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Abstract—This paper presents a power-efficient neural stimulator integrated circuit, designed to take advantage of our
understanding of iridium–oxide electrode impedance. It efficiently
creates a programmable set of voltage supplies directly from a
secondary power telemetry coil, then switches the target electrode
sequentially through the voltage steps. This sequence of voltages
mimics the voltage of the electrode under the constant current
drive, resulting in approximately constant current without the
voltage drop of the more commonly used linear current source.
This method sacrifices some precision, but drastically reduces
the series losses seen in traditional current sources and attains
power savings of 53%–66% compared to these designs. The
proof-of-concept circuit consumes 125 W per electrode and was
fabricated in a 1.5- m CMOS process, in a die area of 4.76 mm2 .
Index Terms—Biomedical engineering, bioelectric potentials,
biomedical electrodes, integrated-circuit (IC) design, iridium,
neuromuscular stimulation, retinal prosthesis, telemetry.

I. INTRODUCTION
EURAL AND muscular stimulators, used in cochlear
implants, cardiac pacemakers, and other medical devices
[1]–[5] deliver electrical current to tissue, typically from a
current source of traditional design. These traditional sources
use a significant voltage drop across a transistor to maintain
constant current, and draw current from large dc voltage supplies, consuming power (for the stimulation parameters used
in this work) of 373 W per electrode for a typical design,
or 271 W per electrode for a very aggressive design (more
aggressive than those found in published work). Our stimulator
with programmable voltage steps uses 125 W per electrode,
53% less than an aggressive design, and 66% less than a design
typically in use [6]. The difference in these power numbers,
146–248 W, is waste due to the voltage supported by the
current source transistors. This waste power, of course, is
released as heat to the surrounding tissue [7], threatening tissue
damage. The retina, for which this stimulator was designed,
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is particularly sensitive to temperature-induced damage, including damage to the retinal ganglion cells [8], and present
estimates predict that the number of electrodes in a retinal
implant will be in the high hundreds or low thousands. In
addition to increasing heat dissipation at the stimulator, higher
power consumption also exposes the body to larger magnetic
fields, due to the demand for higher power transmission from
the external battery power supply. The IEEE and ANSI have
a joint standard which recommends an occupational limit for
magnetic-field exposure that decreases as frequency increases
between 100 kHz and 100 MHz [9]. This system and others
already exceed this recommended field-frequency product of
16.3 MHz A/m [10], [11], and greater power consumption in
the stimulating electronics necessarily means a greater need
for power transmitted via magnetic fields. Of the 125 W
consumed in our stimulator system, 49 W is consumed in the
electrodes, calculated directly from the product of electrode
current and voltage. The difference in these power numbers, 76
W, is power wasted in the switches and in power-management
inefficiencies. Nonetheless, these losses are small compared to
the power savings over traditional current source designs.
Several factors that determine power consumption may be out
of the control of the designer (e.g., threshold for perception or
function, electrode size, or material). But several steps may still
be taken to reduce the consumed power for a stimulator, and the
stimulator presented here uses a novel architecture to drastically
reduce the wasted power. This architecture implementation is
similar in some ways to the adiabatic circuits used to reduce
power in digital design [12], [13]. Our scheme can also be combined with algorithmic strategies to reduce power [14], [15].
This architecture minimizes the power lost in driving the electrodes in our wireless-implanted stimulator. The electrode drive
power dominates the communication and control power in this
system, as in any system with a large number of electrodes.
