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Abstract 

Neuroprosthetics or neural engineering is a topic that is generating considerable interest 
amongst scientists and the general public. The application of this science is already signif-
icantly improving the quality of life of deaf individuals, with the use of cochlear implants. 
Other handicapped individuals such as the paralysed and the blind will also benefit from 
progress made in the field. 

This thesis mainly describes the design of a hybrid analog/digital system on chip that 
significantly reduces the power consumption and size of a cochlear implant processor. This 
is aimed at providing a chip for a totally implantable cochlear prosthesis. In designing this 
system several novel ultra low power electronic circuits and techniques have been developed. 
The application of these circuits and techniques are not limited to cochlear implants but 
are applicable to most neuro-prosthetic devices that are required to work on low power. 

Apart from a ultra low power cochlear implant system-on-chip other original contribu-
tions include: an operating point elimination technique essential to ensure correct opera-
tion of weak-inversion log-domain filters, a four transistor resistorless current reference for 
providing sub-threshold current levels and a three transistor one capacitor non-linear low 
frequency low pass filter/stimulus current compressor. 

Finally, a novel circuit is presented that accurately emulates the Hodgkin and Huxley 
nerve axon equations; this demonstrates natural characteristics such as absolute and relative 
refractory periods, bursts and anode break excitation. 



Chapter 1 

Introduction 

1.1 Motivation 

Neuroprosthetics or neural engineering, is a research topic that is generating considerable 
interest and research opportunities. Although mankind explored the possibility of using elec-
trical stimulation to restore functionality in the handicapped for over two centuries[1][2], it 
was not until 1947 when the transistor was invented at Bell Labs, that practical implantable 
neural prosthetics were even conceivable. It took another eleven years before the first to-
tally implantable pacemaker was implanted by Senning and Elmquist of Sweden. Advances 
in electronics since then have made circuits more compact, reliable and less power hungry. 
Furthermore, the development of reliable power sources [3] paved the way for totally im-
plantable electronics. Finally, developments in materials science provided a wide selection 
of biocompatible materials suitable for packaging prosthetics in a safe manner. 

1.2 Applications of electronic prosthetics 

Although the pacemaker industry is the largest of the neural prosthetic family, it will be 
omitted from the following section since it is now considered to be a relatively mature 
technology. A good review of pacemaker history and technology can be found in references 
[4] [5] [6]. The following sections are intended to be brief review of other prosthetics in order 
to give the reader the current status of the neural prosthetic field. 

1 
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Figure 1.1: Magnetoelectric generator of the 1850s 

1.2.1 Motor Function Replacement 

Benjamin Franklin[1] was amongst the first researchers to experiment using glass static-
electric machines to "treat" paralysed individuals, but soon gave up after seeing no long-
term benefits. Other investigators of the same period who reported "cures" were likely to 
have been "treating" hysterical paralysis that was not diagnosed until the next century; the 
regeneration of the injured lower motor neurons naturally restored locomotion and recovery 
was uncorrelated to the treatment. Although a number of crude neuromuscular stimulators 
were invented in the early 1900's, such as the magnetoelectric generator (Fig. 1.1) and the 
induction coil stimulator, they were not of much use to patients, for they lacked portabil-
ity. The invention of the transistor by Shockley et al, is what made reliable and portable 
stimulators possible. VLSI circuits further enabled the use of implantable stimulators over 
surface stimulators which have the following advantages: 

• Implanted stimulators are more comfortable since skin pain nerve receptors are not 
stimulated as happens with external stimulation 

• More specific nerve groups can be targeted for more selective muscle activation thus 
improved control over muscles. 

• Much lower currents needed to stimulate a nerve (At least two to three orders of 
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magnitude) 

• Cosmetic factors - implants don't hinder clothing / appearance 

• Increased reliability - externally placed electrodes shift from their position easily, 
creating large differences in response and so frequent reprogramming is required. Im-
planted electrodes are encapsulated in fibrous tissue and are thus anchored into a fixed 
position. 

However these advantages do not come without any disadvantages. Nerves can be 
damaged during the implantation procedure. Surgery is much more costly, risky and time 
consuming in comparison to fitting an external stimulator. The actual implant development 
time and cost is high, since these must work with zero maintenance, high reliability and 
consume very little power. Various subcategories of motor function replacement are: 

Foot-drop 

Liberson and his co-workers [7] are generally credited for being the first to restore func-
tional control to paralysed limb muscle with electrical stimulation outside a laboratory. 
The treatment of foot-drop in hemiplegic patients was done by placing rubber conductive 
electrodes on the skin over the peroneal nerve. A switch under the sole of the shoe activated 
a transistorised stimulator when the foot was lifted off the ground, causing contractions in 
the tibialis anterior muscle, thus lifting the foot clear of the ground. Over one hundred 
patients were treated and obtained some degree of gait improvement [8], however, patient 
acceptance was limited due to skin irritation caused by electrodes and reliability problems. 
A current state of the art system for treating foot-drop[9] in stroke patients, uses signals 
from intact sensory nerves as control inputs for the neurostimulator - the electroneurogram 
(ENG) data provides information for stimulation timing. 

Orthotics 

The restoration of spinal cord injured (SCI) paraplegic patients' functional abilities has been 
one of the most ambitious applications of neuro-muscular prosthetics. In 1960 Kantrowitz 
[10] reported a paraplegic patient with surface electrodes over quadriceps and gluteal muscles 
was able to rise from a sitting to a standing position without braces and was able to maintain 
the standing position for a few minutes when stimulated. However despite initial optimism 
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things have moved slowly since there was a large technological gap between standing up 
and the full functional response of the lower limbs. Difficulties that arose and still arise 
are to do with muscle fatigue and low repeatability, due to the fact that muscle response 
varies dramatically from day to day. Despite these problems and orthotics being one of the 
most complicated areas of neural prothetics with complex control mechanisms to solve, it 
has gone quite far since it first began[11]. More details concerning orthotic systems can be 
found in [12]. 

Hand Grasp 

Quadriplegic patients quality of life can be significantly improved with some form of hand 
grasp. In 1963 Long and Masciarelli [13] developed one of the first systems for restoring 
hand grasp in tetraplegics. It consisted of a splint which braced the thumb and wrist in 
a fixed position, and a hinged splint which held together the middle and index fingers. 
A spring pushed the two fingers against the thumb by default. By surface stimulation of 
the extensor digitorum muscle the digits were separated, allowing grasp once stimulation 
ceased. Although a primitive system, the patient could still hold typing sticks, page turners, 
play board games and feed with some adapted feeding equipment. However, the system 
never saw widespread clinical use, despite the excellent patient's tolerance of the device. 
Peckham and his colleagues [14] furthered this by providing a more elaborate system with 
percutaneous electrodes 1  giving both palmar and lateral prehension and release. Along 
the same lines, the same group designed a more flexible and sophisticated programmable 
system [15], incorporating control inputs from shoulder movements that C5 and C6 spinal 
cord injured individuals are capable of. The above systems used an open-loop control 
strategy. In state of the art work, Inmann and Haugland [16] use a nerve cuff electrode to 
monitor signal amplitudes in the cutaneous nerve innervating the radial aspect of the index 
finger. The activity from the natural sensors is then used to automatically regulate the 
stimulation intensities of the paralysed hand muscles, significantly pushing down the mean 
stimulation intensity and increasing reliability in comparison with an open loop control 
system. 

l through the skin 
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1.2.2 Diaphragm Pacing 

Another application of electronic prostheses is in diaphragm pacing. Pacing the phrenic 
nerve instigates the contraction of the diaphragm causing inspiration. Attempts to ad-
minister artificial respiration on a short term basis by electrical stimulation of the phrenic 
nerve were first reported by several investigators in the nineteenth century. However the 
first serious attempt to pace the diaphragm with implanted electrodes was between 1948 
and 1950 by Sarnoff[17] [18]. Clinical acceptance at that time however was limited by the 
danger of infection around the percutaneous electrodes and the lack of an effective way 
to transmit the stimulus pulses across the skin. Glenn[19] and his colleagues improved the 
Sarnoff technique by replacing the percutaneous leads with radio frequency induction. They 
pioneered a clinically accepted device with a series of studies that covered every aspect of 
the implant design, as well as the effectiveness of diaphragm pacing. 

A more recent contribution to increase the breathing efficacy is achieved by using Func-
tional Electrical Stimulation (FES) to cause contractions in the abdominal muscles respon-
sible for expiration[20][21]. This increases the volume of air interchanged and hence the 
available oxygen. 

1.2.3 Pain relief 

It has been established that the sensation of pain can be eliminated or suppressed by 
blocking nerve conduction by using an electric stimulus [22] [23]. The stimulating electrodes 
are implanted either on the surface of the spinal cord or in the paleothalamic region of the 
brain, depending on the application. This method can be used as a cure for phantom limb 
pain [24], thalamic pain[25] and other forms of neurogenic chronic pain. More reference to 
work in this area can be found on p245 in reference [26]. 

1.2.4 Bladder and bowel control 

Apart from a lack of voluntary motor control, survivors of spinal cord injury (SCI) suffer 
from a lack of bowel/bladder control, since sphincter and bladder contraction and inhibition 
are controlled by complex mechanisms involving both the central nervous system and the 
peripheral nervous system. In the case of a neurogenic bladder2, the elevated intravesicular 

2This is the condition of abnormal bladder function due to a lesion in the spinal nerve 
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pressure can force the urine to travel back up the kidneys and produce upper urinary tract 
infection. Equally common are infections of the lower urinary tract caused by insufficient 
voiding which leaves a high volume of residual urine. In addition to these problems, over-
filling of the bladder can lead to a condition of dysreflexia, which can also be life threatening. 
These problems are currently solved by prescribing drugs that suppress the reflex contrac-
tions whilst voiding is done by catheterisation. Sometimes this solution is ineffective and 
surgical intervention is necessary - the reflex contractions are then prevented by cutting the 
dorsal sacral roots which afferent the detrusor, whilst electrical stimulation of the sacral 
ventral root induces muscular contractions of the detrusor and aids in initiating the voiding 
of a paraplegic [27] [28] [29]. The problem with this solution is that it abolishes sensation, 
and useful reflexes such as male reflex erection and reflex bowel emptying. Jezernik [30] has 
recently shown the feasibility of a system where hyper-reflexive bladder contractions are 
detected by recording sensory information from the bladder afferents, bladder contractions 
are inhibited by electrical stimulation, and once the bladder is detected as full, bladder 
voiding is instigated by electrical stimulation. 

1.2.5 Artificial vision for the blind 

Vision can be restored by bypassing a dysfunctional element in the visual pathway and 
using electrical stimulation to recreate functional vision. There are a number of sites along 
the visual pathway that can be tapped into; these include cortical stimulation, optic nerve 
stimulation and Retinal Stimulation. 

