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a b s t r a c t
Deep brain stimulation (DBS) is an established therapy for the treatment of Parkinson's disease and shows
great promise for numerous other disorders. While the fundamental purpose of DBS is to modulate neural
activity with electric ﬁelds, little is known about the actual voltage distribution generated in the brain by DBS
electrodes and as a result it is difﬁcult to accurately predict which brain areas are directly affected by the
stimulation. The goal of this study was to characterize the spatial and temporal characteristics of the voltage
distribution generated by DBS electrodes. We experimentally recorded voltages around active DBS electrodes
in either a saline bath or implanted in the brain of a non-human primate. Recordings were made during
voltage-controlled and current-controlled stimulation. The experimental ﬁndings were compared to volume
conductor electric ﬁeld models of DBS parameterized to match the different experiments. Three factors
directly affected the experimental and theoretical voltage measurements: 1) DBS electrode impedance,
primarily dictated by a voltage drop at the electrode–electrolyte interface and the conductivity of the tissue
medium, 2) capacitive modulation of the stimulus waveform, and 3) inhomogeneity and anisotropy of the
tissue medium. While the voltage distribution does not directly predict the neural response to DBS, the
results of this study do provide foundational building blocks for understanding the electrical parameters of
DBS and characterizing its effects on the nervous system.
© 2008 Elsevier Inc. All rights reserved.

