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Differences among implanted pulse generator waveforms
cause variations in the neural response to deep brain stimulation
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Abstract

Objective: Two different Medtronic implantable pulse generator (IPG) models are currently used in clinical applications of deep brain
stimulation (DBS): Soletra and Kinetra. The goal of this study was to evaluate and compare the stimulation waveforms produced by
each IPG model.
Methods: We recorded waveforms from a broad range of stimulation parameter settings in each IPG model, and compared them to
idealized waveforms that adhered to the parameters specified in the programming device. We then used a previously published compu-
tational model to predict the neural response to the various stimulation waveforms.
Results: The stimulation waveforms produced by the IPGs differed from the idealized waveforms assumed in previous theoretical and
clinical studies, and the waveforms differed among the IPG models. These differences were greater at higher frequencies and longer pulse
widths, and caused variations of up to 0.4 V in activation thresholds for model axons located 3 mm from the DBS electrode contact.
Conclusions: The specific details of the stimulation waveform directly affect the neural response to DBS and should be accounted for in
theoretical and experimental studies of DBS.
Significance: While the clinical selection of DBS parameters is individualized to each patient based on behavioral outcomes, scientific
analysis of stimulation parameter settings and clinical threshold measurements are subject to a previously unrecognized source of error
unless the actual waveforms produced by the IPG are accounted for.
� 2007 International Federation of Clinical Neurophysiology. Published by Elsevier Ireland Ltd. All rights reserved.
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1. Introduction

Deep brain stimulation (DBS) is an established therapy
for movement disorders, and it shows promise for the treat-
ment of a variety of other neurological conditions. DBS,
like other neurostimulation therapies, represents the culmi-
nation of decades of basic research on the effects of electri-
cal stimulation on neural tissue. This body of work has
demonstrated three important principles: (1) the neural
response to stimulation is modulated by the shape of the
stimulation waveform, (2) waveforms must be biphasic to

prevent tissue damage, and (3) the cathodic (negative)
phase of the waveform has the greatest effect on neural
activation. These principles are directly relevant for DBS,
but the technical details of the stimulation waveforms gen-
erated by clinical DBS devices have received little attention.

Clinical programming of DBS is customized to each
individual patient, with the goal of optimizing therapeutic
benefit. And, it is well recognized that the therapeutic ben-
efit achieved by DBS is primarily dependent on precise elec-
trode placement and careful clinical selection of
stimulation parameters (Moro et al., 2006; Rezai et al.,
2006; Volkmann et al., 2006). However, the details of the
stimulation waveform become important when defining
correlations between DBS parameter settings, clinical out-
comes, and/or experimental threshold measurements.

1388-2457/$32.00 � 2007 International Federation of Clinical Neurophysiology. Published by Elsevier Ireland Ltd. All rights reserved.

doi:10.1016/j.clinph.2007.05.061

* Corresponding author. Tel.: +1 216 445 3264; fax: +1 216 444 9198.
E-mail address: mcintyc@ccf.org (C.C. McIntyre).

www.elsevier.com/locate/clinph

Clinical Neurophysiology 118 (2007) 1889–1894



Aut
ho

r's
   

pe
rs

on
al

   
co

py

Several clinical studies have been conducted to determine
the differential effects of various stimulation protocols on
DBS outcome measures (Benabid et al., 1991; Holsheimer
et al., 2000; Rizzone et al., 2001; Moro et al., 2002; O’Sui-
lleabhain et al., 2003; Kuncel et al., 2006). And, multiple
theoretical studies have calculated the voltage field gener-
ated by DBS (McIntyre and Thakor, 2002; Kuncel and
Grill, 2004; McIntyre et al., 2004a,b; Hemm et al., 2005;
Wei and Grill, 2005; Astrom et al., 2006; Sotiropoulos
and Steinmetz, 2007). However, we recently identified dis-
crepancies between the idealized waveforms assumed in
these previous studies, and the actual waveforms produced
by clinical DBS devices (Butson and McIntyre, 2005).
Therefore, the goal of this study was to further characterize
the stimulation waveforms generated by DBS IPGs and
quantify their impact on neural activation thresholds.

