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Real-time Localization of Cochlear-Implant
Electrode Arrays Using Bipolar Impedance Sensing
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Abstract—Objective: Surgeons have no direct objective feed-
back on cochlear-implant electrode array (EA) positioning during
insertion, yet optimal hearing outcomes are contingent on placing
the EA as close as feasible to viable neural endings. This paper
describes a system to non-invasively determine intracochlear po-
sitioning of an EA, without requiring any modifications to existing
commercial EAs themselves. Methods: Electrical impedance has
been suggested as a way to measure EA proximity to the inner
wall of the cochlea that houses auditory nerve endings—the modi-
olus. In this paper, we extend prior work and demonstrate for the
first time the relationship between bipolar access resistance and
proximity of the EA to the modiolus (E-M proximity). We also
evaluate two methods for producing direct, real-time estimates of
E-M proximity from bipolar impedance measurements. Results:
We show that bipolar access resistance is highly correlated
with E-M proximity and can be approximately modeled by a
power law function. This one dimensional model is shown to
be capable of producing accurate real-time estimates of E-M
proximity, but its simplicity also limits the potential for future
improvement. To address this challenge, we propose a new
prediction approach based on a recurrent neural network, which
generated an overall prediction accuracy of 93.7%. Conclusion:
Bipolar access resistance is highly correlated with E-M proximity,
and can be used to estimate EA positioning. Significance: This
work shows how impedance sensing can be used to localize an EA
during insertion into the small, enclosed cochlear environment,
without requiring any modifications to existing clinically used
EAs.

Index Terms—Biomedical signal processing, Medical Robots
and Systems

I. INTRODUCTION

THIRTY years ago, less than 10,000 people had received a
cochlear implant (CI); today, there are more than 600,000

recipients worldwide [1], [2]. Despite this success, the hearing
quality delivered by CIs is still limited by the inability to
repeatably and reliably position the electrode array (EA) at
the desired location in the cochlea atraumatically.

Translocation of the EA into the scala vestibuli from the
scala tympani occurs in 25-33% of cases, often resulting in
the patient losing residual hearing [3], [4]. Even if trauma
is minimized and the EA is placed in an undamaged scala
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tympani, CI performance is highly variable [5]. The interface
between the electrodes and auditory nerve endings they stim-
ulate is crucial to optimal function and pitch perception [6].
This optimal configuration consists of placing the EA such
that each electrode is near the neural endings it stimulates [7],
i.e., coiled along the modiolus with the electrodes pointing
inward toward the dense network of spiral ganglion neurons
[8], [9]. Any distance between these electrodes and the neural
endings they stimulate results in a higher current threshold
for stimulation, increased electrode interaction (cross-talk),
and less focal stimulation of spiral ganglion cells [10]. In
fact, increasing electrode-modiolar (E-M) distance by just
0.5mm can lead to word recognition score decreases of 21.7
percentage points [8]. Unfortunately, it is not possible in
current clinical practice to determine E-M proximity in real-
time intraoperatively, which would enable surgeons to make
adjustments during the insertion.

The narrow, helical shape of the cochlea cannot be im-
aged via external or internal cameras, the former because
there is no line of sight, and the latter because the interior
of the scala tympani is too small. Custom EAs have been
designed which incorporated strain gauges [11], [12] or scan-
ning electrochemical microscopy [13] for position sensing,
but integrating sensors into existing EAs is not currently
feasible. Atlas-based segmentation of conventional computed
tomography (CT) scans can provide the resolution necessary
for localization [14], but this approach exposes the patient
to ionizing radiation. A measurement technique that provides
rapid-real-time measurements of CI position in the cochlea
while minimizing radiation is needed. Techniques that have
been recently suggested for this include electrically-evoked
neural responses, electrocochleography, and impedance sens-
ing. Of these, electrical impedance is a technique that has
shown promise for estimating E-M proximity intraoperatively.