Introduction
Chronic electrical stimulation of subcortical structures, known as
deep brain stimulation (DBS), has become an accepted surgical
procedure for the treatment of movement disorders, and shows
promise for the treatment of epilepsy and neuropsychiatric disorders
(Perlmutter and Mink, 2006). Despite the clinical success of DBS,
substantial gaps remain in the scientiﬁc characterization of the
underlying biophysics and therapeutic mechanism(s) of the technology (Johnson et al., 2008). These scientiﬁc limitations are highlighted
by the inability to quantify the electric ﬁeld strength in speciﬁc brain
regions and directly relate the stimulation parameters to changes in
neural activity. This obstacle exists because experimental measurements (in vitro or in vivo) of the voltage distributions generated by
DBS electrodes are lacking, and computational models that are
typically used to estimate the electric ﬁelds generated by DBS have
not been directly validated.
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While the fundamental purpose of DBS is to modulate pathological
neural activity with applied electric ﬁelds, most attempts to deﬁne the
therapeutic target area for stimulation have concentrated on determining the anatomical location of the active electrode contact (e.g.
Yelnik et al., 2003; Nowinski et al., 2005). Additionally clinical studies
have worked to correlate stimulation parameters settings (amplitude,
pulse width, frequency, polarity) with behavioral outcomes (Rizzone
et al., 2001; Moro et al., 2002; Kuncel et al., 2006). However, without
considering the complete system of stimulation parameters, electrode
characteristics, and electrical properties of the surrounding tissue
medium it is impossible to determine if the stimulation effects are
contained to the anatomical region of the active contact or if they
extend to surrounding areas (Maks et al., 2008). Therefore, the ﬁrst
step in predicting the stimulation effects of DBS is to characterize the
voltage distribution generated in the brain.
Substantial effort has been dedicated to building volume conductor electric ﬁeld models of clinical DBS (McIntyre and Thakor,
2002; Kuncel and Grill, 2004; Butson and McIntyre, 2005; Hemm et
al., 2005; Butson et al., 2006; Astrom et al., 2006; Yousif et al., 2008a,b).
DBS volume conductor models have also been coupled to multicompartment cable models of neurons to develop theoretical
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predictions of neural activation as a function of therapeutic stimulation parameter settings (McIntyre et al., 2004a, 2004b; Miocinovic et
al., 2006; Butson et al., 2007; Sotiropoulos and Steinmetz, 2007; Maks
et al., 2008; Johnson and McIntyre, 2008). However, several aspects of
these models relied on unvalidated assumptions regarding the
electrical properties of the tissue medium and the electrode–
electrolyte interface, principally because the experimental data
necessary to constrain the models did not exist. We undertook this
study with the goal of experimentally characterizing the spatial and
temporal characteristics of the voltage distribution generated by DBS
electrodes. The experiments were performed by recording voltages
around active DBS electrodes implanted in a saline bath, or in the
thalamus and subthalamic nucleus (STN) of a non-human primate.
The experimental data was then compared to volume conductor
models representing the different experimental environments.
Methods
The voltages induced by DBS in a saline bath or brain tissue were
recorded with microelectrodes positioned at various distances (within
a radius of 7 mm) from the active DBS electrode contact. By varying
the vertical and horizontal distance of the microelectrode from the
DBS electrode, multiple recordings were obtained and voltage
distribution maps were constructed. The temporal characteristics of
the induced voltages were recorded for both constant-voltage
(voltage-controlled) and constant-current (current-controlled) stimulation. Volume conductor models were constructed in an attempt to
theoretically reproduce the voltage distributions recorded in vitro and
in vivo.
Stimulation and recording protocols
Most of the experiments in this study were conducted with scaleddown versions of the clinical DBS electrodes, anatomically suitable for
implantations into the brains of non-human primates (Hashimoto et
al., 2003; Elder et al., 2005). Each monkey DBS electrode consisted of a
45 mm polyurethane shaft with four cylindrical platinum/iridium
contacts wrapped around the distal end of the lead. The contacts were
0.75 mm in diameter, 0.5 mm in height and separated by 0.5 mm of
insulation spacing. The monkey DBS electrodes were manufactured by
the Advanced Bionics Corporation (Valencia, CA). In a subset of in vitro
experiments, a human clinical DBS electrode (3387 model) was used.
The contacts were 1.27 mm in diameter, 1.5 mm in height and
separated by 1.5 mm of insulation spacing. The human DBS electrode
was manufactured by Medtronic Inc. (Minneapolis, MN).
Both constant-voltage and constant-current pulses were used for
stimulation through the DBS electrodes. Constant-voltage stimulation
experiments relied on either a clinical pulse generator (IPG; Itrell II
model, Medtronic Inc., Minneapolis, MN) or biphasic pulse generator
(BPG-1; Bak Electronics, Mount Airy, MD) with a biphasic constantvoltage stimulus isolator (BSI-1; Bak Electronics). For constant-current
stimulation we used an external pulse generator (S88; Grass
Instruments, Quincy, MA) and two photoelectric constant-current
stimulus isolation units (PSIU6; Grass Instruments).
Typical IPG parameters settings used in our experiments were
0.3 V, 450 μs and 20 Hz unless otherwise speciﬁed. The IPG generated
an asymmetrical charged-balanced waveform with a cathodic phase
deﬁned by the inputted stimulus amplitude and pulse width followed
by a low amplitude long duration anodic phase (Butson and McIntyre,
2007). While the settings used in many of our experiments were not
clinically relevant, they were chosen to provide the greatest amount of
information on the temporal aspects of the applied voltages. The low
amplitude limited the amount of stimulation-induced neural activity
generated by the pulse, the long pulse width allowed for quantiﬁcation of the capacitative components of the recorded waveforms, and
the low frequency limited any overlap between the temporal aspects
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of each pulse. However, more clinically relevant settings were also
tested. Additional experiments were also performed with symmetrical
charge-balanced waveforms to more completely characterize the
range of waveforms used in brain stimulation applications. These
parameters were 0.3 V or 30 μA amplitude, 500 μs cathodic pulse,
500 μs interpulse delay, and 500 μs anodic pulse delivered at 20 Hz
(Fig. 1).
In all cases, monopolar stimulation was tested with a single active
electrode contact and a distant return. Inactive electrode contacts
were left open and were not connected to a deﬁned potential. The
stimulation parameter settings were chosen such that the applied
ﬁelds were subthreshold for behavioral effects in the animal
experiments. Stimulation was applied for 5 seconds at each DBS
contact for each microelectrode recording position.
Voltages generated in the saline bath or brain tissue by the DBS
electrode were measured with a microelectrode to achieve ﬁne spatial
resolution. Speciﬁc details regarding in vitro and in vivo measurements are described in subsequent sections. In both cases epoxylitecoated tungsten microelectrodes with tip lengths of approximately
50 μm (FHC, Bowdoinham, ME) were positioned at different vertical
and horizontal distances from the DBS electrode using a microdrive
(MO-95-lp, Narishige Scientiﬁc Instruments, Tokyo, Japan). Vertical
spatial resolution was 0.25–0.5 mm while horizontal resolution was
0.5–1 mm. The recorded signal was ampliﬁed (50×) and bandpass
ﬁltered (0.1 Hz–20 kHz) using a differential ampliﬁer connected to a
high-impedance headstage (model 3000, A-M systems, Sequim, WA).
The signal was then digitally sampled at 100 kHz and stored for later
ofﬂine analysis (Power 1401 and Spike2 software, Cambridge Electronic Design, Cambridge, UK). The average peak cathodic voltage was
calculated by averaging peak voltage in 100 (5 s × 20 Hz) waveform
responses recorded at each microelectrode location. Voltage distribution spatial maps were constructed by plotting the average peak
cathodic voltage measured at multiple locations in plane with the DBS
electrode.
Monitoring electrode impedance is important both for understanding the stimulation effects and recorded responses. Existing
clinical DBS systems employ voltage-controlled stimulation. Under
voltage-controlled stimulation, DBS electrode impedance inﬂuences
the voltage amplitude induced in the medium. And, under both
voltage- and current-controlled stimulation, microelectrode impedance affects the amplitude of the recorded signal. DBS impedance
recordings were performed at 1 kHz using an Autolab potentiostat
(PG-STAT12, Eco Chemie, Utrecht, The Netherlands) by applying a
25 mV (rms) sine wave between the DBS electrode and the silver/
silver chloride reference wire (placed in the saline-ﬁlled contralateral
recording chamber) and measuring the current output. Microelectrode impedances were acquired with 1 kHz sinusoid impedance
meter (IMP-1, Bak Electronics, Mount Airy, MD). Microelectrodes were
regularly tested to assure their impedances remained relatively
constant during a series of experimental voltage recordings (the
same microelectrode was usually used for recordings in the same area
repeated over several days). Initial microelectrode impedances were
between 0.5–1 MΩ, and daily variations within ±0.2 MΩ were
tolerated.
In vitro experiments
In vitro experiments were performed by suspending a DBS
electrode in saline. Constant-voltage or constant-current stimulus
pulses were applied through the DBS electrode and voltages generated
in the medium were recorded with a microelectrode as described in
the previous section. The cylindrical glass jar was 7 cm in diameter,
7 cm in height and ﬁlled with 0.9% NaCl (conductivity 1.5 S/m). A
stainless steel wire was wound around the inner wall of the container
and served as the return electrode. A silver/silver chloride wire was
positioned several centimeters from the recording microelectrode and
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Fig. 1. In vitro voltage recordings using monkey and human DBS electrodes. A) In vitro recordings were performed with a four-electrode setup. A constant-voltage or constant-current
stimulus was applied across the DBS electrode and a return electrode. The response voltage was measured between the microelectrode and reference electrode. B) Voltage-controlled
stimulus waveform and recording from the medium. C) Voltage distribution maps. The active electrode contact is red and the inactive contacts are pink. Left: Voltage distribution map
obtained from ﬁnite element model optimized to ﬁt the in vitro recording data. Middle: Individual recording locations are marked with small spheres; sphere color indicates recorded
peak voltage. Right: Experimental data recorded from human DBS electrode. Stimulus amplitude was 0.3 V. Voltage drop at the electrode–electrolyte interface limited the peak
voltage recorded in the medium.