Cortical stimulation 

German neurosurgeon, Foerster, who in 1929 exposed the occipital pole under local anes-
thesia and stimulated it electrically, established the physiological basis of efforts to develop 
cortical visual prosthesis for the blind. His subject saw a spot of light (phosphene) whose 
position was dependent on the position of the probe [31]. The first organised discussion was 
held at the MIT Endcott House in December 1966 [32], in relative secrecy as it was almost 
comical to seriously consider the possibility of a visual prosthesis for the blind the time. The 
implantation of 80 electrodes on the visual cortex of a blind nurse by Brindley and Lewin [33] 
in the late sixties reversed this. Brindley et al. demonstrated the fact that a large number 
of electrodes could be easily be tolerated on the surface of the human cortex for a number of 
years. While much remained to be done, it seemed then to be only a matter of time before 
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the application of science and engineering would transform these observations into a useful 
cortical stimulation based prosthetic vision system. Nevertheless, such systems are not yet 
commercially available for a number of reasons. The visual system proved to be much more 
complicated than originally thought. Although initially it was believed that neighbouring 
cells in the retina fed neighbouring cells in the brain i.e. retinotopic organisation, recent 
studies have shown that the mapping is highly nonlinear and non-conformal. For example 
shifting the position of the eyeball, shifts the percieved location of the phosphene, despite 
stimulating the same physical point on the cortex. Adjustment of visual perception is also 
made in order to ensure that our visual world fits the physical world around us faithfully. 
Although it is known that the bidirectional signal flow along the visual path is responsi-
ble for such adjustments, there is still much to be learnt about the system. As cortical 
implants adjoin directly with the brain, safety issues are of utmost importance. Electrical 
stimulation of the brain can evoke generalised epileptiform seizures that may continue after 
the electrical stimulation is ceased. However, animal studies have shown that these seizures 
can be avoided by use of intracortical electrodes rather than epicortical electrodes and by 
keeping the stimulus charge per phase below an empirically determined limit. Reliability 
of of the implanted device is also very important since once implanted no maintenance is 
possible. Explanting a device is more traumatic than implanting, as fibrotic tissue forms 
round the implant that binds it to the surrounding neural tissue, which is pulled and torn 
in attempts to explant the device. The motion of the brain within the skull require that 
the link between the electrode array and periferal devices is very flexible otherwise any 
stress could tear the tissue. Close matching of the mechanical properties of the implant to 
that of the surrounding biological medium is required to minimise damage, in the case of 
inflammation and generally movement. 

Despite all the technological problems, there is justified room for optimism [34] [35]. 

Retinal stimulation 

In the case that the cause of blindness is retinis pigmentosa, macular degeneration or 
some form of sensory blindness3, then the stimulating electrodes can be placed within the 
eyeball[36]. There are two subdivisions of retinal implants; the epiretinal and the subretinal. 

In the epiretinal approach the electrodes are placed upon the retina (see Fig. 1.2) and 
the implant is capable of receiving power and stimulation data via an RF link. An external 

3Blindness caused by lack of proper functioning of the light-sensing rod and cone cells in the retina 



ganglion 	bipolar 
calls t 	tr  cells 	r  epithelium 

pigment 

RF power 
& Data 

epiretinal 
implant 

Subretinal 
Implant 

Light 

Introduction 	 8 

Axons to brain 

Figure 1.2: Comparison of positioning of Epiretinal and Subretinal Implants 

camera receives the images and encodes them appropriately for the RF data link. 

In the subretinal approach the implant is placed under the retina, and by using photo-
diodes, light is transduced into electrical energy to stimulate the bipolar cells. This system 
has no need for a power source and has little control over the stimulation parameters. 

A number of technological problems need to be resolved before a retinal implant can be 
commercialised.Firstly, a flexible electrode array is needed that exerts no mechanical force 
on the delicate retinal structure. The retina has mechanical properties comparable to a 
single sheet of wet tissue paper and is easily torn. A number of such electrodes have been 
recently built [37] [38], but need further refinement and testing. Although a number of 
prototype systems have been built [39] [40] [41], much still remains to be done concerning 
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the implant surgery, long term biocompatibility and signal processing strategies. 

Arguments for the retinal approach as opposed to the cortical include: 

• 	Lower risk surgery since the full blown brain surgery is not required. 

• More of the natural signal processing structures are used since the implant is intro-
duced early in the visual pathway to the brain. 

• A flatter electrical-to-neural implant site, in comparison to the convoluted surface of 
the brain. 

1.2.6 Bone Growth and Repair 

In the early 1950s Yasuda and Fukada did a series of experiments investigating the bioelec-
tric properties of the bone [42][43]. This led to a series of studies on bone healing which 
demonstrated that there were two sources of potentials that arise in bones: 

• Stress Potentials - When bone is mechanically stressed the potentials that arise are 
not dependent on cellular viability i.e. that they arise from the organic component of 
the bone. Areas of compression gave electronegative potentials whilst areas of tension 
gave electropositive potentials. 

• Non-Stress Potentials - Friedenberg [44] and Brighton detected that non-stress po-
tentials (known as bioelectric or standing potentials) require cellular viability. These 
potentials are electronegative in areas of active bone growth and electropositive in less 
active areas. 

After a series of animal studies, revealing a correlation between bone growth and dc 
current, clinical trials were launched in 1970 to treat nonunion4  fractures. Friendenberg 
[45] first reported the successful treatment of a nonunion of the medial malleolus after nine 
weeks of constant current therapy to the nonunion site. 

Today a number of companies manufacture bone growth stimulators of which some are: 
Biolectron, EBI Medical Systems, Exogen, Genetics Institute Inc, Orthofix, OrthoLogic. 

4A nonunion is considered to be established when the fracture site shows no visibly progressive signs of 
healing 
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1.2.7 Cochlear implants 

As this particular application is the focus of my work it will be dealt with later on in con-
siderable detail. At this point it will suffice to say that cochlear implants enable profoundly 
deaf people to at least regain hearing sensations in the worst cases and be mainstreamed in 
the best. 

1.3 Summary 

A diverse number of neuroprosthetic applications have been introduced illustrating that 
electronic prosthetic devices are no longer science fiction; the application of electronics to 
the areas of motor function replacement, diaphragm pacing, pain relief, bladder and bowel 
control, bionic vision, bone growth and repair and bionic hearing is real, and has shown 
very promising results. 

Progress made in these areas is partly dependent on the creativity of electronic design-
ers whose aim is to achieve more efficient circuits and architectures, so as to be able to 
reduce the power consumption and size of implanted electronics as well as increase their 
functionality. It is hoped that some of the circuit techniques developed in this thesis will 
be applicable to a large range of prosthetics. With parallel technological advancements in 
the fields of material science, surgical procedures and in bettering an understanding of how 
a health physiological system works and differs from a damaged one, will inevitably lead to 
a successful neuroprosthetic program with far reaching societal consequences. 
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Chapter 2 

The Technology 

2.1 Introduction 

This chapter is concerned with the models used to develop low power circuitry, essential to 
biomedical applications. CMOS is preferred over BJTs for low power design[1], partly due 
to the higher integration density capability and partly for its virtually zero gate current. 
This is most useful in hybrid mixed signal systems where the flexibility of digital systems 
is combined with the low power potential of analog circuitry. In addition, the exponential 
drain current to gate voltage characteristic of the weak inversion region, and negligible 
gate current lends itself to log-domain circuitry, already suitable for low voltage operation. 
Finally biasing analog circuits in the subthreshold region makes more efficient use of currents 
in comparison to operating the transistors in strong inversion, attaining efficiencies very 
close to those of bipolar devices. Limitations of the technology are that frequencies of 
operation are constrained to the audio frequencies, which is sufficient for the majority of 
biomedical applications, and that matching in subthreshold devices is not particularly good. 

The majority of traditional MOS device simulation models are unsuitable for subthresh-
old designs; traditional models were designed to provide good results in the strong inversion 
region. Although some models e.g. SPICE level 2 and level 3, did attempt to include weak 
inversion operation characteristics[2], the error at the limits of the regions was unaccept-
ably large due to the use of piecewise combinations of simpler models. A smooth transition 
between operating regions, as well as a smooth first derivative is characteristic of a suitable 

1This indicated by a high 941 ratio, a measure of how efficiently current is used to generate transcon-
duct ance 
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Model Geometry (pm) Ids Subthreshold Rout Scalability Piecewise 

Berkeley Level 1 5 poor n/a fair poor no 

Berkeley Level 2 2 poor poor fair fair no 

Berkeley Level 3 1 fair poor poor poor no 

BSIM-1 0.8 good fair poor fair yes 

BSIM1 Derivatives 0.35 good good fair fair yes 

MOS8 0.35 good good fair no 

BSIM-2 0.25 good good good fair yes 

BSIM-3v3 0.15 good good good good no 

BSIM-4 sub-0.1 good good good good no 

EKV - good excellent good poor no 

EKV v2.6 0.25 good excellent good fair no 

Table 2.1: Model performance is rated in several critical areas 

model. A summary of a the most commonly encountered device models and their main 
properties is shown in Table 2.1. 

In addition to the deterministic model of the devices, the low power designer must 
always has to have in mind stochastic processes that occur during manufacturing. Operating 
circuits in the weak inversion regime further aggrevate manufacturing variability, hence it 
is seen suitable to include information on matching in this chapter. 

2.2 Universal Region Charge Sheet Models 

Charge sheet models are based on physical phenomena and are based on the assumption 
that the inversion layer is infinitely thin; they are valid for all regions of inversion. The drain 
current of the device consists of the sum of currents of two different transport mechanisms, 
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drift and diffusion, which are predominantly responsible for strong inversion and weak 
inversion channel currents respectively. 

Diffusion in a semiconductor occurs when there is a difference in concentration of elec-
trons or holes 2. In Fig. 2.1 a high electron concentration is represented by darker shades 
of grey and a low concentration by the lighter shades. The random thermal motion of each 
particle gives it an equal probability of moving in any direction. Considering electrons either 
side of a slice at position x l , the electrons to the left and to the right of the plane have equal 
probabilities of crossing the plane. Because there are more of them on the left than on the 
right, more of them will cross from the left to the right than from the right to the left, thus 
resulting in a net flow of electrons to the right. The current flow is proportional of the cross 
sectional area bc, the charge carried by each electron —q, the difference in concentration t, 
the thermal voltage ct and a mobility constant 0, thus giving: 

I = pOtbcq( — dx  
dn

)  

or in terms of charge per unit area at a particular position Q'(x): 

I = pOtb( 
dQ' (x) 

 ) dx 

hence assuming a linear relationship between electron concentration and x we get: 

I = ,a0t a (Oa) — CPO 

Eqn. 2.3 is the core equation for deriving the drain current of a transistor in the weak 
inversion region. The drift current contribution of a weakly inverted channel is negligible. 

The following equations describe a particular charge sheet model of the drain current 
of a FET of that is valid for all operating regions, including the moderate inversion region. 
Full derivation details can be found in [3]. The total drain current is the sum of a drift and 
a diffusion component: 

IDS = "drift Idif fusion 

where 
w IsL 

-1-dri ft = 	ft 	( —C1I)dPs 

21t is assumed that no electric field is present 

(2.1) 

(2.2) 

(2.3) 

(2.4) 

(2.5) 
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Figure 2.1: Semiconductor bar with nonuniform electron concentration 
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and (from Eqn. 2.3) 

Idif fusion = 	IL — 00) 
	

(2.6) 

where 	is the inversion layer charge per unit area, it is the surface mobility, (40  and Q'LL, 
are the inversion layer charge per unit area at the source end of the channel and the drain 
end of the channel respectively, libso and 0,/, are the surface potentials3  at the source end 
of the channel and the drain end of the channel respectively and qt  is the thermal voltage. 

Given q1  can be expressed in terms of surface potential as follows [3] 

QI = —Coi (VGB — VFB 	— 7N/Ts) 
	

(2.7) 

we obtain by substitution and integration of eqn 2.5 

1 	 2 	3 	3  
'drift = 	PCox[(Vas — VFB)(0.51, — Oso) 2  ( si. — Igo) 37(0;/, 	)1 	(2.8) 

and 
W 

Idif fusion = 	 — 080 + 7(0s2L, — 0:0)] (2.9) 

where 
030 = VGB VFB —\ 10s0 + Ote(?,b3o-2q5F—VsB)10t 

bsL = VGB VFB — 74sL + OteWsL-20E —VDB)10t 

(2.10) 

(2.11) 

VGB and VFB is the gate-bulk and flat band voltage respectively, 7 is the body effect 
coefficient and Cox  is the oxide capacitance per unit area. 