One desirable feature of impedance measurement is that
no new sensors or other components must be added to the
implant and it can be conducted with the clinical implants
used currently. This is because it uses only the existing
electrodes and wires that are already built into the implant
(see Fig. 1(a)), in conjunction with impedance sensing circuits.
Indeed, audiologists already use them in an office setting
(after the patient has recovered from surgery), to assist in
programming the CI system to optimize electrical stimulation
levels for each electrode. Over the past few years, researchers
have begun to explore intraoperative use of impedance sens-
ing. Tan et al. [15] were the first to explore the utility of
impedance measurements for sensing EA location. They found
a detectable change in monopolar (electrode-to-common) and
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Fig. 1: The measured bipolar impedance between a pair of
electrodes is related to the volume of conductive fluid enclosed
between them and the modiolar wall. Proximity of an electrode
or electrodes to the modiolus can be estimated in 2D using (a)
distances or (b) areas (shown as shaded regions).

bipolar (electrode-to-electrode) impedance between insertion
techniques maintaining modiolar wall positioning vs. lateral
wall positioning. These findings were later confirmed by Pile
et al. [16], who expanded this work to not only analyze
the relationship between impedance and insertion technique,
but also the relationship between impedance and bone as
well as impedance and specific EAs. They found a strong
correlation with insertion technique and impedance, but no
such correlation with using different EAs of the same type.
Different bones affected impedance, but no conclusive reason
for this effect could be made from the collected data. Giardina
et al. [9] presented a technique using monopolar stimulation
to characterize the electrode-saline interface toward studying
effects of the individual electrical impedance parameters. They
determined that the resistive component related to the fluid
inside the cochlea (i.e., the access resistance) had the highest
correlation with E-M distance in plastic phantoms. Through
further refinement of a linear regression model, they discov-
ered that an electrode within 1mm of the modiolus could be
correctly identified 78% of the time. Recently, di Lella et al.
[17] investigated using the equivalent circuit model detailed in
[18] to investigate post-insertion impedance parameter values
in four live humans, but did not relate the impedance com-
ponents to E-M proximity. Aebischer et al. [19] have used

Electrode 1 Electrode 2

Cdl

ZwRct

Ra

Fig. 2: Randles electrochemical cell equivalent circuit [21].
Rct is the charge transfer resistance, Cdl is the double-layer
capacitance, Zw is the Warburg impedance, and Ra is the
access resistance of the electrolytic solution.

intraoperative, post-insertion commercial impedance measures
in 20 live human surgeries to estimate insertion depth (not
scalar position) and compared that to insertion depth mea-
surements using post-operative CT scans. Hou et al. showed
a correlation between changes in the capacitive component of
the equivalent circuit model in bipolar impedance sensing to
insertion abnormalities such as buckling and tip fold-over [20],
but did not correlate any of the components to E-M proximity.

These findings have shown the promise of impedance mea-
surements to provide surgeons with the intraoperative infor-
mation useful for reducing insertion trauma and improving
placement of EAs. Toward fulfilling this promise, in this
paper, we demonstrate using electrode model characterization
techniques in bipolar stimulation and explore the relationship
of the bipolar access resistance model parameter and E-M
proximity for the first time. We show that this method has
high localization accuracy. In addition, we introduce two
approaches for estimating E-M proximity in real-time during
insertion and perform validation experiments in an at-scale
cochlea phantom.

II. MODELING

This section describes the model used to estimate E-M
proximity from bipolar impedance measurements. In bipolar
stimulation, one electrode serves as the source and another
electrode as the sink. In contrast, monopolar stimulation
(which we do not explore in this work) typically uses an
external ground as the sink (e.g., a separate electrode placed
under the temporalis muscle or under the large internal receiver
itself). We begin with an equivalent circuit model of the
electrode-electrolyte interface (which has been applied to both
monopolar and bipolar stimulation modes). Then, we use this
model to predict the electrical response to standard electrical
pulses used clinically. We then describe how this response can
be related to modiolar proximity.