This paper uses a simple and conservative accounting method
for total implant power: the system power consumption figures
include all of the power dissipated in and delivered by the implanted secondary power telemetry coil.
A. Overview
The low-power stimulation method depends on careful analysis of power consumption in a basic linear model of the electrode, which is developed in Section II. Section III derives the
power cost for a traditional current source drive and explains
the origin of the inefficiency. Section IV introduces a more efficient strategy for driving the same total charge through an electrode over the same time interval, and Section V gives the basic
architecture and current and voltage waveforms to implement
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this strategy. Section VI develops the architecture in more detail and gives the transistor-level circuit designs for all the novel
elements in the system. Section VII gives results for an experimental chip, and Section VIII lists the conclusions.
II. ELECTRODE-TISSUE INTERFACE—CIRCUIT
MODEL AND POWER CONSUMPTION
For the experiments in this paper, we used polyimide thin-film
arrays, with activated iridium–oxide film (AIROF) electrodes.
AIROF electrodes have a higher published safe charge density
limit than other stimulating materials, roughly 10–30 times that
of platinum, depending on the stimulation parameters [16]. The
AIROF electrodes used in this paper were 400 m in diameter, and were the same material and dimension as those used
in several acute human stimulation experiments by our group
[17], [18]. For the stimulus currents and charges of interest,
these electrodes may be modeled as a series resistor and capacitor, as shown in Fig. 1(a). The capacitor represents the charge
boundary layer at the metal-fluid interface and oxidation state
change of iridium, whereas the resistor represents the fluid resistance and the access resistance of the lattice structure of the
iridium–oxide film. More complex electrode models exist, generally with some form of conductance in parallel with the metalfluid interface capacitor. Some models include a constant-phase
element [19]. For the purposes of this proof-of-concept system,
and for the pulsewidths used in this design, the simple model
in Fig. 1(a) is sufficient, as will be shown in our bench-top
studies. The electrodes are typically driven by a charge-balanced, biphasic pair of constant current pulses, shown in Fig.
1(b). The resulting voltage across the electrode resistance and
capacitance is the step-ramp waveform that is shown. The parallel resistance and constant-phase element, not shown in Fig.
1(a), will curve the ramping portion of the waveform in Fig.
1(b) slightly, with the former element reducing the slope later
in the ramp portion, especially over very long pulses, and the
latter element softening the sharp corner at the step-ramp transition. Since the circuits described here merely approximate the
electrode voltage waveform, these two elements can be omitted
without major consequences.
We assume, based on prior human experiments [17], [18],
that the required threshold charge is fixed over some range of
stimulus pulse durations (0.25–8 ms per phase), and that the
total integrated charge matters more than the specific stimulation waveform. These assumptions are based on our epiretinal
human experiments, but they may not hold for subretinal stimulation. We also assume that the electrode resistance is fixed by
electrode geometry, which, in turn, is constrained by biology
and charge density limits. The capacitance can vary based on its
electrochemical preparation. Based on previous measurements
of electrodes we used in human trials, we planned for an electrode resistance of approximately 1.1 k ; the capacitance, 1 F;
the delivered charge, 1 C. However, the electrodes we used for
these experiments had impedances far from the expected value:
2.3 k and 0.49 F. Because of this discrepancy, two electrodes were used in parallel to test this proof-of-concept circuit,
giving test values of 1.15 k and 0.98 F for our system. The
charge delivered by our prototype system to this two-electrode
set during a 5-ms pulse was 0.678 C, for an average current