it served as the reference electrode (Fig. 1A). Photographs were taken
during the recordings to verify microelectrode distance from the DBS
electrode.
In vivo experiments
Two DBS electrodes were chronically implanted into the brain of a
rhesus monkey (Macacca mulatta; ID number 05-m-003; weighing 5.0 kg)
following published procedures (Elder et al., 2005; Miocinovic et al., 2007)
(Fig. 2). The ﬁrst DBS electrode was implanted in the left thalamus, and the
second electrode was implanted in the right STN. Constant-voltage or
constant-current stimulus pulses were applied through each DBS
electrode and the voltage distribution was recorded with a microelectrode
as described in the previous section. All surgical and recording protocols
were approved by the Cleveland Clinic Institutional Animal Care and
Use Committee and complied with United States Public Health Service
policy on the humane care and use of laboratory animals.
Imaging
Magnetic resonance imaging (MRI) was used to obtain anatomical
images for surgical planning and diffusion-weighted images for
estimation of tissue electrical conductivity parameters. Images were
acquired on Siemens Trio 3 T scanner (Siemens Medical Systems,
Erlangen, Germany). The animal was imaged under propofol
anesthesia. T2-weighted images were acquired and consisted of

twenty 2 mm thick coronal slices and twenty 2 mm thick sagittal
slices (256 × 256 matrix, 120 × 120 mm ﬁeld of view (FOV),
0.47 × 0.47 mm in-plane resolution). T1-weighted MPRAGE images
(88 1-mm thick axial slices; 128 × 128 matrix; 1 × 1 mm in-plane
resolution) were acquired along with the diffusion-weighted images
for image co-registration.
The diffusion-weighted images, from which diffusion tensors were
calculated, were acquired using a twice-refocused spin-echo pulse
sequence to minimize eddy current artifacts (Reese et al., 2003). Axial
images were acquired with following parameters: 15 slices of 1.5 mm
thickness, 64 × 64 matrix, 96 × 96 FOV, b-value of 1000 s/mm2, partial
Fourier factor 5/8, TR = 2000 ms, TE = 87 ms, bandwidth = 1166 Hz/
pixel. The diffusion gradients were encoded along 71 non-collinear
orientations selected by a Coulomb repulsion algorithm (Jones et al.,
1999). Eight acquisitions without diffusion weighting (b-value = 0)
were acquired at equal intervals among the diffusion-weighted
images. Signals were averaged after motion correction, in which
images without diffusion weighting were coregistered with AFNI (Cox,
1996), and interpolated coordinates were used to reposition intervening, diffusion-weighted images. Resulting SNR0 was ∼15 in the
white matter in images without diffusion weighting. Diffusionweighted data was normalized by mean b = 0 signal, and the diffusion
tensor components were calculated by linear regression ﬁts to the log
of the diffusion-weighted data (Basser et al., 1994). Tensors were
diagonalized by a Jacobi transformation using LAPACK (Anderson et
al., 1999) yielding eigenvalues and eigenvectors.
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Fig. 2. Surgical planning and electrode implantation. (A) Cicerone software was used to plan locations for chambers targeting thalamus (left hemisphere) and STN (right hemisphere).
(B) X-ray image taken during a recording session. (C) Zoomed in view of ﬁgure B. In this example, the microelectrode was 2.5 mm posterior to the STN DBS electrode. (D, F.) the postDBS-implantation CT was coregistered with pre-DBS-implantation MRI to deﬁne the DBS electrode location in the brain. The white structure is the contour of the electrode extracted
from the post-DBS-implantation CT. (E, G.) Cicerone was used to visualize electrode location with respect to a brain atlas warped to match the neuroanatomy of the animal.

Computed tomography (CT) scans, performed with a Siemens
SOMATOM Sensation, were used for surgical planning and subsequent
localization of the implanted DBS electrodes (Figs. 2D, E). The CT
images were acquired in the axial plane in 1 mm increments (135
slices at 512 × 512 pixels; 0.24 mm × 0.24 mm in-plane resolution). All
of the MRI and CT images were coregistered in Analyze 7.0
(AnalyzeDirect, Lenexa, KS).
Surgical procedure and DBS electrode implantation
Recording chambers were implanted on the skull in an aseptic
surgical procedure under isoﬂurane anesthesia with the animal's head
held in a primate stereotactic frame (model 1430, Kopf Instruments,
Tujunga, CA). Prior to surgery MRI and CT images were imported into our
neurosurgical navigation software (Cicerone) and stereotactic chamber
coordinates were calculated (Miocinovic et al., 2007) (Fig. 2A). Two
craniotomies were performed and one metal chamber (16 mm inner
diameter) was anchored over each hemisphere. The chamber targeting
the thalamus was placed over the left hemisphere, in the sagittal plane at
5° from the vertical axis (anterior-to-posterior), 6.6 mm anterior and
5.4 mm lateral (in frame coordinates). The second chamber targeting the
STN was placed over the right hemisphere, in the sagittal plane at 35°
from the vertical axis (anterior-to-posterior), 0 mm anterior and 7.5 mm
lateral (in frame coordinates). Postoperative CT veriﬁed that the
chambers were implanted as planned. The DBS electrodes were
implanted in a separate procedure after several days of neurophysiological mapping of the target brain region (Elder et al., 2005; Miocinovic
et al., 2007).
Voltage distribution data collection
During microelectrode voltage recordings, the animal was lightly
sedated with acepromazine (1 mg/kg) and sitting in a primate chair with
the head restrained (the animal was also receiving 4 mg of prednisolone
daily). During recordings, the animal was awake but drowsy and voluntary
movement was reduced, thus minimizing recording noise and pressure
exerted on the head implant. Each recording session lasted up to 4 h.