Numerical methods can accurately solve the above equations to give a gentle transition 
from the weak inversion region to the moderate and the strong inversion region. For weak 
inversion operation the device is operated such that all parts of the channel have surface 
potentials ranging between Os  = OF and the upper limit at 0, = 2OF  , OF  being the Fermi 
potential of the silicon. Although use of this model is reasonably accurate for weak inversion 
simulations it it does not take into account other secondary effects, hence leading us into 
the BSIM model that is used widely in industry. 

3defined as the total potential across the surface of the inversion layer and a point in the bulk outside 
the layer where the substrate is practically neutral 
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2.3 Simulation Model: The BSIM3v3 

The BSIM3 model is also a physics-based universal region model [4]. An overview of its 
features is included here as it is this model that has been chosen for all the simulations that 
follow in later chapters. 

As the previous model it is characterised by a single I-V expression that describes the 
current and output conductance characteristics from subthreshold to strong inversion, as 
well as from linear to saturation operating regions. Such a formulation guarantees the 
continuities of ids, Gds, Gm  and their derivatives through out all Vgs , Vds  and Vbs  bias 
conditions and precludes any kinks and glitches at device operation boundaries. It has 
numerous additional features some of which are mentioned below for awareness purposes: 

Short and narrow channel effects on threshold voltage 

Due to fringing fields the width of the depletion region in a FET's channel is greater 
than assumed with classical derivations. As the channel becomes thinner the error becomes 
relatively larger in comparison to the intended channel width, and so effectively a larger 
threshold voltage will be required to create an inversion layer. 

In short channel devices the depletion layers surrounding the drain and source get closer, 
hence effectively depleting more of the substrate under the gate. This makes it easier to 
invert the channel and also gives a greater current carrying capacity since the depletion 
region spans deeper into the substrate. Thus less voltage is needed to carry more current, 
giving a lower effective threshold voltage. 

Non-uniform doping effect (in both lateral and vertical directions) 

Defining the threshold voltage VT is important in terms of defining the operating region 
of a FET. Non uniform doping of the channel clearly has an impact on the threshold voltage. 
In the vertical direction, the substrate doping concentration at the Si/Si02  interface is 
higher than deeper down in the substrate, because of commonly used threshold adjustment. 
This makes 7, the body effect coefficient, a function of substrate bias4  rather than a constant, 
as assumed for uniformly doped channels. Hence the expression for the threshold voltage 
VT has the form of 

VT = VFB + 950 + 7(VBS)(N00 — VBS — 1 7150) (2.12) 

     

4The substrate bias will determine how deep down the depletion region extends and in turn the depth 
determines the effective bulk doping 



as 
f vcs-vth-vof f  ) 

IDs = Io(1 — e g5t ).e 	not (2.13) 
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2qcesinch where the function -y(VBs) is the same as the original -y = V 	for zero substrate bias 
and varies accordingly to fit the vertical doping profile for other substrate bias values. 

In the lateral direction, in some technologies the doping concentration is higher near the 
source and the drain. As the channel length becomes shorter the average channel doping 
increases hence pushing up the threshold voltage. An additional term added to Eqn. 2.12 
takes this effect into account. 

Subthreshold conduction 

The drain current equation in the subthreshold region in the BSIM3 model is expressed 

with 

Io  = tio L  q6siNch  
'Pt 205  

(2.14) 

and n the subthreshold parameter is given by 
a 	f  

‘f  Cd 	Cit 	(Cdsc CdscdVds CdscbVbseff)Le-D 
 L21t + 2e—Dvti  

Lit  
n = 1  + N factor }  

cox 	ox 	 Cox 
(2.15) 

with N f actor being an empirical value close to unity used to compensate errors in de-
pletion width capacitance, Cox  being the oxide capacitance, the last term representing the 
coupling capacitance between the drain or source to the channel and Cit  the capacitance 
due to interface states5. 

Mobility reduction due to vertical field 

At low vertical electric field the mobility is dominated by coulomb scattering due to 
impurity atoms and oxide charges. As the field is increased the inversion layer screens 
the impurity and oxide charges and the mobility improves slightly with increased vertical 
electric field (directly related to gate voltage). Finally as the electric field is increased 
even more the mobility decreases further since the strong vertical field pulls the electrons 
towards the rough surface creating more 'friction'. Although unified empirical formulation 
for the mobility is given by Eqn. 2.16 that fits experimental data very well, the actual 
simulator implementation uses a taylor series expansion for the denominator so as to reduce 

5Within a particular operating range window, for hand calculations n can be considered to be constant, 
usually ranging between 1 and 1.5 
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computation time. 
PO  (2.16) 

Pelf = 1 + (Eelf /E0 )11  
v is a constant between 1 and 1.5, Ee f f  is the effective field, po and E0  are fitting constants. 

Other features included in the BSIM3v3 model include: 

• 	velocity saturation modelling 

• Improved transient modeling by characterizing non-quasi-static effects using a relax-
ation time model 

• Drain induced barrier lowering (DIBL) 

• Channel length modulation (CLM) 

• Substrate current induced body effect (SCBE) 

• Source/drain parasitic resistances 

thus making this model more accurate, scalable, and simulator robust than the simple 
charge sheet model. As mentioned, the BSIM3v3 model has been adopted for all simula-
tion purposes of this thesis, and is supported by Austria Mikro Systeme International, the 
foundry used for experimental work. More details of this model can be downloaded from 
the BSIM website (http://www-device.eecs.berkeley.edu/,bsim3/).  

Although a BSIM4 model has been released, it has been aimed at addressing many issues 
in modelling sub-0.13 micron CMOS technology e.g. gate direct tunneling current and RF 
high speed CMOS circuit simulation, features which will not make significant contributions 
to the applications aimed at here, or improve accuracy with the 0.8pm technology used. 

2.4 The EKV Model 

The above models are relatively complex for very fast simulations and contain too many 
parameters to provide designers with an easy insight. A useful single expression for all 
regions of MOS operation is the EKV model. Based on Eqn. 2.17 it is popular for low 
voltage and low current applications and can be used for equally for all three threshold 
regions of operation, in both saturation and non-saturation. It is almost simple enough 
for hand calculations. Since it is a semi-empirical expression which is only partially based 
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on device physics, it is not as helpful as the latest BSIM models when scaling from one 
technology to another, since a considerable degree of empirical fitting is employed. This 
can lead to 'fixes' in a particular aspect eg. IDS making another part more inaccurate eg. 
such as small signal capacitances ([3] page 177). The effects of such tuning on other parts 
of the system are very difficult to predict. 

IDS = W —itCdox(20nin(1 + e(vP-Iisa)/(200)? - pro + e(vp-vDB)/(200,  A2 } 	(2.17) L 

Where Vp r-=', 
VGB -VT0  is the pinch off voltage, defined as the channel voltages  for 

which the inversion charge becomes zero in an equipotential channel (source and drain tied 
together). It can be interpreted as the effect of the gate voltage referred to the channel and 
is thus directly related to the gate voltage. Cox  is the oxide capacitance per unit area, n is 
the subthreshold parameter, cbt  is the thermal voltage (kT/q). The above expression has a 
smooth behaviour which approaches asymptotically the weak and strong inversion regions. 

In weak inversion both the exponentials have a magnitude much smaller than 1; then by 
using the approximation ln(1-Ex)^x for lx1 << 1, it is easily seen that the model reduces 
to the weak inversion symetric model. 

W 
L 	

—VsB)/(kt] _ [ e(VP —VDB)/451} IDS = —PCiox(2n)4{[e(VP  (2.18) 

In strong inversion and deeply in non-saturation, both exponentials are much larger 
than 1. Thus by applying the approximation 

[/n(1 + eY)]2  P.:: (lne')2  = y2  for e1  >> 1 

on equation 2.17 yields the non saturation strong inversion expression [1][5][6], 

W n 
/DsN = —L PC,x-2 [(VP - VSB)2  - (VP - VDB)2 ] 

(2.19) 

(2.20) 

In moderate inversion both mechanisms of transport are used i.e. both diffusion and 
drift current, so the whole of expression 2.17 must be used. 

6The channel voltage is defined as the difference between the quasi-Fermi potential of the mobile carriers 
forming the channel and the fermi-potential 
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As VDB is raised, the second exponential in expression 2.17 becomes negligible thus 
giving saturation. If instead Vsg is raised, the first exponential in expression 2.17 becomes 
negligible thus giving reverse saturation - an indication of the symmetry of this device 
model. 

Equation 2.17 can be reduced to the more familiar forms containing gate voltages by 
using the approximation for Vp: 

 

Vp VGB VTO (2.21) 

giving 

 

IDs = viCoc(2n)¢4 {[/n(1 e(vGB-vm-nv5B)/(271,01))p _ 

pro + e(vGB-vTo-nvDB)/(2not))]2} 	 (2.22) 

Using the same methodology used above, equation 2.22 yields the more familiar form, 
using gate voltages referenced to the bulk, for an unsaturated device in strong inversion: 

riT , 
IDs = 	xlAvGB VTO)(VDB — VSB) — n/2 (VDB VsB )1 

and for weak inversion: 

W 
IDS = —liCox(2n)(g[e(v6B-Vro-nVSB)1(nOt) e(VGB-VT0-nVDB)1(nOt)1 

(2.23) 

(2.24) 

which can be further simplified for hand calculations, by making Vs = Vg = 0, ensuring 
that VDS >> 2.50t , keeping operation confined to a region with n 	1, and grouping all 
constant terms into .TDO 

w 
ADoe IDS 	 Vas/ncbt ti— (2.25) 

Given this expression and the conditions for it's validity one can derive the gate source 
transconductance to be 
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aiDs  -1-Ds Grn = 	 = OVGs nit 
(2.26) 

It must be noted that the subthreshold parameter n is not quite a constant and has a 
dependence on the gate voltage with Vs  = VB = 0 

n— 	7 	i -i [1 	
WVG  — VT0 + (7 12  + VT0)2  

(2.27) 

In order to overcome the deficiencies of the original EKV model for simulation purposes, 
further parameters were added to form a more accurate model, leading to the EKV version 
2.6. This model contains more detailed geometrical and process related aspects such as 
oxide thickness, junction depth, effective channel length and width, helping to improve 
technology scalability. Some of the physical effects modeled are: 

• non-uniform doping profile 

• mobility variations due to vertical and lateral fields 

• short and narrow channel effects 

• substrate currents due to impact ionisation 

• quasi-static charge based capacitive dynamics 

• thermal and flicker noise 

• short distance geometry and bias dependent matching 

Despite this model being tailored for subthreshold operation it was not used for simu-
lating the circuits designed since it has only recently started to be included in the Cadence 
simulator environment. As with most process technologies, the model parameters were not 
available. 

In the future this model will most probably become a strong contender with the BSIM 
which is currently the industry standard. For the simple hand calculation model the basic 
parameters can be extracted from the BSIM model for fixed geometry devices. 
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2.5 Noise in the Subthreshold operating region 

Noise in saturated MOSFETs generally consists of a thermal noise and an independent 
flicker noise component [7]. 

The flicker noise component, in terms of channel current power, is approximated by [8] 

	2 	
a 

Kif tAf 
 f 
1 

If ticker r=' 

	

	 (2.28) WL  

where the K is a process dependent constant, p is another empirically determined process 
dependent constant that is usually somewhere between 1 and 2, WL is is the area of the 
device, Le  is the current passing through the device, Af and f are the bandwidth and 
frequency respectively. 

