete system includes high-data rate data telemetry,
low-power clock recovery, and high-efficiency power telemetry.
The addition of the on-chip rectifier and clock recovery reduce
off-chip components such as diodes and crystal oscillator. A
two-step digital calibration technique that matches stimulation
currents is introduced. This technique is shown to be robust
against process variation and achieves a current mismatch with
a mean of
and standard deviation of
. The
local logic and calibration circuitry are shared among every 4
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TABLE II
PERFORMANCE COMPARISON — STIMULATOR IC

channels to reduce power and area. The chip features a pixel
size of
resulting in a total area of
.
It also supports a master/slave configuration which extends the
design to 1024 channels. The system is integrated with MEMS
origami coils and off-chip capacitors using a biocompatible
flexible parylene substrate. All components fit inside the eye
providing a fully intraocular implant. In vitro measurement
results conducted on a Pt/Ir concentric bipolar electrode in PBS
solution validated the functionality of the system.
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