Fig. 1. Electrode model and stimulation waveforms. (a) Current source drives
the series resistance and capacitance of the stimulating electrodes. (b) Chargebalanced biphasic current waveform is typically used, giving the voltage waveform shown.

of 136 A. The reverse average current was then applied for an
additional 5 ms to balance the charge, for a total stimulus of 10
ms, at a repetition rate of 100 Hz.
Power consumption within the electrode occurs in the resistive portion. Therefore, the theoretical minimum power required
to drive the electrode with current I, or more appropriately, to
drive the electrode to charge in time /2 (one phase of the
biphasic waveform), is simply
(1)
This is the power consumed within the electrodes. The first
lesson to be learned from (1) is that if and are fixed, power
depends only on pulse duration, and longer durations of stimulation at lower currents reduce the power consumed by the electrodes. The architecture presented here works well at longer duration pulses, but the reduction in power for longer pulses applies to any stimulation architecture as long as the supply voltages are correspondingly reduced. This duration is subject to biological constraints, engineering constraints, and the constraint
that the constant threshold charge assumption remains valid.
Furthermore, different stimulation current pulse durations may
generate qualitatively different responses in neural tissue [20],
[21].
The second lesson that may be learned from (1) is that the
power consumed within the electrodes is quite low. For charge
C delivered in pulsewidth
ms (average
A) through resistance
1.15 k , the power
current
consumed within the electrodes is 21.2 W per electrode. As
we will show in the next section, this is far lower than the power
consumed by typical stimulators.
III. TRADITIONAL CURRENT SOURCE STIMULATOR DESIGNS
A typical current source works by connecting the load to a
voltage supply through a transistor, which acts as a large variable series resistor to limit the current. The power consumption
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depends only on the current and the voltage supply, and is otherwise independent of current source design. Delivering the same
136 A used before from 2.5-V supplies or more, as is often
done [5], results in 339 W or more of the total power consumption per current-source/electrode pair during stimulation. Since
our design incorporates the power converter circuitry, we assume that a 0.25-V Schottky diode is used to generate the power
supply, raising the consumed power to 373 W per electrode.
Since our system uses 1.75 V supplies, we will compare to a
current source system with the same supplies. With the added
Schottky diode, this system would consume 271 W per electrode. This is a fair comparison, given our system voltage supplies, but a neural stimulator with 1.75 V supplies would be
considered to be a very aggressive, low-power design, and we
have not found a published example with supplies this low.
The power consumed per electrode by a current source stimulator is far greater than the 21.2 W per electrode calculated
in Section II. This smaller power value is consumed within the
electrode, in the unavoidable fluid and lead resistance. It is assumed here, but not tested, that any dielectric losses in the electrode capacitance are negligible compared to the losses in the
resistance. The remainder of the current source power, 250 W
for the aggressive design or 352 W for the more typical design,
is consumed in the current source transistors or power circuitry.
These energy transfer efficiencies of 8% or 6% show that
the vast majority of expended power is consumed somewhere
other than the electrodes and stimulated tissue.
Despite the energy inefficiency, there are nonetheless a
number of benefits to this traditional current source design.
The higher supply voltage leaves room for cascode stages and
more linear current sources. It also allows for shorter duration
pulses of higher current, which may be desired in some cases.
In addition, the higher voltage supply allows for substantial
variation in the load impedance, as might occur with tissue
growth over the electrodes. These benefits permit the current
source to maintain constant current during a variety of stimulation pulses, but the quality of the constant current pulse may
be less valuable in some applications than a reduction in power
consumption. In the following section, we will explore methods
of trading off current source performance for power reduction.
IV. REDUCING SOURCES OF LOSS
Fig. 2 shows a different view of the electrode power and
wasted power in a traditional current source. Fig. 2(a) shows
the product of the electrode current and voltage waveforms from
Fig. 1(b). This product is the power delivered into the electrode
during stimulation. The shaded area in Fig. 2(a) is the energy
stored in the electrode capacitance. Since this capacitive energy
is returned in the second phase, the average of the whole power
, as shown. Note that at the beginning of the
waveform is
second phase, the power delivered to the electrode is negative.
During this time, the electrode in this example is sourcing power
from its capacitance.
In Fig. 2(b), the same waveform is shown, but with the power
supplied by the current source shown as a straight line across
the top. The shaded area represents the wasted power burned in
the current source transistors.

Fig. 2. Electrode power consumption and current source power. (a) Power delivered to the electrode, with the capacitive stored energy shown in the shaded
region. (b) Power supplied by a traditional current source, with the wasted power
shown in the shaded region.

Fig. 3. Current source power consumption. (a) Power supplied by the current
source with reduced voltage supplies, with the wasted power shaded. (b) Power
supplied by a nearly ideal source with nearly zero voltage drop above the electrode voltage.

A. Reducing Excess Voltage Drops
The wasted power in Fig. 2(b) can be reduced by simply lowering the voltage supplies from which the current is drawn, resulting in the power shown in Fig. 3(a). With lower currents delivered over longer pulse widths, as recommended in Section II,
this supply voltage can be made quite low. The complication
is that the voltage compliance requirements vary with electrode
impedance and drive current, so that the voltage supply must be
variable. In addition, if the voltage compliance is reduced too
far, the voltage supplies may not support the analog and digital
control and communication circuitry required for the implant.
Thus, this method of power reduction may require independent
voltage supplies. The constant, higher voltage control circuitry
supply may be generated simply from the receiver coil with
diodes. The variable, lower voltage supply must be generated
by some sort of efficient active rectification or power conversion. Work has been done on efficient dc-dc converters and active synchronous rectifiers [22], [23], but most of these circuits
are designed for high-power applications. Our solution needs to
use very little standby power and no additional inductors, due
to space constraints.
B. Delivering Current With Minimum Power and With Energy
Recovery
To eliminate the remaining shaded triangles in Fig. 3(a), a current source could be conceived whose voltage tracks the back
voltage on the electrode. This current source would have virtually no wasted power dissipation, as shown in Fig. 3(b). As
before, note that in the beginning of the second phase in Fig.
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Fig. 4. Sample power waveforms. (a) Power is recovered in the first half of the
second phase, but no net energy is recovered. (b) No power is recovered during
the second phase.

