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Abstract

Currently, the majority of neural stimulation studies are limited to acute animal experiments due to lack of suitable implantable microstim-
ulation devices. As an initial step to observe the long-term effects of neural stimulation, a system consisting of an external wireless controller
and an implantable dual-channel microcontroller-based microstimulator for tripolar high frequency blocking was developed. The system is
not only small in size, and thus suitable for short-term implantation, but also has sufficient current output parameter ranges to meet the demand
for high frequency blocking experiments. Using this implantable microstimulator, a series of experiments were conducted on New Zealand
rabbit’s tibial nerve, including frequency and amplitude selection in driving stimulus and blocking effect tests, which were designed to assess
the feasibility and efficiency of the device via torque measurements. Our results showed that the implantable microstimulator system gave a
satisfactory performance and could be utilized to achieve selective stimulation and blocking on various sizes of nerve fibers. Our implantable
microstimulation system is not only a novel tool for neuromuscular control studies but could also provide a basis for developing various types
of sophisticated neural prostheses.
© 2003 Elsevier B.V. All rights reserved.
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1. Introduction

Both the sensory and motor nerves in the peripheral ner-
vous system (PNS) are controlled by the central nervous
system (CNS). Injuries to the CNS, e.g., spinal cord lesion
or stroke, can cause permanent loss of voluntary motor and
sensation functions. Electrical activation can restore the de-
prived motor/sensory functions as long as the peripheral mo-
tor and/sensory nerves and muscle below the level of CNS
lesion remain intact (Stein et al., 1992). Various types of
electrical stimulation techniques have made it possible to re-
store some motor and sensory functions (Bhadra et al., 2001;
Clements et al., 1999; Davis et al., 2001; Loeb et al., 2001).

The development of electrical stimulation systems has
moved from surface stimulation (Kralj et al., 1983) and
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percutaneous stimulation (Scheiner et al., 1994) to a totally
implanted stimulation (Bourret et al., 1997). Surface elec-
trical stimulation is used to stimulate the peripheral nerve
or muscle by using larger size electrodes attached to the
skin surface at some distance from the nerve innervation
zone. Generally, surface stimulation is only useful for mus-
cle strengthening but provides less significant functional
benefit and lacks selectivity for small muscle groups. In
order to obtain a more sophisticated movement or organ
function, selective electrical stimulation is applied closely
to or directly to the nerve (Fang and Mortimer, 1991; Grill
and Mortimer, 1996). Selective stimulation on peripheral
nerves is essential for achieving bladder control (Shanker
et al., 1998), natural recruitment order for neuroprosthesis
control (Solomonow, 1984) and even spasticity suppression
(Stefanovska et al., 1988). In addition to spatial selectiv-
ity, another important aspect of the electrical stimulation
is the fiber diameter selectivity, which refers to the ability
to stimulate nerve fibers within a given range of diameters
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without stimulating those outside that range (Grill and
Mortimer, 1995). As the peripheral nerve trunk, the sensory
nerve fibers and the motor nerve fibers are intermingled in
a complex anatomic layout, it is rather difficult to perform
selective stimulation on the peripheral nerve via spatial
selectivity and only feasible by modulation of stimulation
procedures and parameters (Grill and Mortimer, 1995).

Several nerve selective stimulation procedures, includ-
ing anodal blocking, collision blocking, and high frequency
blocking, have been developed. The anodal blocking tech-
nique delivers quasitrapezoidal pulses to the nerve trunk
via a symmetric tripolar nerve cuff. As the pulse ampli-
tude increases, action potential may be blocked at the anode
(Brindley and Craggs, 1980). However, anodal blocking re-
quires a large amplitude of monophasic current, which might
produce irreversible processes at the electrodes and lead to
electrode corrosion (Robblee and Rose, 1990). In contrast
to the large monophasic stimulus used in anodal blocking,
collision blocking utilizes quasitrapezoidal waveforms with
an asymmetric tripolar nerve cuff to produce unidirectional
action potentials. The action potentials propagate only in
the proximal direction from the stimulating electrode, which
could collide with action potentials generated by spasticity
or other neural muscular stimulation (van den Honert and
Mortimer, 1981). The effects of chronic use of the collision
blocking technique have demonstrated that repeated action
potential generation in the nerve, even at frequencies as low
as 50 Hz, can cause early axonal death in less than 8 h. Early
axonal death was attributed to the continuous mass acti-
vation of the nerves, an essential requirement for collision
blocking (Andrews et al., 1990).