Microelectrode voltage recordings were performed through the
same chamber where the DBS electrode was implanted. The
microelectrode was positioned parallel to the DBS electrode, either
anterior or posterior, in the same sagittal plane (thalamus) or in the
plane 1 mm lateral (STN) to the DBS electrode. The microelectrode
guide tube, inserted a few millimeters below the dura, was used as a
reference electrode. A chamber on the opposite hemisphere was used
for stimulation current return.
X-ray images were acquired for each recording track to verify the
distance from the microelectrode to the DBS electrode (Figs. 2 C, D). A
portable veterinary unit (PXP-40HF; Poskom, Korea) was used with
10 × 12 in. ﬁlm and an intensifying grid cassette. The X-ray source was
set to 70 kVp and 2 mA and positioned 106 cm from the ﬁlm cassette.
A custom-made alignment tool was used to position the animal so that
the images were taken in a sagittal plane (the same plane in which the
DBS electrode and microelectrode were inserted). During a single
recording session the X-ray source, ﬁlm cassette, and animal were
kept in the same position, so that only the microelectrode position
changed. However, small variations in day to day positioning were
unavoidable. Films were digitized and distance of the microelectrode
to the active contact was measured in Analyze 7.0.
Modeling studies
Finite element models (FEMs) of DBS were created to augment
the analysis of our experimental recordings and evaluate their
accuracy in reproducing the experimental data. A 3-dimensional,
multi-resolution ﬁnite element mesh of the DBS electrode and
surrounding tissue medium was constructed. A single model mesh
consisting of 90,113 total elements, generated by FEMLAB 3.1
(Comsol Inc., Burlington, MA, USA), was used in all simulations (in
vitro and in vivo) to allow consistent comparison of model outputs.
The mesh density was highest at the electrode contact and element
size increased as a function of distance from the electrode.
Boundaries were deﬁned 7 cm from the DBS electrode contacts
and the outer boundary was set to ground. Nodes on the active
electrode surface were used as current/voltage sources. The Poisson
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equation was solved to determine voltage as a function of space
within the tissue medium:
j  σjVe = −I
where Ve is voltage, I represents injected current and σ is a complex
stiffness matrix that includes the tissue conductivities. Simulations
and visualization were conducted using BioPSE (Scientiﬁc Computing
and Imaging Institute, University of Utah, Salt Lake City, UT). The
simulation ﬁles and instructions on their use are available upon
request.
Three variants of the DBS model were created. The models
mimicked the in vitro DBS, in vivo thalamic DBS, and in vivo STN
DBS experiments, respectively. The in vitro DBS model consisted of a
single isotropic domain (σ = 1.5 S/m) representing the saline bath. The
in vivo DBS models were substantially more complex incorporating a
sheath of encapsulation tissue (0.25 mm thick (Haberler et al., 2000;
Nielsen et al., 2007), σ = 0.18 S/m (Grill and Mortimer, 1994)
surrounding the DBS electrode and bulk tissue electrical properties
derived from diffusion tensor imaging (DTI).
The DTI data from the animal was used to estimate the brain tissue
conductivity. The DTI tensors were converted from diffusivity to
conductivity using a scalar transform, based on the work of Tuch et al.
(2001):

σ = 0:8ðS−sÞ=mm2 D;
where D is the diffusion tensor at each individual voxel. These
conductivity tensors were then mapped to their respective ﬁnite
elements in the DBS model (McIntyre et al., 2004a; Butson et al.,
2007). The electrical conductivity parameters describing the various
sections of the models were selected to be within previously
established experimental/theoretical ranges and provide voltage
distributions with the best overall ﬁt to our experimental data.
Results
In vitro voltage recordings
Voltage-controlled stimulation generated a time-dependent voltage waveform in the saline medium (Fig. 1B). The capacitance of the
electrode–saline interface modulated the shape of the waveform,
generating exponential decays and rises throughout the time course of
the biphasic pulse. The peak voltage occurred at the beginning of the
pulse and the response decayed over time (i.e. less current was
injected over time). The time constant (τ) for the voltage decay in vitro
was on average 0.22 ± 0.04 and 0.15 ± 0.03 ms for the monkey and
human electrode, respectively. These time constants were calculated
using the formula: V = Voe− t / τ, where Vo is the peak voltage and τ is
the time constant. For current-controlled stimulation, the shape of the
in vitro recorded waveform was approximately identical to the applied
pulse (data not shown).
Capacitance (C = τ / Z) of the monkey electrode was calculated as
0.6 μF using the average contact impedance (Z) measured with a
bipolar electrode setup (as described in Holsheimer et al., 2000). The
capacitance of a human DBS electrode was previously estimated at
3.3 μF (Butson and McIntyre, 2005). Given the 5.1 times smaller
surface area of the monkey DBS electrode contact, its capacitance
should be approximately 0.64 μF which agrees well with the above
calculated value.
We created spatial maps of the peak voltage recorded during the
applied waveform at different locations around the DBS electrode
(Fig. 1C). The maximal voltages were recorded near the active
electrode contact and decayed non-linearly as a function of distance
from the active electrode contact. These spatial maps were then
compared to computational models to further characterize the
experimental data.