Currently, the Soletra and Kinetra IPG models (Med-
tronic Inc., Minneapolis, MN) are used in clinical practice.
The general stimulation waveform generated by the IPG
consists of a cathodic pulse, a brief inter-pulse delay, and
a charge-balancing anodic pulse (Fig. 1). Two common
assumptions are typically made about the Medtronic IPG
output. First, the stimulation parameters specified by the
IPG programming device reflect the properties of the
cathodic phase of the stimulation waveform. Second, the
same stimulation waveforms are produced by the different
IPG models. However, both of these assumptions are false,
and the differences between the expected waveforms and
the actual waveforms change as a function of the stimula-
tion parameters. This study documents the differences
among the IPG waveforms, and shows that these differ-
ences cause variations in the neural response to DBS. These
observations have significance for clinicians who adminis-
ter DBS therapy and for researchers who analyze its effects.

2. Methods

We recorded stimulation waveforms from one Kinetra,
six Soletra, and six Itrel II IPGs using a Power 1401 digital
acquisition interface with Spike2 software (version 5.14,
Cambridge Electronic Design, Cambridge, England) on a
Dell Optiplex computer running Windows XP. No signifi-
cant waveform differences were measured among the Sole-
tra or Itrel II IPGs, and the output of one randomly
selected Soletra was used in our figures and analysis. All
IPGs had battery voltages in the normal range. Recordings
were made at 50 kHz with a 1000 X load impedance con-
nected between the IPG output and case during monopolar
stimulation (Fig. 1a). This study documents waveforms
recorded at: �1 V (except for neural threshold determina-
tion, where the amplitude was varied as needed); 60, 120,
210, and 450 ls pulse width; 100, 130, and 185 Hz. For
each setting, we compared the waveforms recorded from
the IPGs to a set of idealized waveforms generated using
Matlab (Mathworks, Natick, MA). These idealized wave-
forms differed from each other in the magnitude of the
cathodic phase and the presence of an anodic, charge-bal-

ancing phase. Specifically, we generated the following ide-
alized waveforms (Fig. 1b): (1) a monophasic square
wave with a cathodic pulse that adhered to the exact

Fig. 1. Experimental and model configuration. (a) Waveforms from
Soletra and Kinetra IPGs were recorded in a monopolar configuration
with a 1000 X impedance between a single contact output and the IPG
case. (b) In addition, three waveforms were constructed in Matlab:
Monophasic, Biphasic-Idealized and Biphasic-Reduced. The duration of
the anodic phase in the biphasic waveforms was determined from the
Soletra duration (bottom) as shown in this example. The two biphasic
waveforms differ primarily in the amplitude of the cathodic phase. (c)
Extent of neural activation was evaluated using a previously published
finite element model of the DBS electrode and surrounding tissue medium
which was coupled to multi-compartment cable models of myelinated
axons. Black wireframe shows finite element mesh; voltage values are
indicated by background shading according to grayscale bar at right.
White circles indicate positions of axons within the electric field, with a
representative axon trajectory displayed 3 mm from the center of DBS
electrode.
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stimulation parameters (voltage, pulse width and frequency)
specified by the programming device, (2) a biphasic wave-
form identical to the monophasic waveform but with the
addition of a square wave, charge-balancing anodic phase
that matched the anodic pulse duration generated by the
Soletra (Biphasic-Idealized), (3) a charge-balanced biphasic
waveform, similar to Biphasic-Idealized but with a reduced
amplitude cathodic pulse that matched the cathodic ampli-
tude generated by the Soletra (Biphasic-Reduced).

Previous studies have examined the clinical outcomes of
DBS as a function of the charge or energy injected into the
brain (Moro et al., 2002; Koss et al., 2005), and charge is
known to be a co-factor in stimulation induced tissue dam-
age (McCreery et al., 1990). In turn, we calculated the
cathodic charge per phase for each waveform examined
(Fig. 2). This was performed by first converting the voltage
waveforms (both IPGs are voltage-controlled devices) to
current waveforms using Ohm’s law (taking into account
the 1000 X load which was meant to mimic the in vivo tissue
impedance), and then integrating the area under the catho-
dic phase.

Neural activation thresholds were calculated using a
previously published field-neuron simulation model (But-
son et al., 2006a) (Fig. 1c). Briefly, a finite element electric
field model was used to calculate the voltage distribution
surrounding the DBS electrode as a function of stimulation
parameters. The model included the capacitance of the
electrode-tissue interface, which caused a voltage decay in
the plateau phase of the stimulus waveform (Butson and
McIntyre, 2005). The model also included explicit represen-
tation of encapsulation tissue that surrounded the elec-
trode, and regulated the electrode impedance (Butson
et al., 2006a). Both the electrode capacitance and the
encapsulation layer resulted in increased threshold voltages
relative to models that ignored their effects. The model sys-
tem was based on the concept that the primary neural tar-
gets of DBS are myelinated axons (McIntyre et al.,
2004a,b; Miocinovic et al., 2006). Hence, the time- and
space-dependent voltage distribution generated in the tis-
sue medium was interpolated onto multi-compartment
cable-model axons to determine their activation thresholds
(Butson et al., 2006a) (Fig. 1c). This general modeling