Unlike the above two techniques require large amplitudes
of monophasic current injection, high frequency blocking
inhibits the muscle from contraction just at a suprathresh-
old level. Therefore, a high frequency blocking technique
might be a feasible method for achieving selective stimula-
tion and blocking nerve fibers, which is less likely to cause
nerve tissue damage or electrode corrosion in comparison
with anodic blocking (Tanner, 1962; McCreery et al., 1990).
High frequency blocking techniques for selective stimula-
tion and blocking are based on dual stimuli applied to nerves
(Baratta et al., 1989). One stimulus current, called the driv-
ing stimulus, is delivered to the proximal site of the nerve
trunk, which stimulates nerve fibers of all diameters and
produces action potentials. The driving stimulus will pro-
duce maximal tetanic muscle contraction while the action
potentials are transmitted throughout motor units. Another
stimulus current, i.e. the blocking stimulus, is applied to
the distal site of the nerve for blocking the action poten-
tials induced by the driving stimulus. By modulating the
amplitude of the high frequency current, it could selec-
tively inhibit the action potentials transmitted through out the
site.

Previous work has demonstrated that the blocking of ax-
ons is dependent on axon size (Tanner, 1962; Baratta et al.,
1989). The smaller the axon size, the higher the blocking

current amplitude that is needed. Likewise, lower ampli-
tudes can only inhibit larger fibers.Solomonow (1984)indi-
cated that the most effective blocking frequency was around
600 Hz, after testing rectangular monophasic pulses at a
range of 600 Hz–20 kHz. A similar blocking technique has
been applied to control micturition by inhibiting the con-
traction of muscle fibers innervated by large diameter axons
(Shanker et al., 1998).

However, most of the high frequency blocking studies
were restricted to acute animal experiments due to lack of
suitable devices that could be implanted in an animal for
selective stimulation experiments for a longer period, with-
out re-installation of nerve electrodes while remaining free
of infection. Recent advances in microelectronics and mi-
cromachining technologies have made it possible to build a
small microstimulator for a totally implantable stimulation
system. With the implantable microstimulator, the problems
of breaking lead wire and infection can be resolved (Loeb
et al., 1991, 2001). Nowadays, more and more implantable
microstimulation systems have been used to restore dam-
aged or disabled sensory or motor systems (Chervin and
Guilleminault, 1994; Eisenberg et al., 1987). Compared to
the currently available implantable stimulators, BION im-
plant is a muscle-based microstimulator with capsule-like
packaging which is better designed for easy injection and
for therapeutic stimulation purpose at a low stimulation rate,
no more than 50 pps (Loeb et al., 2001). Other approaches
used pacemaker-like implantable stimulator for sacral root
stimulation in bladder control, which was generally designed
for single-channel selective stimulation with less flexibility
in programmable stimulus parameters (Boyer et al., 2000).
However, there is paucity of studies that have designed a
low cost and small-size wireless-controlled stimulator suit-
able for high-frequency blocking experiment with special
design for dual stimuli nerve (Baratta et al., 1989) applied
to axon using nerve cuff electrodes. Before the implantable
microstimulator can be considered for long-term application
in animals, or even humans, the feasibility and performance
must be evaluated. Thus, we first tested the feasibility for
an implantable microstimulator system for high frequency
blocking, which can perform selective nerve stimulation and
blocking of nerve fibers, i.e. recruiting motor units according
to their size. A series of animal experiments were designed
to assess the performance of the implanted microstimulator
device. The ultimate goal is to establish a stimulation tech-
nique using the implantable microstimulator as a basis for
subsequent long-term evaluation and for various potential
clinical applications.