3(b), the electrode capacitance is returning power to the current source. During this time, the stimulator is recovering power
from the electrode, and during the second phase shown in Fig.
3(b), the stimulator recovers net energy from the electrode.
This power and energy recovery does not always take place,
time constant to
and depends on the ratio of the electrode
the pulse duration. Fig. 4(a) shows an example power waveform with power recovery at the beginning of the second phase,
but zero net second phase energy recovery. This occurs when
the maximum voltage across the capacitor is twice the voltage
across the resistor, or

(2)
Fig. 4(b) shows a case in which no power is ever recovered
from the electrode. This occurs when the maximum capacitive
voltage and the resistive voltage are equal, or
(3)
C. Approximate Voltage Waveform
The current source behavior in which the voltage supply follows the ramping electrode voltage waveform as in Fig. 3(b)
may be approximated by a series of voltage steps. Fig. 5(a) repeats the electrode current and voltage waveforms for convenience, and Fig. 5(b) shows the stepped voltage waveform and
resulting current.
A stimulator with this stepped voltage waveform will deliver
current with some ripple, but that current integrates to the same
stimulus charge in the electrode capacitance. While this stimulation method can reduce waste power consumption, it requires
the series of supply voltages to be generated efficiently. This
is achieved by the stimulator architecture as will be explored
below.
V. VOLTAGE STIMULATION ARCHITECTURE
WITH ENERGY RECOVERY
The voltage steps for stimulation may be implemented with a
bank of power-supply capacitors. Fig. 5(b) shows four voltage
steps per stimulation phase, the number used in our system. It is
shown theoretically in [11, App.] that using five, four, and three
voltage steps consumes 9%, 15%, and 32%, respectively, more
power. A four-step system was
than the minimum required

Fig. 5. (a) Repetition of electrode current and voltage waveforms. (b) Approximate waveforms using a voltage step stimulator.

chosen as a reasonable compromise and to simplify the digital
state machine design. It is important to point out that this step
voltage system is only created once, globally, and that the only
circuits repeated for each electrode are the switches to connect
to the steps.
Note that the four-step system as shown in Fig. 5(b) uses eight
different voltages in the two phases. This can be simplified in
three ways. First, any voltage levels in the positive and negative phases that are near each other can be combined to use
only one capacitor. Second, any voltage level that is near ground
may be replaced by ground, eliminating a capacitor. Third, the
number of first- and second-phase voltage levels that are near
each other may be increased by making the capacitive ramp voltages of the two phases overlap more. This is done by reducing
the IR voltage relative to the Q/C voltage. Since , , and
are fixed, the current should be reduced and the phase duration
increased. Using these methods, we were able to simplify the
eight voltage sources down to five. An additional consideration
which simplifies the power converter design in the next section
is that, for cathodic-first stimulation, AIROF electrodes work
best with a slight anodic bias [16]. This dc voltage may cause
some concern, but at a modest anodic bias, the leakage current is
low enough to be supported by noninjurious reactions with the
fluid buffer. This biasing is commonly done with iridium–oxide
electrodes, and is considered to be a safe practice [24], though
it has not been used in human trials. This anodic offset eases
the requirements on the power converter by balancing the demands between the positive and negative phases of the power
secondary coil voltage. In other words, instead of creating four
negative supplies and one positive supply, the power converter
creates three negative and two positive supplies, as shown in
Fig. 6(a) and (b).
The anodic bias is equal to one voltage step, so the electrodes
. As shown in Fig. 6(b), the electrode
are biased to voltage
is switched from
first to
(the electrode current re, and
to generate the negative curturn), then to
, and
to generate the posirent, then to
between stimtive current. Electrodes are drawn back to
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Fig. 6. (a) Architecture of a four-step, five-capacitor voltage step stimulator
with one-step anodic bias. (b) Approximate current and voltage waveforms.