A. Equivalent Circuit

In bipolar stimulation, electrical current is transferred be-
tween a pair of electrodes submerged in a conductive fluid
(perilymph). Thus, we will use an electrochemical model to
more accurately capture how charge moves through a fluid.
A Randles circuit (also called a Randles cell) is one of
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Fig. 3: (top-left) A biphasic constant current pulse is applied between a pair of electrodes. (bottom-left) The corresponding
voltage response, can be analyzed (right) to extract the access resistance, Ra, and the parallel components, Rct and Cdl.

the simplest and most common electrochemical equivalent
circuit models [21]. The typical Randles circuit configuration
is shown in Fig. 2. The charge transfer resistance, Rct,
describes the electrical resistance experienced as electrons on
the polarized electrode surface are transferred into charged
ions in the electrolytic solution (e.g., perilymph). The Warburg
impedance, Zw, is a frequency-dependent term that models the
diffusion process. At the relatively high frequencies used for
CI stimulation, the Warburg impedance is small and can be
neglected [22]–[24]. In parallel is the double-layer capacitance,
Cdl. This capacitance is created by the thin insulating space
between the charged electrode surface(s) and the nearby ions
in the fluid. The remaining circuit element is the access
resistance, Ra, of the conductive perilymph. Combining these
terms yields the total impedance, Zt, between the electrode
pair, which was shown to be correlated with the E-M distance
[15], [16]. However, we can improve the sensitivity of this
correlation by recognizing that Rct and Cdl are governed by
the physical properties of the electrode pads and perilymph,
and thus assumed to be fixed constants during an EA insertion.
This enables us to isolate Ra, which is primarily affected by
the volume of perilymph between electrodes (see the colored
areas representing this projected volume in Fig. 1(b)).

B. Electrical Impedance Measurement

Electrical impedance is the ratio of voltage to current in a
circuit. To measure impedance, we apply a controlled current
pulse and record the voltage response. However, a pulse with
a significant DC component would create an ionic imbalance
in the cochlea and alter the pH of the perilymph. Animal
studies have found that DC currents as low as 0.4 µA can cause
tissue damage [25]. Thus, a charge-balanced biphasic pulse is
used where the total amount of positive charge delivered is
balanced with an equal amount of negative charge [26]. A
typical example of such a pulse is shown in the top-left plot

of Fig. 3. Our goal is to be able to compute Ra given a total
voltage measurement, Vt. To do this, we need to perform a
calibration routine to compute Rct and Cdl. Since Rct and
Cdl are functions of electrode geometry (i.e., exposed surface
area) and the electrode/electrolyte material properties, they can
be assumed to remain constant for a given pair of electrodes.
Thus, the calibration procedure need only be performed once
if environmental variables are constant.

The measured voltage response (see the bottom-left plot
of Fig. 3) begins with a sharp rise due to the double-layer
capacitance initially behaving as a short circuit. This means
that the only impedance component seen at that first instance
is the access resistance of the perilymph. Thus, it can be
computed as

Ra = Va/I (1)

where I is the current, and Va is the voltage measured
immediately after applying current. Since the access resistance
and current are constants, Va is constant as well. It simply
biases any additional voltage created by other circuit elements.
As we have a measure of the total voltage response instead of
Va, we need a way to separate Va from the overall response.

As the pulse continues, the charge across the capacitive
elements increases, requiring increased voltage to maintain
the constant current. This effect can be seen in the blue
portion of the bottom-left plot in Fig. 3. The parallel resis-
tance/capacitance cause the measured voltage, Vt, to follow a
standard first-order response which can be modeled in order
to solve for Rct and Cdl.

Thus, we convert our voltage measurements into impedance
values by dividing by the known constant current, and we fit
a first order response (top-right of Fig. 3) of the form

Zt(t) = Ra +Rct

[
1− exp

(
−t

RctCdl

)]
, (2)

where t is time. We then linearize the model and compute the
least-squares solution to estimate the desired parameters. We
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assume these parameters are constant for a given calibration.
We can then solve for the access resistance Ra using the fit
Rct and Cdl.