In vitro voltage distribution model
The in vitro DBS FEM generated a 3D solution of the voltage
distribution in the saline medium (Fig. 1C). Coupled analysis of the
theoretical and experimental results suggests a substantial voltage
drop across the electrode–saline interface. This interface voltage drop
has been documented in the electrochemistry literature and is related
to the transition from electrons carrying the current in the electrode to
ions carrying the current in the medium (Mansﬁeld, 1967; Dymond,
1976; Geddes, 1997; Merrill et al., 2005). Ignoring the effects of the
interface voltage drop resulted in models that substantially underestimated the DBS model impedance and overestimated the voltages
generated in the surrounding medium. In turn, we incorporated this
voltage drop by reducing the effective stimulation voltage applied to
the model. For monkey DBS electrodes the drop was calculated to be
57% meaning that the 0.3 V stimulus created by the pulse generator
resulted in an equivalent stimulus of 0.13 V after the interface voltage
drop. The resulting in vitro DBS model impedance was 0.77 kΩ,
compared to 0.75 kΩ recorded experimentally. Point-by-point
comparison with the experimental voltage recordings resulted in a
1.2% average error in the model predictions (Fig. 1C).
In vivo voltage recordings
Voltages generated by DBS electrodes in the thalamus and STN
under constant-voltage or constant-current stimulation were
recorded (Fig. 3). Similar to the in vitro recordings (Fig. 1B), the
voltage-controlled waveforms decayed exponentially. However, the in
vivo voltage decay occurred with a longer time constant than
observed in vitro. The monkey DBS electrode exhibited a voltage
decay time constant of 0.64 ± 0.27 ms in vivo. The stimulus waveform
produced by the Medtronic IPG was asymmetric and the delay
between the cathodic and anodic phase depended on the stimulation
frequency (∼1 ms for 20 Hz stimulus and ∼0.25 ms for 185 Hz
stimulus) (Butson and McIntyre, 2007). Interestingly, the capacitive
discharge of the IPG waveform did not occur immediately after the
end of the cathodic phase as observed with traditional square wave
stimuli (Fig. 1B), but instead there was an ∼0.25 ms delay (Fig. 3A) due
to IPG electronic circuit characteristics not under our experimental
control.
Constant-current stimulation generated experimentally recorded
waveforms that more closely resembled the output of the pulse
generator (Fig. 3A). However, compared to the in vitro constantcurrent waveforms which reached their peak almost immediately, the
in vivo recorded voltages rose throughout the pulse duration such that
the peak voltage occurred at the end of the pulse. Previous theoretical
analyses suggest that this phenomenon was caused by the capacitance
of the tissue medium (Butson and McIntyre, 2005).
The recorded peak voltage was linearly related to the stimulus
amplitude for both constant-voltage and constant-current stimulation
(Fig. 3B). This was true over a wide range of stimulus amplitudes (e.g.
0.1–2.0 V). In turn, while sub-clinical amplitudes were used for
majority of the experiments, the fundamental results of this study
should be applicable across the spectrum of clinically relevant
parameter settings.
The voltage distribution generated by DBS in vivo exhibited a nonlinear decay as a function of distance from the active electrode contact
(Fig. 4). The power (x) of the voltage decay (1 / rx), where r is the
distance from the electrode, was estimated from individual recording
tracks. The thalamic constant-voltage recordings exhibited an x of
0.78 ± 0.11 and 0.78 ± 0.14 for thalamic constant-current stimulation.
The STN constant-voltage recordings had an x of 0.88 ± 0.16. These
estimates were lower than the theoretical decay for a point-source
electrode where x equals 1. In turn, the voltage distribution from a DBS
electrode falls off more slowly in space than the voltage distribution
from a point-source electrode (McIntyre and Thakor, 2002).
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Fig. 3. In vivo stimulus waveform recordings. A. Voltage-controlled (IPG) and current-controlled stimulus waveforms at 20 Hz and 185 Hz recorded across a 1 kΩ resistor (top) and
corresponding voltage responses recorded in vivo (bottom). B. The peak voltage recorded in vivo was proportional to the applied stimulus amplitude for both voltage-controlled and
current-controlled stimulation.

Voltages recorded during constant-voltage stimulation were
inﬂuenced by the DBS electrode impedance (Fig. 4). DBS electrode
impedance can vary over time (see Discussion) and as a result voltage
recordings carried out over several weeks were subjected to different
impedance conditions. For example, voltage recordings at the same
general location relative to the DBS electrode could vary by 50% or

more depending on the electrode impedance (lower impedance
resulted in higher recorded voltage). On the other hand, voltages
generated during constant-current stimulation were independent of
DBS electrode impedance (Fig. 4). Despite the occasional variations,
most of the constant-voltage recordings were acquired with the DBS
electrode impedance in the middle (3–5 kΩ) range.

Fig. 4. In vivo peak voltages. Individual voltage recordings plotted against the distance from the microelectrode tip to the active DBS electrode contact. The data was classiﬁed
according to DBS electrode impedance. Low DBS electrode impedance was deﬁned as less than 3 kΩ, medium impedance as 3–5 kΩ, and high impedance as more than 5 kΩ.
Thalamic data included 11 recording tracks (30 recording locations in each track) collected over 4 days using the same DBS contact for stimulation. Data for thalamic voltagecontrolled and current-controlled stimulation were collected at the same time so recording locations were identical. STN data includes 16 recording tracks (27 recording locations
in each track) collected over 8 days. Saline data was divided according to the type of DBS electrode used (monkey vs. human—lower right plot). Monkey electrode data consisted
of 7 tracks (33 locations in each track) recorded over 2 days. Human electrode data consisted of 7 tracks (23 locations in each track) recorded during 1 day. The stimulus
amplitude was 0.3 V or 30 μA.