Fig. 2. Differences among waveforms. The plots forming the rows of the figure are grouped by stimulation frequency. (a) The time course of the
stimulation waveforms. The waveforms differed in the magnitude of the cathodic pulse, the duration and amplitude of the anodic pulse, and the presence
of decay in the plateau regions of the cathodic and anodic pulses. Displayed waveforms are from �1.0 V, 450 ls stimulation settings. Inset shows
magnified view of the cathodic pulse. (b) Charge injected during the cathodic phase of the stimulation waveform. (c) Activation threshold voltages for
axons located 3 mm from the axis of the DBS electrode.
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approach has been experimentally validated by examining
stimulation side effects due to spillover into oculomotor
nerve (Butson et al., 2006b) and corticospinal tract (Mioci-
novic et al., 2006; Butson et al., 2007).

3. Results

We observed substantial differences among the stimula-
tion waveforms studied. The waveforms from the Soletra
and Kinetra differed from each other, and both IPGs dif-
fered from the programmed stimulation parameters repre-
sented by the idealized monophasic waveform (Fig. 2a). An
important discrepancy was in the magnitude of the catho-
dic pulse, which is significant because this has the greatest
effect on neural activation. Specifically, the magnitude of
the IPG cathodic pulse was less than expected, and this
effect was accentuated at higher frequencies and longer
pulse widths. For example, at 185 Hz the programmed
voltage was set to �1 V. However, the Soletra had a peak
cathodic pulse magnitude of approximately �0.6 V, while
the Kinetra was �0.8 V (Fig. 2a). Similar results were
observed at other frequencies.

The reduction in IPG cathodic pulse magnitude reduced
the amount of charge injected during the cathodic phase of
the stimulus waveform (Fig. 2b). A secondary and more
subtle effect was that the voltage of the IPG waveforms
decayed during the plateau of the cathodic and anodic
phases. In turn, the total charge injected during the catho-
dic pulse was substantially lower than expected (Fig. 2b),
and this resulted in increased threshold voltages for neural
activation (Fig. 2c). We observed differences of up to 0.4 V
in activation thresholds for model axons located 3 mm
from the axis of the DBS electrode. At commonly used
therapeutic stimulation settings (130 Hz, �3 V, 60 ls) this
caused reductions in the volume of tissue activated relative
to the monophasic waveform: 10% reduction for Soletra;
15% reduction for Kinetra.

Two factors were responsible for the observed threshold
differences between the IPG waveforms and the idealized
monophasic waveform: (1) magnitude of the cathodic
phase, and (2) presence of the charge-balancing anodic
phase. When we compared the axonal voltage thresholds
generated by the idealized monophasic waveforms to that
of the Soletra waveforms we found an average difference
of 9%. To address the basis for this difference, we com-
pared the thresholds in Fig. 2c to those determined using
two biphasic waveforms described in Fig. 1b. We found
that the Biphasic-Idealized thresholds were within 2.2%
of the idealized monophasic waveform thresholds. In con-
trast, the Biphasic-Reduced thresholds were within 2.9% of
the Soletra waveform thresholds. Therefore, the magnitude
of the cathodic phase had a primary effect on the difference
in axonal thresholds, while the presence of the anodic
phase had a smaller secondary effect.

To facilitate comparisons of activation thresholds
between IPGs and parameter settings, Table 1 provides
a set of correction factors to convert each IPG to the

stimulation equivalent of an idealized monophasic wave-
form. With this table it is possible to normalize and
compare settings among different IPG models, and
account for this source of variance across a DBS patient
population.

4. Discussion

The differences among IPG waveforms and their result-
ing effects on neural activation have two important conse-
quences. First, the presence of different IPG models within
a patient population is a previously unidentified source of
variance in clinical studies of DBS. This could be particu-
larly evident when examining changes in activation thresh-
olds for side effects or therapeutic parameter settings.
Second, the waveforms generated by the IPGs differ from
the idealized stimulation parameters specified by the clini-
cal programming device. This creates errors when calculat-
ing the voltage distribution in the tissue medium or the
amount of charge or energy injected into the tissue. Both
of these effects are exacerbated for higher frequencies and
longer pulse widths.