Fig. 7. Bench electrode drive test results with an arbitrary voltage waveform
generator (bottom graphs) and the resulting current through the electrodes (top
graphs). Part (a) shows an ideal step-ramp voltage drive, while (b) shows a fourstep stimulating voltage drive.

ulus pulses by a very weak (200 nA) current source. Notice that
and
are visited in the negative and posivoltages
is a direct connection to the circuit
tive directions. While
midpoint created by the dual half-wave rectifiers, voltage
is a supply capacitor, which is discharged slightly when supplying negative current to the electrode, and recharged slightly
when supplying positive current. Thus, the stimulation system
is recovering energy from the electrodes to this supply capacitor
during the second phase of the stimulation.
A. Bench Experiments
To test the concepts presented before, an electrode in physiological saline was driven by an arbitrary voltage waveform generator first in the optimal step-ramp pattern described in Section IV-B and Fig. 3(b), then in the stepped pattern described
in this section and in Fig. 6. A simple current sense amplifier
served as the return path, sensing current through the electrode.
The results of these experiments are shown in Fig. 7. Fig. 7(a)
shows the step-ramp voltage waveform and resulting current.
Note the consistency in the current plot which shows overlaid
data from five different measurements. Note also that the current waveform is not square. The initial peak in the current is
due to the nonidealities of the electrode impedance. Fig. 7(b)
shows the four-step voltage system described earlier in this section and its resulting current waveform.

Fig. 8. (a) Primary and (b) secondary power telemetry coils used in this paper.

A. Inductive Power Transmission
Power is delivered to the implant chip via an inductive link
at 125 kHz. We hand-wound primary and secondary coils on
plastic forms. The primary coil, shown in Fig. 8(a), consists of
45 turns of 30 AWG wire with a mean diameter of 37 mm and
inductance of 153 H. The secondary coil, shown in Fig. 8(b),
consists of 60 turns of 36 AWG wire with a mean diameter of 11
mm and an inductance of 58 H. The primary is driven by a class
E power amplifier, and the secondary is held 15 mm from the primary in a nonconductive plastic test jig. The primary drive current is set so that the voltage at the secondary coil yields 2.5-V
power supplies after the dual half-wave Schottky rectifiers.
B. Synchronous Rectifier Chip Architecture

VI. SINGLE-COIL MULTIVOLTAGE POWER SUPPLY USING A
CONTROLLED SYNCHRONOUS RECTIFIER
The capacitive voltage supplies described before are created
from a single ac voltage on a secondary coil by means of a
controlled synchronous rectifier. This rectification step must be
done efficiently for this stimulator to save any power. In addition, because of the small power budget ( 10 mW) and size
restrictions for the retinal implant, dc/dc switching power converters were not seriously considered. The chip power supply
for control circuitry is generated by two simple half-wave rectifiers, using Schottky diodes.

The controlled synchronous rectifier forms the core of this
design, and its architecture is shown in Fig. 9. On the left, a
-based reference is used, and is buffered for the chip’s pbias
and nbias. The rectifier reference voltages are then derived in
the box labeled Vref, which feeds a constant current through a
string of on-chip resistors. These reference voltages determine
the voltage to which the supply capacitors will be charged. They
are buffered and sent to the column of clocked comparators near
the middle of Fig. 9, where the supply capacitor voltages are
compared to the references on every cycle. Below the clocked
comparators, the clock generation circuitry is shown. A clock is
extracted from the 125-kHz coil voltage, labeled ac throughout
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Fig. 9. Block diagram architecture of the synchronous rectifier chip. The capacitor voltages are compared to the generated reference voltages (upper left). Any
capacitor needing charge is connected to the ac supply when the ac voltage exceeds that capacitor’s voltage (center, upper right).