172

S. Miocinovic et al. / Experimental Neurology 216 (2009) 166–176

In vivo voltage distribution model
The in vivo DBS FEMs generated 3D solutions of the voltage
distribution in the monkey brain and these results were compared to
the experimental measurements (Fig. 5). Two representative sets of
experimental data recorded from thalamus and STN were used to
evaluate the in vivo models. The in vitro DBS FEM predicted a 57%
voltage drop at the electrode–electrolyte interface and this voltage
drop was included in the in vivo models. The in vivo models also
accounted for the high resistance encapsulation tissue that forms
around implanted foreign bodies (see Methods and Discussion).
Together these features dominated the overall model impedance that
closely paralleled the experimental measurements. The impedance
measured through the STN DBS electrode was 3.8 kΩ for the
experimental data presented in Fig. 5 and 3.8 kΩ in the corresponding
model. The thalamic DBS electrode was 3.4 kΩ in the experiments and
3.7 kΩ in the model.
The in vivo DBS FEMs accurately predicted the voltage distribution
in both the STN (Fig. 5B) and the thalamus (Fig. 5C). Point-by-point
comparison of the experimental recordings and model predictions

showed an average model error of 6.2% in the STN and 17.4% in the
thalamus within 2.5 mm of the stimulating electrode. Interestingly,
the more distant recording tracks in the STN showed greater errors,
with the model overestimating the voltage, while the average error of
the thalamic model was independent of distance from the active
contact. The more distant recording tracks of the STN electrode were
presumably in the internal capsule (given the stereotactic location of
the recording electrode in the brain volume). The DTI-based
conductivities of the STN model did create a more dramatic voltage
gradient in that highly anisotropic region, but the experimental data
suggest an even stronger effect than predicted by the model.
To further evaluate the impact of tissue anisotropy and inhomogeneity we created a simpliﬁed in vivo DBS FEM that replaced the DTIbased tissue conductivities with an isotropic conductivity of 0.2 S/m
(Ranck, 1963), resulting in a 3.6 kΩ model impedance. Repeating the
above listed point-by-point comparison revealed an average error of
8.5% in the STN and 16.9% in the thalamus with the simpliﬁed model.
These results suggest that when evaluating DBS voltage distributions
within a few millimeters of an active electrode contact, an appropriately parameterized isotropic model provides similar overall