C. Modiolar Proximity

Pile et al. [16] were the first to experimentally show that
there exists an inverse relationship (best approximated by a
power law) between the bipolar impedance and the volume
of fluid between the stimulated electrodes and the modiolus.
They estimated this volume by assuming a projected planar
trapezoid, with a vertex at each electrode surface and the
nearest point along the modiolar wall. The key advantage
of bipolar measurements is that biological influences on the
overall impedance are limited to this small area. In contrast,
the current in a monopolar configuration must travel out of
the cochlea through the surrounding bone and tissue before
reaching the sink electrode. We will use this insight as
the starting point to create a model for directly estimating
modiolar proximity from impedance measurements.

We begin with a power law function of the form

Ra(A) = c1A
c2 + c3, (3)

where Ra is the access resistance (i.e., resistance of the volume
of perilymph between electrodes), A is the area, and the
coefficients for model fitting are c1, c2, and c3.

We seek to compute these coefficients such that we can
calculate the area for a given access resistance. Since we
know there is an inverse relationship between Ra and A, the
exponent c2 must be negative. This means c3 represents the
horizontal asymptote of the function, which corresponds to the
access resistance in an open channel, i.e.,

c3 = lim
A→∞

Ra(A). (4)

Once c3 is known, we can then linearize and compute the
least-squares solution. By subtracting c3 from each side of (3)
and taking the natural logarithm, we obtain an equation in
slope-intercept form (i.e., y = mx+ b),

ln
(
Ra(A)− c3

)
= c2 lnA+ ln c1, (5)

where

b = ln c1 =⇒ c1 = eb, (6)
c2 = m. (7)

Now that we have the coefficients for our power function,
we can rearrange (3) to obtain

A(Ra) =

(
Ra − c3

c1

)−c2
, (8)

our final model for estimating the area as a function of the
access resistance between a pair of electrodes.

III. EXPERIMENTAL METHODS

A. Hardware

To experimentally validate this method, we first designed a
circuit capable of generating biphasic constant current pulses
similar to those used clinically (see Fig. 3 top-left). The

Fig. 4: Custom circuit board for measuring bipolar impedance.
A microcontroller is used to precisely control the desired
biphasic current pulses and cycle through each pair of elec-
trodes for testing. Its integrated 16-bit analog-to-digital con-
verter measures the voltage across the pairs of electrodes
of interest along the EA. Onboard analysis is performed to
compute the access resistance, Ra, and transmit it to a PC
over a USB-serial connection.

nominal specifications were 100 µs pulses at a constant current
of 100 µA. Constant current regulation is managed by a high-
accuracy, microcurrent source (REF200, Texas Instruments).
Biphasic pulse generation and selection of each electrode
pair is achieved via a dual 16-channel analog multiplexer
(ADG726, Analog Devices) and a microcontroller (Teensy
3.2, PJRC.COM, LLC). The voltage across the electrode
array is buffered through an operational amplifier configured
as a voltage follower to limit current leakage. One of the
microcontroller’s 16-bit analog-to-digital converters (ADC) is
used to measure the buffered voltage.

This circuit was implemented on a custom PCB (see Fig. 4).
It is powered by a battery rather than over USB to provide a
clean, isolated power source and reduce electrical noise. The
microcontroller obtains a voltage measurement every 8.5 µs
during the positive half of the biphasic pulse. To improve
effective resolution, voltage samples during 20 consecutive
pulses are recorded and individually averaged together. As
described in Section II-B, a curve is fit to these values to
estimate the true access resistance. The microcontroller then
sends the computed results in real-time over a USB-serial
connection to a PC.

B. Model Validation

Experimental validation of the model described in Sec. II-C
was performed using an anatomically accurate scala tympani
model [27], [28]. This phantom model was filled with a
0.9% saline solution as a surrogate for perilymph since it has
similar electrical properties [29]. A FLEX28 EA (MED-EL,
Innsbruck, Austria) was connected to the circuit in Fig. 4.
The microcontroller was configured to use the first five (i.e.,
most apical) electrodes that are single-sided (and intended to
be oriented toward the modiolus) yielding four measurement
channels. For each channel, 5 voltage samples were taken
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Fig. 5: Example post-processed video frame showing experimental data obtained during theoretical model validation trials in a
scala tympani phantom [27] with black dots indicating 30◦ increments of angular insertion depth. The five most apical electrodes
(marked orange) were used to obtain four independent bipolar impedance measurements. The top plot shows these impedances
over time. The scatter plots demonstrate the relationship between each channel’s impedance and the area (shaded overlays)
enclosed between its pair of electrodes and the closest points along the modiolus, as determined by image segmentation.

during the positive phase (55 µs duration) of 20 consecutive
biphasic pulses. As described above, these samples were then
averaged and processed to compute the access resistance
before beginning the cycle again with the next channel.