The thermal noise component in the subthreshold saturation region was first derived by 
considering the channel of a transistor as being composed of a series of resistors [9]. However 
the derived expression was identical to that obtained for "shot noise" (see Eqn. 2.29)7  

ishot2 20-satAf (2.29) 

Hence for all practical purposes the following equation is valid for noise in a FETs 
channel whilst in saturation and biased in the subthreshold region. 

  

K./Tat Af 1 
WL f 

 

ITotal 2  `=" 2q-isatAf (2.30) 

The following basic parameters were extracted from the simulation models for the 0.8pm 
AMS process used, for the basic nmos and pmos devices: 

Knmos = 1.2 x 10-24 , Pmn"=1, Kpmos = 1.65 x 10-24 , Ppmos= 

The Table 2.2 illustrates how close basic calculations using the above equations and 
extracted parameters come to the simulated values. The 10nA biased values agree rela-
tively well. As the current is increased and the devices start shifting towards the moderate 
inversion region, the subthreshold thermal/shot noise characteristic is no longer as accurate 

7Sarpeshkar et al have shown from first principles a view that unifies the processes of shot noise with 
that of thermal noise in FETs 
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and is a mixture between the expression valid for the strong inversion region8  and the weak 
inversion region. This is more apparent for the pmos devices where at 100Hz the total noise 
falls below the theoretical subthreshold thermal/shot noise component. 

As a general rule of thumb, for the AMS process used, based on the simulated 1/f noise 
corner frequencies extracted, for device sizes of l0pmx 10pm or larger we can ignore the 
flicker noise component when considering PMOS devices biased below 100nA for frequencies 
of interest above 10Hz and similarly for NMOS devices biased below 100nA for frequencies 
of interest above 300Hz. 

2.6 Matching in weak inversion 

The parameters supplied by foundries for the models previously described are average val-
ues taken from numerous devices from wafers that have qualified the dispositional pass/fail 
parameter tests. The values are such that they give the best fit of the entire device charac-
teristics for all operating regions in a specific technology process. Designs should not rely 
on model parameters being a particular absolute value, but rely on good matching between 
identically designed and carefully laid out devices on the same chip. Designing circuits in 
the nano-watt power domain using weak inversion circuits have the additional complexity in 
that current matching in weakly inverted devices is much worse than in strongly 
inverted devices (see Fig. 2.2). Hence it is more difficult to come up with robust high 
performance designs with good manufacturing yields; a good understanding of sources and 
the nature of mismatch is important. 

Mismatch can be defined as time independent random variations[10] in physical quan-
tities of identically designed devices on a single chip or wafer. Sources of mismatch can be 
categorised into random variations and quasi-deterministic effects[11]. 

2.6.1 Random Variations 

Random variations are generally associated with phenomena that vary over very small 
distances in comparison to the gate area of a device. Examples are uneven distribution of 
dopants, local effective mobility fluctuations, oxide granularity, trapped oxide charge, oxide 
thickness variations, uneven edges that might change the effective transistor length and 

812 	8kTg", Of 
thermal = 	3 
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Table 2.2: Comparison of hand calculated and simulated noise for a pmos and an nmos 
10p,mx1Opm device 

Thermal/Shot Noise 
Spectral Density 12/Hz 

Total Calculated Noise 
Spectral Density 12/Hz 

Total Simulated Noise 
12/Hz 

10nA nmos 

1Hz 

10Hz 

3.2 x 10-27  

261 x 10-27  

29 x 10-27  

250.2 x 10-27  

27 x 10-27  

100Hz 5.78 x 10-27  5.6 x 10-27  

10nA pmos 3.2 x 10-27  

1Hz 6.06 x 10-27  6.1 x 10-27  

10Hz 3.48 x 10-27  3.5 x 10-27  

100Hz 3.22 x 10-27  3.27 x 10-27  

50nA nmos 16 X 10-27  

1Hz 2226 x 10-27  3754 x 10-27  

10Hz 236 x 10-27  389 x 10-27  

100Hz 38 x 10-27  52 x 10-27  

50nA pmos 16 x 10-27  

1Hz 36.44 x 10-27  54.92 x 10-27  

10Hz 18.06 x 10-27  17.72 x 10-27  

100Hz 16.22 x 10-27  14.1 x 10-27  

100nA nmos 32 x 10-27  

1Hz 5532 x 10-27  11000 x 10-27  

10Hz 589 x 10-27  1141 x 10-27  

100Hz 89 x 10-27  140 x 10-27  

100nA pmos 32 x 10-27  

1Hz 79 x 10-27  149 x 10-27  

10Hz 36 x 10-27  36 x 10-27  

100Hz 32 x 10-27  25 x 10-27 
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Figure 2.2: Plot illustrating measured current mismatch as a function of overdrive voltage 
in a 0.8pm technology 

width. The normalised device property distribution is usually characterised with a spatial 
zero-mean gaussian distribution, 

p 
 (

Ax 	1 	 — 	x12 /2,72 
— = 	e  [(4., , ] 
x ) 	V27rux  

The probabability of oxbeing in the range —fax  < 44 < aux is 

a,7. 
p (—Oa, < —Ax  < aux = 	

1 e_(,72 /2cq ) dr/  , er  f (a) + erf (0) ) x 	 il,Box  V271-ox  

(2.31) 

(2.32) 

Where 77 is Ax/x. Hence evaluating at integer multiples of the standard deviation reveals 
that ±1ux  covers 68.3% of the population, ±2ux  covers 95.5% of the population and ±3o-x  
covers 99.7% of the population. 

The standard deviation of short distance transistor threshold matching , is given by: 

AVTo 

with AVT0  being a device dependent constant and W.L being the width and length of 
the device, hence the larger the area the less the mismatch due to the averaging of short 
distance variations. The current mismatch depends on the device transconductance and 

o-(AVTD) = 	717.E  (2.33) 
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hence is then strongly dependent on the region of operation. The transconductance is at 
it's maximum in subthreshold. 

a  ( AID )= AIdx  (2.34) 
ID '.\1//..L 

with Aidx  being constant supplied by the process foundry for different values of overdrive 
voltage (VG — VT0) Fig. 2.2. An example of a typical value for an nmos device in 0.8pm 
process, biased in the weak inversion region would be 39%ttm so a 10pm by 10pm device 
would have a current mismatch standard deviation of 3.9%. 

2.6.2 Quasi-Deterministic Effects 

Quasi-deterministic effects on transistor matching are effects that could be predicted if a 
particular process was known in immense detail and the position and orientation of the 
circuit on the wafer was predetermined. Structures in the vicinity of the circuit and their 
effect on matching would also have to be known in advance. Since in general, the layout 
designer does not have such information in advance, these deterministic effects have a 
somewhat random influence on a circuit. Quasi-deterministic mismatch can come from 
`striation' and 'gradient' effects. 

The striation effect looks like a series of waves of wavelength varying between 100pm and 
300pm on a drain current map of an array of identically designed transistors9  See Fig. 2.3. 
Striation could be the result of a raster scan ion implantation process or from the method 
wafer fabrication. 

Long range gradient effects are common on a wafer usually moving from the center of 
the wafer outwards to the edges e.g. average oxide thickness. A possible source of long 
range gradient effects could be a slight temperature gradient during manufacturing. 

Transistors at the edge of an array are more susceptible to mechanical strain than the 
rest of the devices hence making them more prone to mismatch. An additional cause of 
mismatch for array edge transistors could be variations in polysilicon etch rates; Large 
poly openings clear more quickly than small ones since the etchant ions have better access 
to the sides and bottom of the large openings. In addition nearby structures e.g. a tub, 
may influence local doping levels, since dopants may diffuse a few tens of ,um and lead to 
mismatch. 

°The source and bulk terminals are grounded whilst the gates are biased in the weak-inversion region to 
the same voltage 
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Figure 2.3: Illustration of striation effect without and with random local variations. Current 
values are coded by shades of grey, with the lowest value being black and the highest white 



The Technology 	 33 

There are a number of general rules that improve device matching, some of which are 
listed below: 

• Use identical geometries - scale by using multiples of unit cells so as to scale the edge 
effects as the active area. 

• Use large active areas - local random fluctuations tend to average out. Care is needed 
so as the size does not range over lengths comparable to the wavelength of the striation 
effect. 

• Use common centroid layouts. These are primarily designed to reduce the effect of 
linear gradient effects coming from an unknown direction. Again care must be taken 
with the size of individual transistors so that they don't span across striation peaks. 

• Keep the matched transistors as close as possible so as to minimise the effect of long 
range gradients and striation. 

• Same surroundings - add dummy devices on the edges so as to get the same etch rates. 
Ground dummy poly structures to get rid of trapped charge. 

• Same orientation - surface mobility varies depending on the direction of the current 
with respect to the crystal axes. In addition stress on the die will affect differently 
orientated devices in a different manner. 

• locate matching-sensitive devices away from high stress corners and as close as possible 
to the middle of the die. 

• Do not route metal or place contacts over active gate area. 

• Locate matched devices in an area of the die that has uniform temperature.This is 
quite unlikely if they are close to a power device i.e. in the order of mWs. 

A comprehensive discussion of these techniques can be found in reference [12]. 

There are always trade-offs associated with implementing the above rules e.g. a common 
centroid layout is not the most compact since space is needed to route the various distributed 
sub-components together, hence the fourth point above constrains the third. Similarly large 
devices average the local random variations but if too large will fall into distances where 
striation and gradient effects become significant. Good knowledge of the process technology 
being used is essential in order to make good use of the above guidelines. 
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Matching in subthreshold devices deteriorates drastically when the voltage across the 
reverse biased source bulk junction is increased [13][14] (See Fig. 2.4). An explanation for 
this is that since the drain current is exponentially dependent on the threshold voltage of a 
device, then any way to improve the matching of the threshold voltage is extremely helpful. 
Taking the first order expression for gate source extrapolated threshold voltage [2], 

VT = VFB + 00 + 7(1/ 00 VBS) 	 (2.35) 

where VFB is the Hatband voltage, oo  is the surface potential of the two terminal MOS 
structure and -y = toxV: qEsi NA  is the body effect coefficient. Variations in VT can be reduced 

ox 

by reducing the effect of variations in the -y term on the threshold voltage, hence if VBS = 0 
any mismatch between the 7  of devices is not amplified by VBS. Although marginal forward 
biasing of the bulk source junction is recommended by Chen et a/.[13], it has its problems; 
firstly the extra circuitry is needed for this is not practical - it should be extremely low 
noise otherwise it will inject noise via the back gate. This circuitry will also have to be low 
drift otherwise the gated lateral bipolar action might easily become the dominant transport 
mechanism. And finally, last but not least, forward biasing is very dangerous in terms 
of latch-up! Following Moores Law and given a linear relationship between the dominant 
matching parameter in subthreshold, AVTQ (Eqn. 2.33) [10], and minimum feature size (See 
Fig. 2.5), future technologies will able to provide for much more complicated and accurate 
ultra low-power subthreshold ciruits. In fabrication technologies that make available two 
different gate oxide thicknesses, the thinner oxide will give better matched devices. 