Three general characteristics define the stimulus wave-
forms generated by the Soletra and Kinetra. First, the
charge injected into the tissue during the cathodic and
anodic phases is equal (charge-balanced) for tissue safety
considerations. Second, in contrast to the behavior of the
external pulse generators used during surgery (Trotten-
berg et al., 2004), the anodic phase duration is shorter
than the stimulation period in ways that are IPG and
frequency dependent (Fig. 2). Third, and most impor-
tantly, the programmed stimulation voltage is roughly
equal to the difference between the cathodic and anodic
peaks rather than the magnitude of the cathodic pulse
alone. These characteristics, when combined together,
can result in cathodic pulse magnitudes that are substan-
tially smaller than the programmed stimulation values.

Table 1
Voltage threshold correction factors for Medtronic IPGs compared to
monophasic waveform

Frequency
(Hz)

Pulse
width (ls)

Voltage threshold correction factor

Monophasic
waveform

Soletra
waveform

Kinetra
waveform

100 60 1.00 1.00 0.88
120 1.00 0.97 0.92
210 1.00 0.99 0.91
450 1.00 0.96 0.87

130 60 1.00 0.92 0.87
120 1.00 0.99 0.90
210 1.00 0.96 0.89
450 1.00 0.91 0.84

185 60 1.00 0.87 0.85
120 1.00 0.87 0.90
210 1.00 0.83 0.87
450 1.00 0.81 0.74

All correction factors were calculated for an axon located 3 mm from the
axis of the DBS electrode.
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Several important differences exist between the two IPG
models. The most obvious clinical difference is that the
Kinetra supports two DBS leads for bilateral stimulation,
while the Soletra supports only one lead. The two IPG
models also have different battery characteristics. The Sol-
etra battery voltage is 3.7 V (new) and uses a voltage mul-
tiplier circuit to achieve amplitudes above the battery
voltage. The multiplier circuit, which is employed for stim-
ulus amplitudes >3.6 V, substantially increases power con-
sumption. The Kinetra battery voltage is 3.2 V (new) and
battery power consumption increases linearly as a function
of voltage across the entire stimulus amplitude range of the
device.

When comparing the stimulation waveform construc-
tion, the Soletra and Kinetra use qualitatively similar strat-
egies. For scientific studies concerned with explicit
representation of the details, our analysis suggests that
the overall waveform can be broken into four distinct
phases: (1) cathodic phase (duration set by the user), (2)
an inter-pulse delay at 0 V between the cathodic and anodic
phases, (3) anodic phase (duration dependent on stimula-
tion pulse width and frequency), and (4) a final delay at
0 V between the end of the anodic phase and beginning
of the next waveform. The inter-pulse delay of the Soletra
lasts �0.5 ms and the final delay lasts �3.8 ms. In contrast,
the Kinetra interleaves two stimulation waveforms (one for
each lead in bilateral stimulation) in each cycle, so the effec-
tive time interval used to construct the overall waveform is
half the period defined by the stimulation frequency. The
inter-pulse delay of the Kinetra lasts �0.2 ms and the final
delay is �0.4 ms (until the start of the pulse on the bilateral
lead). In both IPGs, the duration of the anodic phase is
defined by the time remaining in the total period after sub-
tracting the cathodic pulse width, inter-pulse delay, and
final delay. Because of charge balancing, the ratio of catho-
dic to anodic magnitude can vary substantially across stim-
ulation parameter settings. And because the amplitude
registered on the programming devices is actually represen-
tative of the peak-to-peak voltage difference between the
cathodic and anodic phases, the effective cathodic pulse
amplitude is reduced.

The monophasic cathodic square wave used in our anal-
ysis would not be used to stimulate living tissue due to
safety considerations. We used the monophasic waveform
to illustrate the differences between the expected waveform
parameters, as indicated by the programming device, and
the actual waveforms produced by the IPGs (Fig. 2). In
our experience, explicit representation of the actual IPG
waveform is an important component of accurate models
of the neural response to DBS (Butson and McIntyre,
2005; Butson et al., 2006b, 2007; Miocinovic et al., 2006).

In summary, the actual IPG waveforms should be taken
into account for three aspects of DBS research: (1) develop-
ing computer models of DBS, (2) calculating charge or
energy injected into the tissue during DBS, and (3) correlat-
ing DBS parameter settings with clinical outcomes and/or
side effects. Further, the IPG model may be an unrecog-

nized source of variance within a patient population, and
these differences should be considered in multi-patient
studies and patient programming.
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