2. Methods and materials

2.1. Implantable microstimulation system

The implantable microstimulation system can be divided
into external and implanted modules, as shown inFig. 1. The
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Fig. 1. Schematic representation of (a) the external and (b) the internal implantable microstimulator module.

external module consists of the controller, a radio frequency
(RF) transmitter, and a transmitting coil. Digital data and
command are encoded and streamed in a series of pulses,
which are sent to the high efficiency RF transmitter and are
inductively coupled to the implanted module. As shown in
Fig. 1(a), the transmitted RF electromagnetic wave is picked
up by receiver coil of the implanted module, which is further
rectified and regulated as the sole energy source for the mi-
crostimulator system. Meanwhile, the modulated RF signal
is demodulated and sent to the internal digital controller for
data decoding, stimulation patterns generation and channel
selection. According to the received data, the microstimula-
tor generates the predefined stimulation waveforms that are
conducted to nerve cuff electrode for selective nerve stimu-
lation and blocking purpose.

A detailed block diagram of the external module is
depicted inFig. 1(b). After the selection of stimulation
parameters, the data are arranged into a defined format for
two separated channels and are encoded for further RF
modulation and wireless transmission. In the wireless trans-
mission for the implanted module, both power and data are

transcutaneously transmitted, using the inductive coupling
between the transmitter coil and the receiver coil. Among
the various power amplifiers, the class E amplifier has
highly efficient properties when transmitting RF power via
an inductive coupling and is capable of supplying sufficient
power to the implantable microstimulator for operation
(Zierhofer and Hochmair, 1990). The inductive coupling is
similar to a transformer that uses a magnetic flux link, but
without a conducting ferrite core. In choosing the RF car-
rier frequency, one should consider the trade-off between
transmission rate and tissue absorption. In this study, we
chose a carrier frequency of 2 MHz, which is adequate for
transmission with minimal tissue absorption.

In order to maximize the inductive transcutaneous link
for an implant, several factors, including coupling effi-
ciency, displacement tolerance, and communication band-
width should be considered. Various approaches have been
proposed to maximize power transfer efficiency and dis-
placement tolerance, and to widen the communication
bandwidth which need the proper matching and setup of the
transmitting and receiving coil circuits (Heetderks, 1988;
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Zierhofer, 1996). However, efficiency and displacement
tolerance are opposing tradeoffs (Heetderks, 1988). One
of the general approaches is to design a special geometric
coupling coil in an attempt to keep the coupling coefficient
constant by using a larger primary coil, or enhancing the
coupling coefficient by distributing the turns of the coils
across the radii (Zierhofer, 1996). However, a smaller power
receiver coil is generally required in miniaturized implants.
This limits the increase of the power transfer by prohibiting
simple enlargement of the transmitting coil. In addition to
coil geometrical design, other approaches have employed a
higher efficiency amplifier in the transcutaneous transmit-
ters (Zierhofer and Hochmair, 1990). The class E amplifier,
using a self-oscillating technique was adopted herein for
the realization of a high efficiency power/data inductive
link (Zierhofer and Hochmair, 1990).

Apart from an efficient inductive coupling, well-designed
external and internal controllers are essential for providing
a high degree of programmability and flexibility in con-
trol procedures or experiments. The major considerations
include precise external control of stimulation parameters,
simple and user-friendly external controllers, small size and
good encapsulation, high reliability, and long lifetime. Our
implantable system has two independent stimulation chan-
nels. One is designed for stimulation experiments that re-
quire low stimulation frequency with monophasic pulses.
The other is aimed at high frequency blocking experiments
in which a train of monophasic pulses with a higher fre-
quency is desired. The stimulation parameters can be set up
from the external controller and sent in single data trans-
missions for various stimulation frequencies, durations, and
intensities. Once the parameters have been set, there is no
need to send them again unless a new stimulation pattern is
required. However, power transmission requires the contin-
uous transfer of RF power to the implant in order to provide
a stable power supply.