2.7 Summary 

In this chapter some device models appropriate low power subthreshold design have been 
reviewed. Not much attention has been given to higher frequency effects as, in neural 
prosthetics the operation frequencies are usually kept under 10 kHz. Sources of noise in 
subthreshold circuits was also examined. The use of PMOS devices in low audio frequency 
design is preferred as the flicker noise component can be ignored for device sizes that will 
give reasonable matching performance. Sources of mismatch and some general rules for 
improving matching have been reviewed. By keeping VBS = 0 the effect of 7 mismatch on 
the threshold voltage and hence drain current mismatch is kept to a minimum, which is 
usually poor in weak inversion operation. 
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Figure 2.4: Measured standard deviation verses the drain current with the back gate bias 
as a parameter [13] 

Figure 2.5: Mismatch model parameters Vs Minimum Feature size as collected in [15] 
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Chapter 3 

Cochlear Implants 

3.1 Introduction 

The worldwide deaf population exceeds 70 million of which 600,000 profoundly deaf indi-
viduals are found in the US and 420,000 in the UK. Although, conventional hearing aids 
provide considerable help for the majority of individuals with mild, moderate or severe 
hearing loss, these aids are of little help where the deafness is "profound" (average loss 
is greater than about 90 dB SPL in both ears). In such cases an electronic device i.e. a 
cochlear implant, surgically implanted in the inner-ear, can provide electrical stimulation 
of the auditory nerve, giving a degree of hearing sensation whilst also preventing nerve 
degeneration [1]. An alternative stimulation site, the brainstem, can be used [2][3] in cases 
of NF2. Neurofibromatosis type II is a genetic condition that affects one in 40,000 people. 
Individuals with NF2 have tumors that grow on both the right and left auditory nerves, and 
sometimes in other places in the body. When these tumors are surgically removed often it is 
necessary to remove parts of the auditory nerves along with the tumors. Since the auditory 
nerves are the pathways for sounds to reach the brain, this results in total deafness. Hearing 
aids and cochlear implants are not beneficial when parts of the auditory nerves have been 
removed. Cochlear Ltd together with the House Ear Institute have an Auditory Brainstem 
Implant (ABI) that is certified for investigational use. The speech processor used for this 
is largely identical to cochlear implant speech processors. 

Current devices, regardless of manufacturer, are based upon digital technology (standard 
DSP chip and ASICs). Although digital technology has the advantage of full modification 
flexibility through software, rather than hardware, this technology has significant drawbacks 

38 
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of high power consumption and physical size when compared to the micropower systems 
of modern analogue technology [4][5][6]. With the current digital devices, batteries need 
changing every one to two days, and many patients are unhappy about wearing a relatively 
large speech processor, albeit smaller "behind the ear" prostheses have recently reached the 
market. The main objective of my research involves the use of analogue silicon integrated 
electronics in a way that will allow the realisation of an extremely small processor with 
very low power requirements for a completely implantable system. Digital circuitry will 
still be used only for control and making adjustments. This chapter will introduce some 
of fundamental principles involved in the hearing system and an overview of some of the 
cochlear implants of the past and the present. 

3.1.1 The Healthy Auditory System 

The hearing system is composed of mechanical, chemical and electrical transmission mech-
anisms. Firstly an acoustical signal is funnelled towards the tympanic membrane (see 
Fig. 3.1) and transduced into a mechanical signal by vibrating the membrane. Three 
ossicles, the m,alleus, the incus and the stapes, couple the vibrations of the tympanic mem-
brane to the flexible oval window'. Apart from coupling, the ossicles "match the impedance" 
of the tympanic membrane to that of the cochlear fluids. Without this matching, about 
98% of the energy would be reflected. The attached tensor tympanic and stapedius muscles 
prevent damage from excessively loud sounds by reflex contractions. The cochlea consists 
of a coil fluid-filled tube which is separated lengthwise into three main chambers, the scala 
vestibuli, scala media and scala tympani. The very thin and flexible Reissner's membrane 
separates the scala vestibuli from the scala media which contains the actual hearing or-
gan called the organ of Corti. The stiffer basilar membrane varies in thickness and width, 
and separates the scala media from the scala tympani. The varying thickness gives each 
particular point a different resonant frequency[7]. The frequencies are exponentially dis-
tributed roughly between 20kHz near the oval window to 40Hz at the apex of the cochlea, 
so depending on the spectral content of sound certain parts of the basilar membrane are 
displaced more than others. The displacement of the basilar membrane is detected by fine 
inner hair cells located in the organ of Corti. The viscous nature of the inner ear fluid is 
mainly responsible for the bending of the inner hair cells, whilst the shearing movement of 
the tectoral membrane also contributes to the bending. The hair cells release neurotrans-
mitter causing firing of neurons to produce electrical impulses. These electrical impulses 

'An oval opening in the medial wall of the middle ear leading into the scala vestibuli 
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ANATOMY OF THE HUMAN EAR 

Figure 3.1: The Anatomy of the Ear 

are transmitted by the hearing (auditory) nerve to the brain where they are interpreted as 
sound. The outer hair cells have an important role in picking up low intensity sounds -
they apply controlled positive mechanical feedback[8] to the basilar membrane by acting as 
motor cells, thus amplifying and detecting the lower end of the dynamic range. 

3.1.2 The Impaired Auditory System and Cochlear prostheses 

Assuming the inner hair cells are damaged, the auditory system has no way of transform-
ing acoustic pressure waves (sound) to neural impulses, and that in turn leads to hearing 
impairment. The hair cells can be damaged by certain diseases (e.g., meningitis, Meniere's 
disease), congenital disorders, by ototoxic drugs, etc. Damaged hair cells can subsequently 
lead to degeneration of adjacent auditory neurons[1], and if a large number of hair cells or 
auditory neurons throughout the cochlea are damaged, then the person with such a loss 
is diagnosed as profoundly deaf. Research [9] has shown that the most common cause of 
deafness is the loss of hair cells rather than the loss of auditory neurons (sensorineural 
deafness). This means that cochlear implants, which excite remaining neurons through 
electrical stimulation can benefit a large proportion of patients. A cochlear prosthesis is 
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therefore based on the idea of bypassing the normal hearing mechanism (outer, middle, and 
part of the inner ear including the hair cells) and electrically stimulating the remaining 
auditory neurons directly. The challenge is to stimulate (electrically) auditory neurons so 
that meaningful information about speech is conveyed to the brain. 

Various different cochlear implant devices have been developed over the years and gen-
erally have the following common features(Fig. 3.2): 

• A microphone that transduces sound into an electrical signal 

• A signal processor that somehow rearranges the signal in terms of amplitude/frequency 

• A system that conveys electrical signals across the skin and into the patient. 

• A single electrode or an electrode array that uses electrical signals to invoke action 
potentials in the auditory nerve. 

Single-channel implants use a single electrode, whilst multi-channel cochlear implants use 
an electrode array which allows different auditory nerve fibers to be stimulated at different 
places in the cochlea. This is useful because it allows the exploitation of the "place mecha-
nism" for coding frequencies i.e. depending on the stimulation site the patient will hear a 
different frequency. The signal processor is responsible for extracting information from the 
input signal and delivering the appropriate waveform to the appropriate electrodes. The 
most common function of the signal processor is to decompose the input signal into its fre-
quency components, much like a healthy cochlea analyses the input signal into its frequency 
components. Cochlear prosthesis designers are faced with the challenge of designing systems 
that perform in a similar function to a healthy cochlea but have a much cruder interface 
to the neurons. In addition they have to make the system flexible enough so as to be able 
to maximise the appropriate information transfer, given that the parts of the dysfunctional 
cochlear that they interface with could be severely damaged or even inaccessible dues to 
ossification2. 

Given that there are enough auditory nerve fibers left for stimulation in the vicinity of 
the electrodes, electrical stimulation causes them to fire and propagate neural impulses to 
the brain, which in turn interprets them as sounds. The perceived loudness of the sound 
depends on the number of nerve fibers activated and their rates of firing. If a large number of 
nerve fibers is activated, then the sound is perceived as loud. Similarly, if a small number of 

2This is bone growth formed directly from soft tissue which blocks electrode insertion into the cochlea 
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Figure 3.2: Core Blocks of Cochlear Implants [12] 

nerve fibers is activated, then the sound is perceived as soft. The number of fibers activated 
is a non-linear function of the amplitude of the stimulus current hence the loudness of the 
sound can therefore be controlled by varying the amplitude of the stimulus current. The 
pitch on the other hand is related to the place in the cochlea that is being stimulated. 
Low pitch sensations are elicited when electrodes near the apex are stimulated, while high 
pitch sensations are elicited when electrodes near the base are stimulated. Different pitch 
sensations can also be experienced by varying the frequency of the actual stimulation pulses 
on a single electrode, however this only works up to frequencies ranging from 200 to 400Hz 
[10][11]. 

Fig. 3.2 shows, as an example, the operation of a four-channel implant operating on a 
simplified version of one of the most successful stimulation strategies (CIS). Sound is picked 
up by a microphone and sent to a speech processor box worn by the patient. The sound 
is then processed through a set of four bandpass filters which divide the acoustic waveform 
into four channels. Current pulses are generated with amplitudes proportional to the power 
contained in each channel, and transmitted to the four electrodes through a radio-frequency 
link. The relative amplitudes of the current pulses delivered to the electrodes reflect the 
spectral content of the input signal. In the case that the speech signal contains mostly 
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high frequency information (e.g., /s/), then the pulse amplitude of the fourth channel will 
be large relative to the pulse amplitudes of channels 1-3. Similarly, if the speech signal 
contains mostly low frequency information (e.g., vowel /a/) then the pulse amplitude of 
the first and second channels will be large relative to the amplitudes of channels 3 and 4 
(Fig. 3.2). The electrodes therefore stimulate the cochlea accordingly, based on the acoustic 
power contained in a particular band. 

3.2 Signal Processors for Auditory Prostheses 

The major differences between the various implant devices lie in the signal processing strat-
egy used for transforming the speech signal into electrical stimuli. Several signal processing 
techniques have been developed over the past three decades. Some of these techniques 
are aimed at preserving waveform information, others are aimed at preserving envelope 
information, and others are aimed at preserving important spectral features of speech (e.g. 
formants). 

3.2.1 Single Channel Processors 

The most basic of signal processors belong to single channel implants. These provide elec-
trical stimulation at a single site in the cochlea using a single electrode. Although usually 
less effective than multi-channel implants, these implants the advantage of simplicity and 
low cost. 

Single-channel implants were first implanted in human subjects in the early 1970s, pro-
voking intense debates and skepticism about the effectiveness of single-channel stimulation[13]. 
Doctors and scientists argued that electrical stimulation of the auditory nerve could produce 
nothing but noise. Despite the controversy, researchers in United States and in Europe kept 
working on the development of single-channel prostheses. These early efforts led to, among 
other devices, the House/3M single-channel implant and the Vienna/3M single-channel im-
plant. The architecture of the House device is shown in Figure 3.3. It consists of three 
main components: (1) the signal processor, (2) the signal transmitter/receiver, and (3) the 
implanted electrodes [14]. The acoustic signal is picked up by a microphone, amplified, 
and then processed through a 340-2700 Hz bandpass filter. The bandpassed signal is then 
used to modulate a 16 kHz carrier signal which is then amplified and applied to an external 
induction coil. The patient controls the stimulation intensity by adjusting the amplifier's 
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Signal Processor 

Figure 3.3: Core Blocks of House/3M Implant 

gain. The external coil induces a current in the implanted coil which, without any further 
processing, is applied directly to the implanted active electrode in the scala tympani. Infor-
mation about gross temporal fluctuations of the speech signal are contained in the envelope 
of the modulated signal. The shape of the modulated envelope signal however is affected by 
the input signal level, because the House/3M device did not attempt to reduce or limit the 
input dynamic range[14]. For sound pressures between 55 dB to 70 dB, the envelope output 
changes linearly, but for sound pressures above 70 dB, the output is clipped at a level just 
below the patient's level of discomfort. Consequently, the temporal details in the speech 
signal envelope are distorted or discarded. No attempt was made to map the acoustical 
dynamic range of speech onto the patients stimulation current dynamic range. Although a 
few patients could generally understand speech, it was not surprising that the vast majority 
of the patients did not obtain open-set speech recognition with hearing alone [14]. 