the figure, and turned into a sequence of clock edges for the comparators. The comparator outputs feed into the control circuitry,
which, in part, determines which supply capacitor will be monitored by the continuous comparator. This comparator turns on
the appropriate rectifier switch, via the control circuitry, when
the ac voltage exceeds the monitored capacitor voltage. Finally,
a power-on reset circuit ensures that all circuits initialize to a
known state.
C. Rectifier Reference Voltages
The controlled synchronous rectifier works by turning on
a rectifier switch between the secondary coil and the supply
capacitors, charging the capacitor up to a specified reference
voltage. The reference voltages are created by driving dc current
through a string of on-chip polysilicon resistors. The current
-based reference and three off-chip
is determined by a
selector switches. This reference circuit is shown in Fig. 10.
We typically set the voltage steps to between 0.12 and 0.25 V,
but the full range of the supplies is from 0.07 to 0.33 V. This
voltage selectability allows the stimulator to account for a wide
range of electrode impedances or tissue stimulation thresholds.
In a tissue stimulator for human use, more flexibility may be
required.
D. Clocked Comparators
The supply capacitor voltages were compared to the buffered
reference voltages in a very sensitive clocked comparator,
shown in Fig. 11. The core of this circuit is the cross-coupled
inverter pair formed by MN1, MP1, MN2, and MP2. The circuit
works by allowing the inputs to take control of the weakened
inverter pair, after which the inverter pair is powered to latch
the result. Specifically, each inverter has two connections to
each power supply: 1) a constant weak one, through transistors

Fig. 10. Reference voltage generator. A V -based reference generates
selectable currents which run through a string of polysilicon resistors to set up
voltage step references.

MP3, MP4, MN3, and MN4, connected to pbias and nbias, and
2) a clocked strong one, through transistors MP5, MP6, MN5,
and MN6, connected to pCLK and nCLK. In a comparison, the
cross-coupled inverters are first weakened (pCLK and nCLK
turned off). Next, the dual differential pairs made up of MN7
and MN8, and MP7 and MP8 are powered (pbiasCLK and
nbiasCLK turned on), the passgates from the differential pairs
to the cross-coupled inverters are enabled (CLK1 on), and the
passgates to the output latch are disabled (CLK2 off). The
differential pairs control the inverter pair based on the capacitor
and reference voltages, and then the clocks are reset in the
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Fig. 11. Clocked comparator. The cross-coupled inverter pair formed by MP1, MP2, MN1, and MN2 latches the difference between inputs IN+ and IN . The
inverter pair is weakened during sampling by turning off pCLK and nCLK.

same sequence. The cross-coupled pair first engages to latch
the comparison (pCLK, nCLK), then the differential pairs turn
off, the input passgates disable, and the output passgates enable
(pbiasCLK, nbiasCLK, CLK1, CLK2).
E. Continuous Comparator
The timing for turning on the rectifier switches to charge the
supply capacitors is determined by a continuous comparator,
which monitors the ac coil voltage and a selected capacitor.
This is shown in the middle of the diagram in Fig. 9. This
comparator needs to be fast enough to follow the rising edge
of our 125-kHz power coil and turn on the rectifier switch with
negligible delay, yet consume little power. This is accomplished
by using a predictive front end, slightly modified from that
described by MeVay and Sarpeshkar in [25]. This comparator
architecture, shown in Fig. 12, uses a self-biased Bazes very
wide common-mode range differential amplifier (VCDA) [26]
for rail-to-rail comparator operation at only 54 W, but adds
the predictive front end to shift the dc comparison voltage
based on the slope of the ac voltage. The capacitor on the left
of the figure injects into the mirrors a current proportional to
the slope of the ac voltage. This current is mirrored via either
MP1/MP2 or MN1/MN2 into the resistor connected to the dc
voltage, and the modified voltage is used for the comparison.
For example, if the ac voltage is rising, current is injected into
MN1, and MN2 draws current out of the resistor. This lowers
the compared voltage, causing the comparator to begin to
change state earlier. If the predictive time shift can be matched
to the comparator delay, a low-power comparator can be made
to have a very small delay. The other mirrors in Fig. 12, with
transistors numbered 3 through 5, are added in this paper to
give first-order cancellation of the resistive current at the dc

Fig. 12. Predictive comparator front end. The ac input injects current into the
mirror, which is drawn through the resistor connected to the dc input. The ac
voltage is compared to the dc voltage minus a component proportional to the
slope of the ac. The mirrors created by MN3, MP3, MN4, MP4, MN5, and MP5
form a first-order current cancellation circuit.