2.2. Animal surgery

High frequency blocking experiments were conducted on
15 male New Zealand white rabbits between 2.0 and 3.0 kg.
All animals were anaesthetized with ketamine hydrochloride
via intravenous injection on the ear (3 mg/kg/min, i.v.). The
hair over lateral side of thigh was removed before operat-
ing the rabbit. A sterile technique was used to incise on the
lateral side of the right hindleg from midthigh to popliteal
fossa and the tibial nerve was exposed. After sterilization,
animals were applied with an implanted microstimulation
system module, which was hermetically packaged and im-
planted within the subcutaneous tissue over the lateral side
of the hindleg. Meanwhile, a self-coiling spiral tripolar nerve
cuff electrodes, 20 mm in length and 6 mm between rings,
for dual stimuli was applied to the tibial nerve (Baratta et al.,
1989). After surgical implantation, the animal was returned
to its cage and properly treated to prevent wound inflamma-
tion. The animal was given at least 3 days to recover from the

Fig. 2. (a) Animal experimental setup used for measuring the isometric
reactive torque and (b) during selective stimulation studies.

surgical operation and the first experiment was performed
3–7 days after the implantation. During the experiment, the
animals were continuously injected ketamine hydrochloride
to maintain deep anesthesia. All experimental procedures
used in this study complied with the National Cheng Kung
University Hospital Regulations for animal use and care.

2.3. Experimental procedure

The flowchart of the entire experimental system is shown
in Fig. 2. The external implantable microstimulation sys-
tem module was utilized to modulate the microstimulation
system that was implanted within the rabbit’s hindlimb,
producing two channels of stimulus currents via an RF
transmission. Since the tibial nerve innervates the rabbit’s
calf muscle, the magnitude of ankle joint torque produced
from the calf muscle should be proportional to the activa-
tion level of the tibial nerve. Therefore, by analyzing the
changes of torque, it is possible to measure the effect of
the selective stimulation of the microstimulator system. In
our study, the torque measurement system was designed to
measure the three-dimensional (3D) isometric torque gen-
erated at the rabbit ankle joint under the various stimulus
parameters applied to the tibial nerve. The system was built
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around a commercially available 3D force and movement
transducer (US25-25, ATI, USA) on a platform. A fix-
ture was designed to interface the sensor with the rabbit’s
hindlimb. The fixture can be adjusted to a suitable position
in order to clamp the knee and foot of various sizes of rab-
bits, as shown inFig. 2(b). The animal was mounted in the
measurement platform with hip, knee, and ankle joint set
about to 80◦, 85◦, and 100◦, respectively. In this study, the
ankle joint will obviously produce plantar–flexion torque
as the tibial nerve is stimulated. Compared to torque mea-
sured in plantar–flexion direction, torque measured in other
directions are rather small that can be neglected. Thus, only
the plantar–flexion torque axis was selected as an index for
assessing the performance of the electrical nerve stimula-
tion and blocking. The changes of isometric torque under
the various stimuli modulations were measured and stored
on a computer for further analysis via an A/D converter
(PCI-6034E, NI Corp., sampling rate of 100 Hz).

Generally, three major stimulation parameters, i.e. stimu-
lation intensity, pulse width (PW), and frequency can be used
to modulate the muscle force output. A series of experiments
were first performed to establish suitable parameters for the
driving stimulus of selective nerve stimulation, including
the stimulation frequency and maximal stimulation inten-
sity for each animal. To determine the desirable stimulation
frequency, we first fixed the pulse width and amplitude at
100�s and 0.26 mA, respectively, with a monophasic wave-
form. Under these stimulation conditions, we recorded the
isometric torque response under various pulse frequencies
(20–80 Hz) for a second driving stimulus. The stimulation
frequency, which can generate smooth and tetanic muscle
contraction, was chosen for the driving stimulus. With the se-
lected stimulation frequency and fixed stimulation width (at
100�s), the next experiment was designed to determine the
threshold value for the smallest motor nerve fibers by mea-
suring the nerve recruitment curve. The recruitment curve
measured the recruited muscle force, in terms of the reac-
tive torque versus the applied stimulation amplitudes for a
period of 1 s. We could thus find the maximal tetanic torque
stimulation amplitude from the recruitment curve that can
be utilized in subsequent nerve blocking experiments.