The Technical University of Vienna, in Austria, set upon improving the House/3M 
system in the early 1980s [15]. The block diagram of the Vienna/3M implant is shown in 
Figure 3.4. The signal is first pre-amplified and fitted to the equilisation filter's maximum 
input level by an automatic gain control amplifier with a short attack time (0.5 msec). This 
ensures that the temporal details in the analog waveform are preserved regardless of the 
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Figure 3.4: Core Blocks of Vienna/3M Implant 

input signal level and thereby preventing the high-level input signals from being clipped. 
The signal is then fed through a frequency-equalization filter which attenuates frequencies 
outside the range 100-4000 Hz and ensures that all frequencies in the range of 100 Hz to 4 
kHz, which are very important for understanding speech, are equally audible to the patient 3. 

The filtered signal is amplitude modulated for transcutaneous transmission. The implanted 
receiver demodulates the radio-frequency signal, and sends the demodulated stimuli to the 
implanted electrode. 

Unlike the House/3M device, the Vienna/3M device managed to preserve fine temporal 
variations in the speech signal. Some Vienna/3M patients were able to recognize speech. 
Results in various studies [17] [18] [19] ranged from identifying words in sentences with 
86% accuracy to not being able to obtain scores above zero on open-set speech recognition. 
Although definitely having better results than the House/3M device, the Vienna/3M de-
vice more or less discarded place-frequency information, thus the brain had to distinguish 
different words based on just temporal variations. 

3Without the equalization filter, only low frequency signals would be audible. This is because the electrical 
threshold level (i.e., the electrical stimulus level that is barely audible to the patient) is typically lower at 
low frequencies and higher at high frequencies (>300 Hz) [10][16] 
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3.2.2 Multi-channel Processors 

Unlike single-channel implants, multi-channel implants use an array of electrodes to provide 
electrical stimulation at multiple sites in the cochlea. This is done so that different auditory 
nerve fibers can be stimulated at different places in the cochlea, thereby exploiting the place 
mechanism for coding frequencies. Different electrodes are stimulated depending on the 
frequency content of the signal. Electrodes near the base of the cochlea are stimulated with 
high frequency signals, while electrodes near the apex are stimulated with low frequency 
signals. 

The various multi-channel processors differ in the way that they extract information from 
the input signal and create stimulation waveforms for the electrodes. These can be classified 
into two main categories: spectral strategies and speech feature-extraction strategies. 

The spectral strategies present electrical stimuli derived by filtering the speech signal into 
different frequency bands, while the feature extraction strategies present electrical stimuli 
derived from speech features, such as formants, using feature extraction algorithms. 

Spectral Strategies 

The compressed-analog (CA) approach was originally used in the Ineraid device manu-
factured by Symbion, Inc., Utah [20]. The CA approach was also used in the UCSF/Storz 
device [21], which is now discontinued. In this strategy, the signal is first compressed us-
ing an automatic gain control, and then filtered into four frequency bands, with center 
frequencies at 0.5, 1, 2, and 3.4 kHz. The filtered waveforms go through adjustable gain 
controls and then are sent directly through a percutaneous connection to four intracochlear 
electrodes. The filtered waveforms are delivered simultaneously to four electrodes in analog 
form. The electrodes, spaced 4mm apart, operate in monopolar configuration. 

The CA approach, used in the Ineraid device, was much more successful than the single 
channel devices; it enabled many patients to obtain open-set speech understanding. For a 
sample of 50 Ineraid patients [22], a median score of 45% correct for word identification in 
CID4  sentences, a median score of 14% correct for monosyllabic word identification, and 
a median score of 14% correct for spondee (two-syllable) words. The CA, multi-channel 
approach clearly yielded superior speech recognition performance over the single-channel 
approach [20]. This was not surprising given the increased frequency resolution provided 

4Central Institute of the Deaf 
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by multiple channel stimulation as well as maintaining speech envelope information. 

However an inherent problem with the CA approach was the interactions between 
channels[23], due to the simultaneous stimulation of all the electrodes. In addition, the 
large compression of the AGC before the filters introduced further distortion of the speech 
spectrum, and consequently degraded speech understanding. 

The Simultaneous Analog Stimulation (SAS)6  approach is a modern version of the Com-
pressed Analogue strategy, with reduced spectral distortion. Unlike the CA system, the 
front end AGC has a small compression ratio, and long attack and release times so as to 
significantly reduce the distortion. Since the stimulus dynamic range is significantly smaller, 
nonlinear compression is applied at the back end of the processor on a channel-to-channel 
basis and giving more natural perception. Since all the electrodes might be stimulated si-
multaneously, it is inevitable that interactions between the channels at the electrode sites 
will occur. 

The Continuous Interleaved Sampling (CIS) approach was developed by the Research 
Triangle Institute (RTI) [24] to address the simultaneous channel interaction issue, by using 
non-simultaneous, interleaved pulses. Trains of biphasic pulses are delivered to the elec-
trodes in a 'non-overlapping in time' manner(see Fig. 3.5). The amplitudes of the pulses 
are derived by extracting the envelopes of bandpassed waveforms. The CIS approach is 
shown in more detail in Fig. 3.6. The signal is first pre-emphasized and passed through a 
bank of bandpass filters. The envelopes of the filtered waveforms are then extracted by full-
wave rectification and low-pass filtering (typically with 200 or 400 Hz cutoff frequency). The 
envelope outputs are finally compressed and then used to modulate biphasic pulses. A non-
linear compression function (e.g., logarithmic) is used to ensure that the envelope outputs 
fit the patient's dynamic range of electrically evoked hearing. Trains of balanced biphasic 
pulses, with amplitudes proportional to the envelopes, are delivered to the electrodes at a 
constant rate in a non-overlapping fashion . 

The rate at which the pulses are delivered to the electrodes has been found to have a 
major impact on speech recognition [25]. High pulse-rate stimulation typically yields better 
performance than low pulse-rate stimulation, most likely because of the higher temporal 
resolution associated with higher rates. 

5Constructive/destructive interference between electrical fields from different electrodes can reduce stim-
ulation levels below threshold or even exceed the pain threshold of the patient 

6Although called Analog the filtering and mapping is done in the digital domain, however the stimulus 
is an analog waveform 
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Figure 3.6: Block Diagram of CIS strategy 
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Several studies[24][26][27][28][29] compared the differences in performance between the 
CA and CIS strategies and found the mean scores obtained with the CIS processor were 
significantly higher than the corresponding scores obtained with the CA approach. 

In the Spectral Peak Extraction (SPEAK) approach speech is divided among a series 
of filters that are associated with electrodes in the cochlea. The strategy analyzes which 
filters have the greatest amount of energy (are loudest), selects a subset of filters (always 
less than the total number of electrodes in the cochlea) depending on the characteristics of 
the input and sends a signal to one electrode at a time. In the implementation, known as 
SPEAK, 3-10 electrodes are activated at any moment in time with a stimulation rate which 
averages about 250 pulses per second. 

In the ACE implementation of the n-of-rn strategy, the number of electrodes (filters) 
selected is less than the maximum number available and is kept constant once set. More 
information is conveyed by using 6 varying electrodes out of 16 electrodes, rather than 6 
out of 6 if more than 6 electrodes are perceptually separable. As there is a limited data 
transmission rate across the transcutaneous link of the semi-implanted systems currently 
on the market, by only sending data for 6-of-16 electrodes, rather than 16-of-16, a better 
temporal resolution is achieved. Figure 3.8 illustrates the pattern of electrical stimulation 
for the word "choice". As can be seen, the electrodes selected for stimulation vary depending 
upon the spectral content of the signal. 

The CIS strategy and high rate of n-of-m strategies are extensively used in commercially 
available state-of-the-art cochlear implant speech processors, since they have shown the 
greatest benefits amongst other strategies [30] [31]. 

Speech Feature extraction Strategies 

Designers of cochlear implants have a difficult task, in that about 3000 rows of hair cells 
which are likely to correspond to the smallest units of frequency resolution according to 
the place of stimulation in the cochlea were replaced by 4 to 10 active electrodes through 
which speech information must be conveyed in the most efficient way. In additional to this 
limitation, a much smaller electrical dynamic range i.e. 10 to 20dB with fewer discriminable 
steps is available rather that the 120dB with 120 discriminable steps of a healthy hearing 
system. Hence, in this category of multi-channel cochlear implants, rather than presenting 
waveform information, feature extraction is used to obtain the most important features of 
speech, leaving out other information that may not be as useful for understanding, in this 
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Figure 3.7: The spectrogram of the word "choice" is shown 

way, presenting a non-functioning auditory system with enough information to distinguish 
between words but not overburdening it. 

The FO/F! was the first of these strategies developed in the early 80's [32] [33]. In 
this strategy, the fundamental frequency (F0) and the second formant (F2) are extracted 
from the speech signal using zero crossing detectors. One zero-crossing detector is used to 
estimate FO from the output of a 270 Hz low-pass filter, and another zero-crossing detector 
is used to estimate F2 from the output of a 1000-4000 Hz bandpass filter. The amplitude of 
F2 is estimated with an envelope detector by rectifying and low-pass filtering (at 35 Hz) the 
bandpassed signal. The F0/F2 processor conveys F2 frequency information by stimulating 
the appropriate electrode in the 22-electrode array. Voicing information is conveyed with FO 
by stimulating the selected electrode at a rate of FO pulses/sec. The amplitude of the pulses 
is set in proportion to the amplitude of F2. During unvoiced segments (e.g., consonant /s/) 
the selected electrode is stimulated at quasi-random intervals with an average rate of 100 
pulses/sec. Initial results [34]with the F0/F2 strategy were encouraging as it enabled some 
patients to obtain open-set speech understanding. 

The FO/F1/F2 was a modification of the F0/F2 strategy to include information about 
the first formant frequency (F1) [50] The addition of Fl information improved the speech 
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recognition performance of patients wearing the Nucleus cochlear implant. This was ex-
pected, given the importance of F1-F2 for normal-hearing listeners on speech recognition. 
Within-patients comparisons between the F0/F2 and F0/F1/F2 strategies demonstrated 
improvements in speech understanding with the F0/F1/F2 strategy [51] [52]. However, no 
significant difference was found between the F0/F2 and F0/Fl/F2 processors on tests of 
consonant recognition mainly because the F0/Fl/F2 strategy emphasizes low-frequency in-
formation which is required for vowel recognition. The majority of the consonants however 
contain high-frequency information, and this has motivated the refinement of the F0/Fl/F2 
strategy to the MPEAK strategy. 

The Mpeak strategy provided additional information in addition to the F0/F1/F2 sys-
tem. Similar to the F0/F1/F2 strategy, the extraction of the formant frequencies Fl and 
F2 was performed using zero crossing detectors, and the amplitudes of Fl and F2 were 
computed using envelope detectors. The frequency range for F2 was refined in the MPEAK 
strategy to 800-4000 Hz. Additional high-frequency information was extracted, using enve-
lope detectors, from the frequency bands 2000-2800 Hz, 2800-4000 Hz and 4000-6000 Hz. 
The motivation for using the three additional bandpass filters (> 2 kHz) was twofold: 

• To enhance the representation of the second formant (F2) 

• To include high-frequency information?  

The estimated envelope amplitudes of the three bandpass filters were delivered to fixed 
electrodes. Electrodes 7, 4, and 1 were allocated to the outputs of the filters 2-2.8 kHz, 
2.8-4 kHz and 4-6 kHz respectively. 