The EA was inserted using a custom designed robotic
insertion tool [30]. Simultaneously, video was recorded at
60 fps using a macro lens, and the four channels of bipolar
impedance measurements were sent to the connected PC (also
at a rate of 60 Hz). The EA was manually jogged towards and
away from the modiolar wall several times to obtain a range of
measurements. Note that these trials do not represent a typical
insertion of monotonically increasing angular insertion depth,
as the purpose of these experiments was to obtain a range
of scalar positions for each electrode in a representative scala
tympani model. Three separate trials were performed (each
lasting around a minute) resulting in over 10,000 impedance
measurements per channel, for a total of approximately 45,000
samples.

Two stages of video processing were performed to deter-
mine the areas corresponding to impedance measurements.
First, Adobe After Effects (Adobe Inc., San Jose, CA) was
used to track the electrode centroid locations and place a small
colored circle on top of each centroid. Next, a colored mask
was created for the modiolus and the EA. This ‘pre-processed’
video was then segmented in MATLAB (MathWorks, Natick,
MA) to calculate the channel’s area for every frame. For
each electrode pair, the two vertices on the modiolus were
determined by computing the closest point on the modiolus
to each electrode in the pair. The two vertices on the EA
were determined by computing the point on the boundary of
the EA that intersects with a line connecting each electrode
centroid and its corresponding closest point on the modiolus.

Finally, the impedance data was synced with the video frames
for direct comparison with the area measurements. The result-
ing ‘post-processed’ video overlays colored regions for each
channel area and includes scatter plots to show the relationship
between impedance and area. An example frame from one of
the experimental trials is shown in Fig. 5.

To directly compare impedance measurements between
different electrode pairs, each channel’s bias level (c3) was
determined and subtracted. The remaining model coefficients
(c1, c2) were computed using data from two of the trials,
reserving the third trial as a validation data set. The resulting
fitted model in shown in Fig. 6 over a scatter plot of all
captured measurements. The data agree well with the model,
and the power law distribution provides a good approximation
of the overall trend.

C. Real-Time Modiolar Proximity Prediction

In addition to steady hands, delicately threading the EA into
the cochlea requires focused attentive care. Thus, it is also
important to consider how we present data to the surgeon, lest
we unintentionally negate any potential benefit. Transforming
several channels of streaming numbers into a mental repre-
sentation of the intrascalar EA positions would likely require
significant effort and training. We can ‘offload’ some of this
effort by partitioning the scala tympani channel into several
regions and reporting the current estimated region rather than a
raw value. To evaluate this approach, we created three possible
cochlear regions: ‘modiolar’ (i.e., less the 0.5mm2 between
that channel’s electrodes and the modiolar wall), ‘lateral’ (i.e.,
greater than 1.0mm2), and a ‘middle’ between those (0.5mm2

to 1.0mm2).
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Fig. 6: Impedance model validation data. Two trials were used
as training data (black markers) to compute the fitted model
(blue curve), while the third trial (magenta and green markers)
was reserved as validation data for independent comparison.
(Top) Bias-subtracted impedance as a function of EA-modiolar
area. A power-law function was fit using a nonlinear least-
squares algorithm. The three shaded green areas denote where
a cochlear region prediction (i.e., modiolar, middle, or lateral)
using this model would be correct. (Bottom) Plot of the corre-
sponding residual values. Due to the vertical asymptote of the
model, error tends to increase when approaching the modiolus.
However, note that larger absolute errors do not necessarily
correspond to an incorrect cochlear region prediction.