To observe the blocking effect, we delivered a driving
stimulus using the selected stimulation parameters to pro-
duce tetanic contraction for a period of 5 s. During this driv-
ing stimulus duration, we simultaneously applied a blocking
stimulus to reduce the tetanic torque to between 1 and 3 s.
The blocking effect under various blocking current intensi-
ties can be evaluated by calculating the ratio of the maximal
amount of torque which was blocked (Tm−Tb) as compared
with the initial average maximal tetanic contraction (Tm), as
formulated in the following equation:

Blocking effect= Tm − Tb

Tm
× 100%

whereTm, average maximal available torque before block-
ing; andTb, residual torque after a 2 s blocking period.

Fig. 3. (a) Photograph of the implantable microstimulator before casting,
and of the transmitter coil and (b) the overall efficiency vs. the coupling
distance between the external transmitter and implanted microstimulator.

3. Results

3.1. Implementation of an implantable microstimulation
system

Fig. 3(a)shows the size and configuration of the RF trans-
mission coil and a two-channel implantable microstimulator
system before casting, which was designed and fabricated
for high frequency blocking animal experiments. The size
of the RF transmitter coil (9 cm for the o.d. and 7 cm for the
i.d.) is larger than the implanted module (3 cm in diameter),
so that the misalignment of the implanted module is more
tolerable. The transmitter coil is made of Litz wire (strands
48 AWG) formed in multi-twisted thin lines with eight bun-
dles in a line and 175 strands in a bundle, giving a high
inductance value for the same cross-sectional area (21�H
with 13 turns).

The quality (Q) value of our transmitter can reach up to
470, which consumes less power with better coupling effi-
ciency. However, too high aQ value might cause oversensi-
tivity, in the coupled RF signal, to a lateral or longitudinal
displacement between the transmitter and receiver coils. The
implantable microstimulation system is fabricated mostly
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with surface mount device (SMD) components and mounted
on a double-layer printed circuit board (PCB) with a 3 cm
diameter. The receiver coil is also made of Litz wire (strands
48 AWG of 13 turns) and is arranged in a ring around the
outline of the PCB with an inductance of 7.4�H and aQ
value of 63. The overall efficiency of the RF power transmis-
sion scheme is defined as the ratio of the power delivered to
the load of the implanted system and the overall dc-power
consumption of the external transmission system. With good
tuning at the switching point, the self-oscillating class E
power amplifier has very high power transmission efficiency,
usually above 90%. Thus, the coupling distance becomes
the major power loss source during wireless transmission,
and the key factor influencing power efficiency.Fig. 3(b)
shows the overall efficiency versus the coupling distance.
The power coupling efficiency decreases significantly with
the increase of the coupling distance, especially at more than
35 mm. In our current setup, the maximum stimulus current
output can reach 1 mA when the load impedance is at 1 k�.
This current intensity is sufficient for most neural stimula-
tion and blocking applications. The overall power dissipa-
tion of the implanted system is around 30 mW. Low power
consumption is an essential design criterion, especially for
an implanted device without an internal battery. The detailed
specifications and the components are listed inTable 1.

3.2. Stimulation procedures for driving stimulus

Usually the stimulation frequency is one of the key electri-
cal parameters affecting the smoothness of muscle contrac-
tion. Fig. 4(a)shows the isometric torque in plantar–flexion
direction in one stimulation case under different stimulation
frequencies, ranging from 20 to 80 Hz, with a monophasic
rectangular waveform fixed at 100�s and 0.26 mA. A suit-
able frequency is determined, by which a fused and smooth

Table 1
Microstimulator specifications and components

Components Contents

Receiver coil Litz wire, AWG 48, 30 mm
diameter,L = 7.4�H, Q = 63

Transmitter coil Litz wire, 80 mm diameter, 12 turns
L = 21�H

Power amplifier Class E amplifier
Carrier frequency 2 MHz
Modulation and encoding Amplitude shift keying modulation

with pulse width coding
Data rate 20 kbps
Internal voltage rectifier 3 V for analogue and 4.5 V for digital
Stimulation channels One for nerve stimulation and one

for nerve blocking
Stimulation pulse-frequency 10∼ 90 Hz, 100∼ 900 Hz with 16

selections
Stimulation pulse-width 100∼ 900�s, divided into 16 steps
Stimulation pulse-amplitude 0.02 ∼ 1 mA, 64 steps

0.02 ∼ 1 mA, 64 steps
PCB material Glass-epoxy double sided

contraction can be achieved. We can observe that the torque
continually increases with the increase of frequency. Mean-
while, the coefficient of variance (CV) which measures the
variation of torque during the stimulation duration, decreases
from 90.84 to 13.09% as the stimulation frequency increases
from 20 to 50 Hz. The CV obtained from experiments in five
rabbits reaches a plateau and fluctuates below around 10%
when the stimulation frequency is at a high level, between
60 and 80 Hz, as shown inFig. 4(b). We can observe that
a higher stimulation frequency, above 60 Hz, can provide a
smoother torque output.