voltage node. The predictive comparator used here in a synchronous rectifier role has a very low power-delay product in a
low-power application where losses need to be eliminated. A
faster traditional comparator would consume too much current,
and a slower comparator would cause too much turn-on delay,
increasing losses in the rectifier switches.
VII. RESULTS
This low-power stimulator chip, shown in Fig. 13, was fabricated in a 1.5 m CMOS process and tested with a wireless
inductive power supply and preprogrammed data. The system
drove a set of 15 iridium–oxide electrodes in a buffered saline
solution, with a separate return electrode that was much larger
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TABLE I
STIMULATOR SYSTEM POWER CONSUMPTION. POWER CONSUMED
WHILE DRIVING 15 ELECTRODES, AND IN THE REST STATE WHILE
DRIVING NO ELECTRODES

Fig. 13. Die photograph of the low-power stimulator chip.

Fig. 14. Measured electrode current and voltage waveforms. Compare the current and voltage waveforms to those predicted in Fig. 6(b). Voltage waveforms
here are with respect to the chip ground, not V .

than the sum of the electrode areas. Electrode current was measured with a small series resistor and an instrumentation amplifier. The measured electrode current and voltage waveforms are
shown in Fig. 14. Note the similarities between the predicted
waveforms in Fig. 6(b), the measured waveforms in Fig. 7(b),
and the measured waveforms in Fig. 14. The voltage waveform
is very close to the desired waveform, while the current has
slightly higher peaks than desired for optimal efficiency. The
current in Fig. 14 integrates to 0.678 C per phase, close to our
measured human epi-retinal perceptual threshold of 0.8 C.
Power consumption for the entire system was calculated directly from the secondary coil voltage and current, measured
by an instrumentation amplifier. This gave the total power condissipation of the
sumed downstream from the coil. The
coil was then added to that value. These values account for all
of the power delivered to the secondary coil by the magnetic
field. They were taken when driving no electrodes, and again
when fully driving all 15 electrodes.

The data in Table I show that the total power (including
secondary coil losses) required to drive 0.678 C into each
of 15 electrodes at 100 Hz frame rate is 2.22 mW. Since
the system consumes 338 W of power with no electrodes
driven, the cost of electrode stimulation, including all system
inefficiencies, is 1.88 mW, or 125 W per electrode. As stated
before, a very aggressive traditional current source design using
the same 1.75-V supplies created with an efficient 0.25-V
Schottky diode rectifier, delivering the same charge in the same
time, will use 271 W per electrode. Our design represents a
53% power savings over such an extremely aggressive current
source design. A more typical current source stimulator might
use 2.5-V supplies using 373 W per electrode, nearly three
times the power consumption of our device. Most current
source stimulators use much higher voltages than this in an
attempt to improve current source output impedance and to
hedge against future voltage compliance requirements that
arise from impedance variations or stimulus threshold charge
or current variations. The design presented here includes programmable voltage supply levels which can be designed with
a broader range to give the minimum voltage required to drive
the threshold charge into the electrodes, while reserving the
capability to increase the voltage supplies at a later time to
drive more charge or larger electrode impedances.
For reference, we know from (1) that the theoretical minimum power consumption within electrodes receiving this
charge stimulation is 21.2 W. We calculated the power delivered to the electrodes by our system from the product of the
electrode voltage and current, and found 49 W per electrode.
Table II shows a comparison of all of these values. Let us
consider the losses in this system, the difference between the
theoretical 21.2 W, measured 49 W into the electrode, and
measured 125 W per electrode for the whole system. The
49- W measured electrode power includes several inefficiencies, including the current peaking from using voltage steps as
well as nonidealities in the electrode impedance. The 125- W
measurement is more obvious, as it includes losses in the
rectifier switches and increased coil losses. To further reduce
this power and increase efficiency, a voltage-based stimulation
system could be designed which tracks the electrode voltage,
as shown in the bench tests in Fig. 7(a).
VIII. CONCLUSION
The stimulation system presented here realizes power savings of 53% over an extremely aggressive traditional current
source design and 66% or more over commonly used designs. It
does this by using a voltage-based design, which has efficiency
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COMPARISON OF POWER CONSUMED PER ELECTRODE
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