To transform an access resistance measurement into a
cochlear region prediction using our nonlinear model, we first
compute the threshold resistances where the fitted curve passes
through the boundaries between regions (i.e., 0.5mm2 and
1.0mm2). We then simply compare our measurement against
those thresholds to determine our region estimate. The result
of applying this method to our validation data set is denoted
by the green and magenta markers in Fig. 6. The region was
correctly predicted 93.0% of the time (see Fig. 7).

While this result is very promising, incorporating additional
training data is unlikely to improve the result much. This
limited opportunity for improvement is due to both the highly
nonlinear nature of the effect and the simplicity of this
model—a multidimensional problem is being reduced to a
single variable. If one electrode is much closer to the wall
than an adjacent electrode, the overall impedance measured
will be greater than that of an electrode pair with the same
area, but each equidistant from the wall. This contributes to
the ‘spreading’ of the data as area decreases. Thus, there is a
fundamental limit to the accuracy attainable solely by a simple
one-dimensional model fit.

In order to achieve dependable real-time localization of
CIs during insertion, a more sophisticated model may be
beneficial. It can be empirically observed that as a bipo-
lar electrode pair moves toward or away from a wall, the
impedance values change smoothly. Thus, the ‘history’ of the
impedance measurements might be useful in addition to the
absolute value. There are many ways this type of heuristic
could be implemented, but given the complexity of the system
we are attempting to model, a machine learning approach was
chosen. In particular, a Long Short-Term Memory (LSTM)
recurrent neural network was implemented using MATLAB’s
Deep Learning Toolbox. The network was designed to take
a continuous time-sequence of values (i.e., access resistance
measurements) as input and produce predictions of the current
cochlear region. The LSTM layer was given 120 hidden
units and the network was trained with the same two sets of
training data. The trained network was then used to produce
cochlear region estimates for the validation data set to evaluate
accuracy and provide a direct comparison to the nonlinear
model predictions.

Fig. 7 shows the resulting confusion matrices for both the
nonlinear model (left) and the LSTM network (right). The
LSTM was able to increase sensitivity (or true positive rate) in
the difficult middle region from 64.4% to 75.3%. Importantly,
this was not achieved via a proportionate decrease in the
accuracy of other regions, as the overall prediction accuracy
was also improved from 93.0% to 93.7%. This is also an
encouraging sign that further improvement might be possible
with additional training data and/or more advanced neural
network topologies.

IV. CONCLUSION

In this paper, we explored for the first time the relationship
between the access resistance component of traditional bipolar
CI impedance and E-M proximity. Since this approach is
based on impedance from the existing electrodes in the EA, it
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Fig. 7: Confusion matrices for cochlear region prediction based on impedance measurements using (left) the nonlinear model
and (right) the LSTM neural network. Compared to the nonlinear model, the LSTM network improved the sensitivity in the
most difficult region to predict, the middle region, from 64.4% to 75.3% without sacrificing overall accuracy (93.7% accuracy
for the LSTM network compared with 93.0% for the nonlinear model).

requires no modification to existing clinically-used EAs. Such
an approach is useful because many EAs end up in undesirable
positions within the cochlea, and it is currently not possible to
measure position during a clinical insertion (when there is still
opportunity to correct it) without radiation-emitting imaging.
We also contributed the first real-time approaches for esti-
mating E-M proximity using impedance measurements. Both
the nonlinear model method and the LSTM neural network
produced cochlear region predictions with greater than 90%
accuracy. These contributions set the stage for future work
toward providing surgeons the information needed to make
real-time adjustments to EA position during insertion. They
also provide further evidence of the merit of using impedance
sensing for closed-loop control. In the future, this impedance-
advised control, first performed by Pile [31] to advise linear
stylet movement, could be performed using a variety of
actuation methods (e.g., modulation of the parallel robot joints
in [32], magnetic actuation of the tip of an EA [30], etc.) to
dramatically improve EA placement. Future work will also
include verifying that the relationship between impedance and
proximity determined in the phantom experiments of this paper
will directly translate to cadaveric human cochleas.
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