After identifying the stimulation frequency required to
produce a smooth torque, we needed to further determine
the stimulation intensity for generating a tetanic contraction.
In order to produce tetanic contractions, the maximal re-
cruitment level should be determined first. The recruitment
characteristics of a rabbit’s tibial nerve was tested under
various stimulation current amplitudes, starting at 0.02 mA
with an increment of 0.02 mA. The stimulus pulse was set
as a monophasic pulse with a duration of 100�s at a fixed
stimulation frequency of 60 Hz.Fig. 5 shows the data from
a normalized isometric recruitment curve obtained from one
rabbit, which appears to be of a sigmoid shape, and will
finally reach a plateau level even if the current amplitude
is continuously increased. Therefore, the recruitment curve
shown inFig. 5reveals that the threshold for achieving max-
imal tetanic contraction is at least greater than 0.3 mA.

3.3. Effect of blocking stimulation

After the selection of a suitable stimulation frequency
and amplitude for producing smooth and tetanic torque, a
600 Hz monophasic blocking waveform was used to modu-
late recruitment torque. As determined in the previous sec-
tion, the driving stimulus was fixed at 60 Hz with a 100�s
pulse width. The stimulation intensity needed to generate
the maximal recruitment torque was determined before each
blocking test.

Fig. 6(a)shows representative patterns of torque measure-
ments before and during application of various amplitudes of
the 600 Hz monophasic rectangular blocking stimulus. The
muscle force maintained a relatively stable torque output
during the first second of the initial driving stimulation. The
addition of a 600 Hz blocking stimulus to the tibial nerve
did not cause a sudden drop in torque, but showed a slow
decline during the blocking stimulus. After cessation of the
blocking stimulus, the background tetanic torque rapidly re-
turned, though occasionally not entirely, to the original level.
During the blocking period, some small residual torque al-
ways remained in all trials. It seems that a transient increase
in torque obviously appeared when a higher blocking stim-
ulus was applied.

The blocking effects with respect to the various block-
ing current amplitudes of a 600 Hz monophasic rectangular
waveform are summarized inFig. 6(b). At lower block-
ing currents, the blocking effect was not evident (10% at
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Fig. 4. (a) Example of the isometric torque that was recorded at various frequencies of the driving stimulus. The coefficient of variance (CV) obtained
from five rabbits and (b) is used to measure the smoothness of muscle contraction for various stimulation frequencies. Smoother reactive torque, e.g.CV
below 10%, can be found when the stimulation frequency is above 60 Hz.
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Fig. 5. A sigmoid-like normalized reactive torque obtained at various stim-
ulation intensities can be used to estimate the maximal driving stimulus.

0.25 mA blocking intensity). After that, the blocking ef-
fect increases gradually until a maximum limit is reached
(93.2% blocking effect at 0.8 mA in this case). After reach-
ing the maximum, the blocking effect remained relatively
constant, even where using higher blocking current ampli-
tudes (Fig. 6(b)).

4. Discussion and conclusion

We have successfully implemented a wireless implantable
microstimulator by using SMD components. This prototype
of an implantable microstimulator system is built on a dou-
ble layer PCB with a 3 cm diameter, and the overall power
consumption of the implanted device is around 30 mW. This
system excludes many of the problems often encountered in
implantable devices, such as infection caused by electrode
leads that pierce the skin, or surgery necessary to replace
an implanted battery. The portable design of the external
controller provides flexibility for animal experiments or
for future clinical applications in a patient’s daily life. The
RF receiver front-end of the implanted unit has two volt-
age regulators that provide power for both the digital and
analog circuits. Our results indicate that the system output
can perform at stable stimulation and power level when the
two coils are within a 30 mm range. The designed proto-
type microstimulator has been used for short-term animal
experiments with an initial sealing package. The hermeti-
cal sealing of the implant is essential to ensure that body
fluids do not leak into, and thus cause the malfunction of
the implanted device. The design principles and experi-
ence gathered from establishing the wireless power/data
transmission in this work can serve as a basis for future
application-specific integrated circuit design.