Once again, various studies revealed [35][36][37] found that MPEAK strategy yielded a 
mean improvement on consonant identification and thus also open-set sentence recognition 
over the F0/F1/F2 strategy on open-set speech recognition. 

However, the MPEAK strategy, as well as the F0/F2 and F0/F1/F2 strategies, tend 
to make errors in formant extraction, especially in situations where the speech signal is 
embedded in noise. This limitation, which is inherent in feature extraction algorithms, 
motivated the development of the next generation processor for the Nucleus multi-electrode 
cochlear implant. 

7important for the perception of consonants 
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Comparisons between the more advanced spectral strategies and the best speech feature 
extraction strategies revealed a clear superiority of the spectral strategies, [38][30][31][11] 
although there have been a few exceptions amongst patients. 

3.3 Power/Data Transmission 

A communication link is needed between the external processor and the receiver / electrodes. 
This is currently being done by either a transcutaneous connection or a percutaneous con-
nection. 

A transcutaneous system transmits the stimuli through a radio frequency link which 
conveys both power and data for the implanted system. An external transmitter is used to 
encode the stimulus information for radio-frequency transmission from an external coil to an 
implanted coil. The internal receiver extracts the data signal and power from the induced 
voltages in the internal coil and thus delivers stimuli to the electrodes. The transmitter and 
the implanted receiver are held in place on the scalp by a magnet or alternatively by an 
ear-mold supported head-piece[39]. The use of a magnet to hold the transmitter in place 
can be problematic if at some point the patient needs an MRI scan, since the magnet has 
to be removed, hence the alternative method. 

A percutaneous system transmits the stimuli to the electrodes directly through plug 
connections. In this system, there are no implanted electronics, other than the electrodes. 
The major advantage of the percutaneous system is flexibility and signal transparency. 
The signal transmission is in no way constrained by the implanted receiver circuitry. It 
is therefore ideal for research purposes for investigating new signal processing techniques. 
The Ineraid device is the only device that uses percutaneous connectors. 

The main advantage of a transcutaneous system, as opposed to a percutaneous system, 
is that the skin in the scalp is closed after the operation, thus avoiding the 'infection prone' 
break in the skin. The disadvantage of this system is that given any failures in the implanted 
electronics explantation is required to replace them. The vast majority of cochlear implant 
devices in use today use transcutaneous connections. 
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3.4 Stimulation Form 

There are generally two types of stimulation8  waveforms used in cochlear implants, depend-
ing on how information is presented to the electrodes. If the information is presented in 
analog form, then the stimulation is referred to as analog stimulation, and if the information 
is presented in pulses, then the stimulation is referred to as pulsatile stimulation. Current 
sources are used instead of voltage sources; since the electrode/electrolyte interface is a 
complex RC network whose impedance changes during stimulation, it is difficult to control 
the charge injected and ensure the absence of irreversable chemical reactions of the electrode 
when a voltage source is used. 

3.4.1 Analog Stimulation 

In analog stimulation, an electrical analog of the acoustic waveform itself is presented to 
the electrode. In multi-channel implants, the acoustic waveform is bandpass filtered, and 
the filtered waveforms are presented to all electrodes simultaneously in analog form. The 
rationale behind this type of stimulation is that the nervous system will sort out and/or 
make use of all the information contained in the raw acoustic waveforms. One disadvantage 
of analog stimulation is that the simultaneous stimulation may cause channel interactions. 
It is also not the most efficient way to stimulate neurons, since power is often wasted to 
produce a subthreshold stimuli, or action potentials are stopped by a sudden reversal in 
polarity. Assuming that the stimulus shape is sinusoidal, 

Isum = Asin(27r f t) 	 (3.1) 

with the frequency f = T . For a given value of A, the charge injected during period T 
gets smaller and smaller as frequencies go up, hence it should be ensured that for a given 
amplitude and for the range of possible frequencies, the charge injected should be less than 
the injection limitations of the electrodes. 

8A better appreciation of the stimulation methods would be obtained if the reader takes a look at neuron 
behaviour and modeling in Section 5.4 and Section 5.5 
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3.4.2 Pulsatile Stimulation 

In pulsatile stimulation, the information is delivered to the electrodes using a set of narrow 
biphasic[40] pulses9. In some devices, the amplitudes of these pulses are extracted from the 
envelopes of the filtered waveforms (Figure 3.2). The advantage of this type of stimulation 
is that the pulses can be delivered in a non-overlapping, non-simultaneous fashion, thereby 
minimizing channel interactions. The injected charge is given simply by 

q = i.t 	 (3.2) 

By using pulses it is easier to control the charge that is injected by varying either the 
amplitude of the pulse or the pulse duration. As expected, the amplitude of the stimulus 
required to initiate an action potential is larger for shorter duration pulses. Experimental 
data justifies the validity of the following mathematical expression [41][42] 

Ith = 1 — exp[—t17-] 

where ./R  is the rheobase current19, t is the pulse duration, and T is a time constant 
of the excited neuron or axon. In order to minimise power consumption given a fixed 
implant supply voltage, from Eqn. 3.3 one can easily see that the minimum amount of 
charge required to initiate an action potential is 

IR.t 
Qty =  	 (3.4) 1 — exp[—t/T] 

This is illustrated graphically in Fig. 3.9. Clearly, narrow high amplitude current pulses 
tend to use up less of the battery's charge than wide, low amplitude pulses. 

The rate at which these pulses are delivered to the electrodes, i.e., the pulse rate, has 
been found to affect speech recognition performance [26]. High pulse rates tend to yield 
better performance than low pulse rates. 

A better understanding on the form of this equation can be obtained by analysing the 
Hodgkin and Huxley Neuron equations and the effect of stimuli on the dimensionless state 
variables, in Chapter 5. 

9The least damaging waveforms are those with no net dc current, and which do not inject enough charge 
during a phase to produce irreversible reactions that can lead to the production of H2, 02  and C/2 . 

10The minimum electrical current strength needed to excite a given tissue when the stimulus duration is 
very long. 

IR (3.3) 
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Qth 

Pulse duration 

Figure 3.9: The charge needed to initiate an action potential is a function of the stimulus 
width 

3.5 Electrode Design 

The design of electrodes for cochlear prosthesis has been the focus of research for over two 
decades [43][44] . Some of the issues associated with electrode design are: 

• Electrode position 

• Number of electrodes and spacing of contacts 

• Electrode Configuration / current directivity 

3.5.1 Electrode position 

Electrodes may be placed near the round window of the cochlea (extracochlear), or in the 
scala tympani (intracochlear) or on the surface of the cochlear nucleus. Most commonly, 
the electrodes are placed in the scala tympani because it brings the electrodes in close 
proximity with auditory neurons which lie along the length of the cochlea. This electrode 
placement is preferred because it preserves the "place" mechanism used in a normal cochlea 
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for coding frequencies. That is, auditory neurons that are "tuned" for high frequencies are 
stimulated whenever the electrodes near the base are stimulated, whereas auditory neurons 
that are "tuned" for low frequencies are stimulated whenever the electrodes near the apex 
are stimulated. In most cases, the electrode arrays can be inserted in the scala tympani to 
depths of 22-30 mm within the cochlea. 

3.5.2 Number of electrodes and spacing of contacts 

The number of electrodes as well as the spacing between the electrodes affects the place 
resolution for coding frequencies. In principle, the larger the number of electrodes, the 
finer the place resolution for coding frequencies, however, data from studies manipulating 
the number of channels and electrodes used with the 22 electrode implant indicate that 
addition of channels beyond 4-6 does not increase speech reception scores [45] [46] given 
currently used electrode designs. Two factors currently constrain the effectiveness of having 
a greater number of electrodes. These are: 

1. number of surviving auditory neurons that can be stimulated at a particular site in 
the cochlea 

2. spread of excitation associated with electrical stimulation 

Unfortunately, there is not much that can be done about the first problem, because it 
depends on the etiology of deafness. Ideally, we would like to have surviving auditory 
neurons lying along the length of the cochlea. Such a neuron survival pattern would support 
a good frequency representation through the use of multiple electrodes, each stimulating a 
different site in the cochlea. In a situation where the number of surviving auditory neurons 
is restricted to a small area in the cochlea situation, a few electrodes implanted near that 
area would be as good as 100 electrodes distributed all along the cochlea. So, using a large 
number of electrodes will not necessarily result in better performance, because frequency 
coding is constrained by the number of surviving auditory neurons that can be stimulated. 

The second problem is being tackled by new electrode designs that bring the electrodes 
closer towards the excitable tissue and that use insulating partitions between the electrodes 
to reduce spread. 
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3.5.3 Electrode Configuration / current directivity 

Frequency coding is constrained by the spread of excitation caused by electrical stimulation. 
When electric current is injected to the cochlea, it tends to spread out symmetrically from 
the source. As a result, the current stimulus does not stimulate just a single (isolated) 
site of auditory neurons, but several. Such a spread in excitation is most prominent in 
monopolar electrode configuration. In this configuration, the active electrode is located far 
from the reference electrode, which acts as a common ground for all electrodes. The spread 
of excitation can be reduced to a degree by using a bipolar electrode configuration. In the 
bipolar configuration, the active and the reference (ground) electrodes are placed close to 
each other. Bipolar electrodes have been shown to produce a more localized stimulation than 
monopolar electrodes [47] [48] but it is still not clear which of the two electrode configurations 
will result in better performance for a particular patient, due to the variability of surviving 
neurons. Other problems that have been seen with bipolar stimulation is that large currents 
have to be used to achieve stimulation due to the large shunting currents between closely 
spaced return electrode paths [11]. Recently animal experiments backed by theoretical 
expectations show that tripolar electrode arrangements give even higher stimulated neuron 
selectivity and also provide the ability to focus the stimulation in a particular direction [49]. 

3.6 Other issues 

Various other aspects, critical for the success of a cochlear implant, involve more practical 
aspects such as - the selection of cochlear implant candidates, surgery, speech processor 
adjustments, rehabilitation and assessment techniques. As these are beyond the scope of 
this thesis I will refer the reader to reference [50] that has been written by some of the top 
experts in the field and contains related information. 

3.7 Summary 

This chapter gives a brief introduction to cochlear implants. It is shown that from an en-
gineering perspective that the human hearing system is quite an elaborate combination of 
mechanical, chemical and electric components, which preprocess and organises information 
before sending impulses to the brain. Various cochlear implant signal processing strategies 
are presented, some designed to mimic the functioning of a healthy cochlear and others to 
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provide an adequate amount of speech information to distinguish between different words. 
The spectral strategies have been shown to prevail over the speech feature extraction strate-
gies. Various implant sub-components that have a high impact of the efficacy of the system 
are also presented, e.g. electrode and stimulus issues. 
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Chapter 4 

A Fully Implantable Cochlear 
Prosthesis System 

4.1 Introduction 

This chapter presents a ultra low power chip solution towards a fully implantable cochlear 
prosthesis'. The recent viability of such a prosthesis can be attributed to novel electrode 
designs with much reduced stimulation currents. In addition the processing strategies have 
matured sufficiently so as to make complete reprogramability, as in current microprossesor 
based systems, unnecessary. The benefits of a fully implantable system are: 

• Aesthetic factors - A totally concealed cochlear prosthesis can bring significant im-
provements in self-confidence and third-party attitudes, as has been witnessed with 
`in-the-canal' hearing aids. Blending in, within mainstream educational institutions, 
becomes significantly easier for children. 

• Practical limitations - A totally implanted system will allow the recipients to engage in 
activities they were otherwise unable to do, whilst maintaining hearing. For example, 
with a conventional system, to go swimming the external processor has to be removed. 

• Improved Perception - By having the microphone implanted in the canal the patient 
can make use of the directional amplification provided by the external pinna, whilst 
also reducing noise from wind, an effect observed from 'in-the-canal' hearing aids. 