Fig. 5. In vivo voltage distribution model. A) Electrical conductivity of the brain was estimated on a voxel-by-voxel basis using diffusion tensor data. Conductivity tensors are
represented as an ellipsoid with its long axis indicating the direction of highest conductivity and the color representing the degree of anisotropy (red—anisotropic, blue—isotropic).
B, C) Experimental recordings, corresponding model solutions and an example model 3D voltage isosurface at 10 mV for the STN (B) and thalamic (C) DBS electrode. For both B and C
the recording tracks were acquired parallel to and posterior from the DBS electrode trajectory.
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predictions to a more detailed DTI-based model. However, the DTIbased models did generate quantitatively different results than the
isotropic model when the complete 3D solutions were compared (data
not shown). For example, the isotropic DBS model created nearly
perfect spherical voltage isosurfaces while the DTI-based model
voltage isosurfaces were distorted by the complex tissue electrical
properties (Figs. 5B, C).
Discussion
The fundamental purpose of DBS is to modulate brain activity with
applied electric ﬁelds and the goal of this study was to quantitatively
characterize those ﬁelds. This study experimentally and theoretically
examined features of the electrode–brain interface that dictate the
spatial and temporal voltage distribution generated by DBS. Voltages
generated by DBS electrodes were recorded in vitro (saline bath) and
in vivo (thalamus and STN of a monkey) and the results were
compared to volume conductor ﬁnite element models. Three features
of the electrode–brain interface directly affected the experimental and
theoretical results: 1) DBS electrode impedance, dictated by a voltage
drop at the electrode–electrolyte interface and the conductivity of the
tissue medium, 2) capacitive modulation of the stimulus waveform,
and 3) inhomogeneous and anisotropic tissue properties. These results
represent important building blocks for quantifying the neural
response to DBS, and subsequently deﬁning its therapeutic mechanisms of action.
Electrode–brain interface
The interface between a permanently implanted electrode and the
brain is a complex entity that can dramatically affect the functioning of
the clinical device. An anatomically and electrically stable interface is
necessary to allow for the determination of stimulation parameters
that can provide consistent therapeutic beneﬁt. This interface is made
up of many different components. At the core of this interface is the
transfer of charge from the metal electrode to the ionic medium of the
brain, thereby establishing a potential gradient from the cathode to
the anode (Mansﬁeld, 1967; Dymond, 1976; Geddes, 1997; Merrill et
al., 2005). This potential gradient passes through the extracellular
space whose electrical conductivity is inhomogeneous, meaning it
changes as a function of distance from the electrode, and anisotropic,
meaning it changes as a function of direction (Tuch et al., 2001;
McIntyre et al., 2004a). Very close to the electrode (within a few
hundred microns) the tissue medium is typically made up of glia cells
and extracellular matrix proteins that form a low conductivity
encapsulation layer around the foreign body (Caparros-Lefebvre et
al., 1994; Haberler et al., 2000; Henderson et al., 2002; Moss et al.,
2004; Nielsen et al., 2007). The periphery of this encapsulation layer
transitions into the normal brain tissue which is a complex 3D volume
conductor. The potential gradient established in the brain is directly
affected by these different features of the electrode–brain interface.
Electrode interface voltage drop
Our results suggest that a relatively dramatic drop in voltage
occurs in the transition from the polarization of the DBS electrode
contact to the ionic medium. DBS electric ﬁeld models commonly
assume an ideal electrode behavior (i.e. no voltage drop across the
electrode interface). However, both the in vitro and in vivo experimental recordings generated voltage measurements that were
substantially lower than idealized model predictions. It was therefore
necessary to include an interface layer, which we empirically modeled
as percentage voltage reduction across the electrode interface. While
more complicated equivalent circuit models exist for modeling the
electrode interface (e.g. Cantrell et al., 2008), our method was
sufﬁcient to accurately characterize the data without increasing the
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overall complexity of the model. However, it should be noted that our
simplistic voltage drop representation ignores the complex non-linear
and frequency-dependent reactions that actually take place at the
electrode–electrolyte interface.
We calculated the interface voltage drop using the in vitro
recording data, as this drop was the only unknown variable (saline
conductivity was known and there was no encapsulation layer or
tissue anisotropy/inhomogeneity). We then used this value for the in
vivo models under the assumption that the extracellular ﬂuid in
immediate contact with the electrode contact is similar to saline.
Clearly, this generalization does not take into account all ionic features
of the actual in vivo environment. Nonetheless, our in vivo electric
ﬁeld model predictions matched well with our experimental recordings and the lowest model errors were achieved with the interface
voltage drop deﬁned by the in vitro model, compared to arbitrarily
selected voltage drops. However, it should be noted that the models
presented in this study were parameterized to match higher
frequency components of the impedance spectrum and may not be
applicable for lower frequency analysis.
Tissue inﬂuences on electrode impedance
The brain's inﬂammatory response to the implanted DBS electrode is
the creation of a tissue encapsulation sheath (Haberler et al., 2000;
Henderson et al., 2002; Nielsen et al., 2007). This collection of cellular
inﬁltrate, protein deposits, and collagen matrices increases the electrode
impedance and reduces the electric ﬁeld generated in the bulk tissue
medium (Butson et al., 2006). As a result, the effective strength of
voltage-controlled stimulation is reduced because the injected current is
inversely proportional to electrode impedance. Current-controlled
stimulation was not affected by the electrode impedance and similar
potentials were generated for a range of electrode impedance values.
Interestingly, stimulation itself reduced electrode impedance. In our
experience, most of the reduction in impedance occurred within the ﬁrst
10–15 min of acute stimulation (Lempka et al., 2007). These effects were
transient and the impedance returned to baseline in a time-dependent
manner following cessation of stimulation. This phenomenon has been
studied in cochlear (Ni et al., 1992; Duan et al., 2004; Newbold et al.,
2004; Shepherd and McCreery, 2006), cortical (Weiland and Anderson,
2000), subcutaneous (Grill and Mortimer, 1994), and DBS (Hemm et al.,
2004) electrodes. These results have important implications for voltagecontrolled stimulation in that the effective spread of stimulation can
change as the impedance changes.
A number of histological studies have examined the encapsulation
response on and around clinical DBS electrodes (Caparros-Lefebvre et
al., 1994; Haberler et al., 2000; Henderson et al., 2002; Moss et al.,
2004; Nielsen et al., 2007). In most cases gliosis was observed around
the electrode track (extending up to ∼1 mm) and no overt neuronal
damage in response to chronic stimulation has been found. The animal
used in this study underwent acute stimulation only, but our
preliminary results suggest that chronic impedance values would be
very similar to those recorded after ∼ 1 h of acute stimulation (Lempka
et al., 2007). It should be noted that this animal was receiving chronic
steroid treatment for an intestinal disorder so its inﬂammatory
response to the DBS electrode could have been reduced. At the writing
of this manuscript, the animal was participating in other long-term
DBS research experiments so histological characterization of the
encapsulation response was not possible.
Capacitive modulation of the stimulus waveform
Our results show that the shape of the stimulus waveform
recorded in saline or brain tissue was modiﬁed from the stimulus
waveform generated by the pulse generator (Figs. 1B, 3A). The actual
stimulus waveform imposed on the brain tissue directly impacts the
neural response to the stimulation pulse. Previous work has explored
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the effects of electrode and tissue capacitance on the shape of DBS
waveforms transmitted to brain tissue (Butson and McIntyre, 2005;
Gimsa et al., 2006; Yousif et al., 2008b). Theoretical models postulate
that the double layer capacitance at the electrode interface results in a
non-linear decay of the potential during a voltage-controlled stimulus
pulse. On the other hand, a current-controlled waveform is not affected
by the interface capacitance and instead exhibits a non-linear rising of
the voltage measured in the tissue due to the effects of tissue
capacitance. The waveforms recorded experimentally conﬁrm these
theoretical predictions and highlight the importance of incorporating
time-dependent capacitive components into neurostimulation models.
Tissue anisotropy and inhomogeneity
Brain tissue electrical conductivities are inherently complex and
difﬁcult to characterize. Further, DBS electrodes are commonly
implanted in brain regions with high degrees of anisotropy (e.g.
ﬁber tracks) and inhomogeneity (e.g. grey matter/white matter
transitions). In an attempt to evaluate the effect of different brain
region conductivities, we placed electrodes in a region with
relatively low anisotropy and inhomogeneity (thalamus) and a
region with relatively high anisotropy and inhomogeneity (STN)
(Shimony et al., 1999). The experimentally recorded voltage
distributions were measurably different with a more spherically
radiating ﬁeld generated by the thalamic electrode, and a more
distorted voltage distribution from the STN electrode (Fig. 5).
Further, the in vivo DBS FEM 3D solutions exhibited voltage
isosurfaces that were more distorted around the STN electrode
than thalamic electrode, especially at lower voltage values (data not
shown). These effects have also been predicted by previous
computer models (McIntyre et al., 2004a; Butson et al., 2007;
Sotiropoulos and Steinmetz, 2007), and our experimental measurements support the hypothesis that brain tissue anisotropy and
inhomogeneity directly impact the stimulating ﬁeld.
Implications for neural activation
This study describes the voltage distribution generated by DBS
electrodes, but it is important to note that absolute voltage at any
point in space does not determine the neural response to stimulation.
Theoretical derivations demonstrate that the spatial change in the
electric ﬁeld, or the second-order difference of the extracellular
voltage distribution, directly inﬂuences the polarization of a neural
process (e.g. axon or dendrite) (McNeal, 1976; Rattay, 1989). While
methods utilized in this paper do not directly address electric ﬁeld
gradients they do provide us with tools (i.e. realistically parameterized
electric ﬁeld models) that can be used to calculate the gradients and
predict the spatial extent of neural activation during DBS (McIntyre et
al., 2004a,b; Miocinovic et al., 2006; Butson et al., 2007; Sotiropoulos
and Steinmetz, 2007; Maks et al., 2008; Johnson and McIntyre, 2008).
The temporal characteristics of the applied voltage are also
important when considering the effects of stimulation on neural
activation. During voltage-controlled stimulation the observed voltage decay is related to charging the electrode capacitance which
increases the electrode impedance over the time course of the applied
pulse, diminishing the current injection into the tissue (Mansﬁeld,
1967; Gimsa et al., 2005). In turn, neural stimulation thresholds are
dependent not only on the voltage stimulus amplitude, but also the
electrode geometry, impedance, and capacitance (Butson and McIntyre, 2005; 2006; Butson et al., 2006; Gimsa et al., 2006; Yousif et al.,
2008a,b). Even when the standard clinical DBS electrodes are used it is
difﬁcult to compare voltage-controlled stimulation thresholds across
patients or experiments unless detailed measurements of the
electrode impedance are available. This problem can be avoided by
using current-controlled pulses which have stimulation thresholds
that are effectively independent of electrode impedance.