Under the present stimulation procedures of driving
stimulus, our results suggest that a suitable stimulation fre-
quency for generating a smoother torque output, with minor
variation, ranged from 60 to 80 Hz. However,Solomonow

et al. (1983)studies showed that a stimulation frequency
of 30–70 Hz could provide smooth and useful contraction.
Previously, it had been demonstrated that a higher stim-
ulation frequency, above 45–50 Hz tends to cause rapid
fatigue of the muscle and consequent deterioration of its
force level. In contrast, we imposed a more restrictive cri-
terion with a variance of generated torque below 10%. Our
selection of 60 Hz for the stimulation frequency was based
on this criterion and was used throughout the entire animal
experiment. The discrepancies in the suitable stimulation
frequency range could be due to the different animals used
in these studies, i.e. cats, where we used New Zealand
rabbits. For any neuroprostheses applied in clinical trials,
muscle fatigue is a critical factor. Thus, a muscle fatigue
test must be an important part of evaluating the feasibility
of an implantable microstimulator in any future clinical
application. With regard to the drive stimulus current am-
plitude, a sigmoid recruitment curve shape was measured in
our study, as observed by other investigators (Gorman and
Mortimer, 1983). Clearly, the threshold may be changed
in other studies due to different animal, electrode type,
stimulation waveform and duration of implantation. It is
suggested that an isometric recruitment curve be obtained
before each selective stimulation and blocking experiment.

With regard to the blocking stimulation effects, our results
in Fig. 6showed that the blocking effect gradually increased
with the increase of blocking intensity, which permitted a
finely modulated control. Although some minimum resid-
ual torque always existed, about 8% of the maximal tetanic
torque, the blocking stimulus could attenuate almost 90%
of the reactive torque. This phenomenon closely resembled
that obtained bySolomonow (1984). Moreover, others have
demonstrated that the same blocking scheme could selec-
tively recruit muscle motor units from small to large while
the blocking intensity is gradually decreased from the max-
imal blocking situation (Baratta et al., 1989). Therefore, we
have indirectly demonstrated the effect of selective stimula-
tion on the size of the nerve fibers. This stimulation scheme
could compensate the drawback of conventional neural stim-
ulation methods which can only recruit muscle nerves in a
reverse order compared to the physiologic manner (Blair and
Erlanger, 1933). With the implantable microstimulator and a
high-frequency blocking scheme, we can therefore perform
axon stimulation in a natural recruitment order for varied
in-vivo animal studies, such as muscle fatigue via electrical
stimulation.

Presently, we have established the high frequency block-
ing technique and achieved finely modulated control with the
implanted device under short-term implantation. The devel-
oped microstimulator is capable of providing a miniaturized
implantable device for performing dual-channel stimulation
and blocking experiments. Our future studies will focus on
encapsulating the entire internal module with a biocompati-
ble material, thus aiming to long-term chronic implantation.
In addition, a bi-directional transmission technique is also
under development, which not only can transmit data from
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Fig. 6. Typical examples of blocking effects performed on New Zealand rabbits using the implantable microstimulator. (a) During 5 s of driving stimulation,
the torque attenuated while applying various levels of blocking stimulus ranging from 0 to 1.0 mA and (b) the blocking effect of various blocking intensities.

the external module but also send the acquired physiolog-
ical signal outwards. With a bi-directional communication
scheme and miniature sensing or stimulating device, many
novel medical microdevices can be employed for in-vivo
measurement or treatment. The microstimulation controller
architecture proposed in this study is highly versatile and
can be easily modified for other types of implantable neural
prostheses or medical devices. This new technology has the

potential to become a viable alternative for rehabilitation in
neurological disorders.
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