Experimental limitations
There exist several possible sources of error in our experimental
voltage distribution recordings. Two notable inaccuracies are the
distance estimates between the stimulating and recording electrodes,
and the impedance variations for the DBS and microelectrodes.
Recorded voltages could be under- or overestimated because of
recording distance uncertainty. This is especially true for very small
distances between the stimulating and recording electrodes where
the voltage distribution changes rapidly. This issue was minimized
with our in vitro recordings by direct visual inspection of electrode
positions and repeated measurements under the same conditions.
However, the in vivo experimental conditions were more difﬁcult to
control. Both microdrive coordinates and X-ray images were used to
estimate the distance between the electrodes, and while every effort
was made to minimize possible errors (see Methods), submillimeter
inaccuracies were possible.
As discussed above DBS electrode impedance is a continuously
variable parameter and it has a measurable effect on voltages
generated in the tissue during voltage-controlled stimulation. Due
to our experimental setup and time constraints, impedances were
measured once before and once after the voltage recording session so
the exact impedance was not known for each recorded voltage value.
During a related series of experiments we observed that the
impedance decreased most rapidly during the ﬁrst few minutes of
stimulation (Lempka et al., 2007). We therefore discarded the ﬁrst
recording track of the day if the ‘before’ and ‘after’ impedances varied
by more than 50% and considered the ‘after’ impedance to be the
representative impedance for the remaining recordings.
Microelectrode impedance depends on the surface area of the
exposed tip which can be increased by passing current through the
electrode. However, a tip area that is too large will reduce the spatial
resolution of the recordings. As a compromise we used microelectrodes with ∼ 0.5 MΩ impedance. Point source ﬁeld recordings for
which analytical solution exists conﬁrmed that appropriate voltage
values could be recorded with such microelectrodes (data not shown).
The stimulation amplitude (0.3 V or 30 μA) was chosen to be low
enough so that it did not induce any behavioral response in the
animal. However, it should be noted that the stimulation probably
excited some neurons in very close proximity to the electrode. These
stimulation-induced potentials, as well as spontaneous neuronal
potentials are typically in the microvolt range and could contribute
to the recorded voltage in the tissue medium. In an attempt to
alleviate these effects, we concentrated on voltage recordings from the
beginning of the stimulus pulse and used low frequency stimulation.
However, to verify that our ﬁndings were applicable to clinically
relevant stimulation we also utilized higher frequency (up to 185 Hz)
and higher amplitude (up to 2 V and 1 mA) stimulation. For both in
vitro and in vivo experiments we observed that the recorded voltages
were directly proportional to the stimulus amplitude and recorded
amplitudes were not affected by the stimulation frequency (Fig. 3; all
data not shown).
Conclusion
Clinical applications of DBS technology continue to grow, but
limitations in scientiﬁc characterization of its interaction with the
nervous system hinder the engineering design of even more efﬁcacious
devices. Computational modeling of DBS electric ﬁelds has recently
emerged as a tool to predict the effects of DBS on neural tissue and
design new DBS technology; however, the validity of the models has
been an issue of concern. We experimentally measured the voltage
distribution generated by DBS electrodes implanted in non-human
primates and compared the recordings to detailed computational
models. Our results show that appropriately parameterized ﬁnite
element models can be used to accurately capture the generated
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potentials. The results of this study provide the ﬁrst experimental
characterization of the voltage distribution generated by DBS electrodes and substantiate the use of computational models to quantify the
spread of stimulation as a function of the electrode placement and
stimulation parameter settings used in an individual subject.
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