'Financial assistance by Epic Biosonics Inc, Canada, is gratefully acknowledged, as well as their input 
on electrodes and packaging technology 
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The removal of the data rate restriction between implanted and external processor 
allows a higher temporal resolution to be available without compromising the number 
of active channels. 

The architecture of the proposed cochlear implant system is shown in Fig. 4.1. The 
only part of the system that is not implanted is the 'Implant programmer or charger'. The 
components that are shaded are to be encapsulated in the main hermatically sealed platinum 
case. Within this case there is to be another sealed case (with vertical and horizontal cross-
hatching) containing the Lithium ion battery and its associated power recovery, battery 
charging and power management circuits. The use of an internal case provides additional 
isolation of the potentially dangerous lithium ion battery whilst the use of a separate chip 
using silicon-on-insulator for the power system circuits ensures: 

• Isolation of noise and possibly high voltage transients from the inductive power re-
covery circuits from the low power signal processing blocks 

• The elimination of latch-up effects associated with full wave rectification on a chip [1] 

• A low leakage high quality switch 

The ultra-low power reference circuits and the system settings circuits obtain power 
(.^: nW) directly from the battery, whereas the relatively high power consuming stimulation 
circuits (P-..1 liW) obtain their power via a power management circuit. When the battery 
is almost run down it turns off the supply to the power hungry circuits and maintains the 
patient settings to avoid being fully discharged. Even if power is completely lost, a power-on 
reset returns the system to a safe state for the patient. The battery is charged by induction 
as it has been proven not to have any side effects and can convey sufficient amounts of data 
and power efficiently. Alternative data and power transfer methods that were ruled out 
were optical[2] and percutaneous links. Percutaneous links are susceptible to infection due 
to a break in the skin whilst optical methods are not as efficient as inductive links and can 
damage the skin when power levels are increased. 

The implant's microphone is a commercially available electret that has been hermatically 
packaged by Epic Biosonics Inc, Canada. This is implanted in the canal and linked with 
the main package via teflon coated platinum cabling. 

The diagonally cross-hatched shaded block represents the main cochlear chip imple-
mented in the AMS 0.8pm HV process. This technology that was chosen to implement the 
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Figure 4.1: An outline of the Imperial College implant architecture. The diagonally cross-
hatched shaded area is a single chip, whilst the vertical/horizontal cross-hatched area rep-
resents a sealed battery with and associated electronic circuitry 
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cochlear chip as it can support voltages of more than 5V if required; The upper supply 
voltage is determined by the proximity of the stimulating electrodes2  to functional neu-
rons, the worst case upper impedance of a patient's cochlea and the maximum comfortable 
stimulation current level. In the event that, in the clinical trials of the electrodes, it is 
found that a 5V compliance is suitable for the stimulation current sources, then the design 
can manufactured on a regular 0.8pm process, hence reducing costs. Alternatively if more 
than 5V is necessary for acceptable stimulation, then the chip will be manufactured on the 
high voltage 0.8pm process after making some minor changes to the stimulation circuits. It 
should be noted that in low volume high profit margin products like the cochlear implant, 
chip manufacturing costs are not as heavily weighted as the quality and reliability of the 
product. Removing a damaged implant is both costly for the health service and significantly 
reduces the chance of a second implant being successful. 

A variation of the above described architecture involves a dual mode system where the 
signal processing can be done either externally or internally. This can be achieved by making 
minor modifications to the totally implantable system such that the data recovery circuits 
can be used to receive stimulation information from an external signal processor. The risks 
associated with a completely implantable system can thus be reduced. The majority of users 
will benefit from not having to wear an external speech processor, whilst patients with few 
surviving neurons and/or surgical complications can benefit from alternative, more flexible, 
stimulation strategies. 

Details of the circuit implementations for a totally implantable system follow. 

4.2 Processing Strategy 

The choice of processor strategy is critical in making a successful, fully implantable, mi-
cropower cochlear implant. In order to have an extremely low power consumption a mainly 
analogue processor is used. Digital systems become more efficient for high dynamic range, 
high precision systems[3][4]3. In cochlear implants precision is not an issue, since there 
are much more serious factors that reduce accuracy, dynamic range and introduce serious 
distortion. These are to do with the electrode/neural interface and have been briefly men-
tioned in Chapter 3. Various studies have shown that the performance of a fast CIS stategy 
and n-of-m strategy provide better results in comparison to other strategies[5][6], especially 

2These are currently under development by Epic Biosonics Inc, Canada 
3For speech perception the SNR can be very low. Speech can be understood with a mere 5dB SNR 
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in noisy environments. The superiority of multi-channel processing over single channel pro-
cessors is undisputed [7]. Hence the system under development has adopted a high rate 
CIS strategy. The system also has the capability to retain information in the bands with 
stronger signals and to cut out the weaker bands in a method that vaguely resembles and 
n-of-m strategy. This may enhance patient hearing in environments with background noise. 

The audio signal is picked up by a microphone implanted under the skin in the ear canal 
and transduced into an electrical signal. The microphone output voltage signal is input to a 
tunable gain transconductor. The input sensitivity can either be adjusted manually by the 
patient or by an automatic gain control circuit, when selected. The AGC circuit maintains 
the largest of the most prominent sounds (ranging from 30dB SPL to 90dB SPL) within the 
dynamic range of the filters. A bank of logarithmically distributed log-domain bandpass 
filters separate the signal into its constituent frequencies. These filters are collectively tuned 
by the bias current so as to be able to compensate for inadequate electrode insertion, hence 
still mapping the most useful speech frequencies onto the available electrodes. A combined 
current limiter / full wave rectifier block is placed in each channel at this point. The current 
limiting is necessary in order to cut off large transients that are too fast for the AGC stage to 
limit, hence protecting the patient from uncomfortably loud signals. The full wave rectifier 
is necessary for extracting the power in a particular audio band. A combined low-pass filter-
compressor-current amplifier stage follows. This smoothes out the fully rectified signal and 
compresses it such that uniform increments in sound levels are perceived accordingly by the 
patient. In addition it also amplifies the signal from nano-Amp current levels to micro-Amp 
levels, needed for electrical stimulation. A gain control and threshold adjust stage then map 
the dynamic range of each individual channel to give comfortable hearing levels for each 
particular frequency. Finally the stimulation current is put into a biphasic, non-overlapping 
pulsatile form and delivered to the electrodes. The whole system is powered by an implanted 
rechargable battery which is charged from outside the body by induction. The induction 
power link is also used to digitally tune the system and specify the various system settings. 
A more detailed description of the individual blocks will follow. 

Travelling Wave Versus Bandpass Filter 

The chosen architecture was kept as close a possible to existing proven cochlear implant 
architectures, despite much work being done on creating 'electronic' cochleas following a 
biomimetic approach [8][9][10][11][12][13][14][15]. In the biomimetic approach, travelling 
wave filtering is adopted, in which logarithmically distributed lowpass filters are placed in 
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series and extract information from a particular band by subtracting the output of one low 
pass filter from the output of the previous one, much like happens in a real cochlea [16]. 
However this kind of serial processing can suffer from various drawbacks such as: 

• noise accumulation - noise picked up at the beginning of the cascade gets added to 
subsequent noise further down the filter series. 

• process variation sensitivity - due to the compounding of gains, a small deviation 
of the filter gains can lead to a very large change in the overall composite transfer 
function. eg  for a 16 channel system and a 10% variation which is reasonable in weakly 
inverted devices gives 1.116  = 4.6 whilst 0.916  = 0.2 almost 30dB difference in power. 

• low robustness - a bank of bandpass filters more robust. If a critical fault occurs in 
one of the filters the rest of the filters remain unaffected and the faulty channel can 
be easily shut down without affecting other frequency bands. 

Some of these issues have been overcome in the traveling wave approach by introducing 
local feedback mechanisms in each individual stage, in conjunction with using a global 
reference through out each stage[10]. In addition it was shown that the noise accumulation 
can be limited by the exponentially tapering the filter time constants; nevertheless it is 
a more noisy architecture and a logarithmic frequency distribution may not always be to 
the patients advantage, as it has been shown that in some cases the use of linearly spaced 
low frequency bands [17] in cochlear implants can be more effective. However reliability 
limitations still remain the most significant problem of the cascaded structure and hence is 
avoided in this design. 

The greatest objection to using the traveling wave structures in a totally implantable 
system is that these have yet to be proven, in clinical environment using an external signal 
processor. 

4.3 The Analog Signal Processing (ASP) Circuits 

The analog signal processing block (Referring to Fig. 4.1) is the main area of power saving 
over digital speech processors. Fig 4.2 illustrates the constituent functional sub-blocks that 
have been designed and implemented in this system. 
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Figure 4.2: Signal Processing For A Single Channel 
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4.3.1 Microphone Characteristics 

A commercially available Knowles FG-3329 electret microphone was hermatically sealed by 
Epic Biosonics Inc. within a titanium case, such that the acoustic properties were minimally 
affected. After various implantation sites being considered and tested en vitro, the canal 
was chosen for the microphone implantation since it provided : 

• protection of the thin microphone membrane 

• sound amplification caused by the pinna (almost 20dB) 

• a significant reduction in wind noises 

• listening directivity helping to reduce background noise4  

• compatibility with a standard telephone 

As the microphone contains active components it typically consumes about 24pil from 
a 1.1 V reference supply, generated on the main chip. Although this seems power hungry in 
comparison to the rest of the signal processing circuits, it is reasonably low for a commer-
cially available microphone. At 2.5mm in diameter, this microphone is minimally invasive. 
Mems based microphones have the potential to reduce power consumption and size even 
further, but are not currently commercially available or proven to be reliable enough for 
long term implantation. 

In order to give an idea of the dB SPL5  scale, 0dB SPL is the quietest sound a human 
ear can normally hear whilst 1dB is the smallest change in level that the human ear can 
detect. Speech conversation is about 60dB SPL and a jackhammer's level is about 120dB 
SPL (More typical sounds and SPLs are listed in Table 4.1) . The input referred noise level 
of the microphone is typically 27dB SPL (10pV), so the input referred noise floor of the 
circuits is aimed to be down at these levels. The sensitivity of this particular microphone 
is -52 dB relative to 1V per 0.1Pai2-' (The typical sound intensity 12 inches away from 
someone speaking is 0.1 Pascal or 74 dB SPL). In terms of electrical voltage this translates 

-52 
to a rze, 10"(T• = 2.5mV signal that may be further attenuated after implantation of the 
microphone under the skin, but no more than 20dB [19], however, the amplification provided 
by the external pinna compensates for most of this loss. 

4Recent studies show that bilateral cochlear implantation provides significant improvement in speech [18] 
5The term dB SPL is the measurement of Sound Pressure Level (SPL), which is the force that acoustical 

sound waves apply to air particles 
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Vsig (V+) 	 Vdc(V-) 

Figure 4.3: A simplified microphone model and low-frequency low-pass filter used to drive 
differential transconductor 

The front end transconductor has a differential input. One input is driven directly from 
the microphone output whilst the other is held at the appropriate dc level. As the dc output 
of the microphone 	0.5V) varies from device to device and with supply voltage, the de 
level is obtained by low pass filtering (Fig 4.3); this method provides suppression of low 
frequencies, eg. mains frequency and its harmonics, provided that the corner frequency 
of the filter is set appropriately6. Due to the large time constant required, the resistor 
and capacitor are placed off-chip. Examining Fig. 4.3, the microphone output impedance is 
about 4th, whilst the cut-off frequency of the filter is set at about 180Hz hence RC = 271180 
The alternative would be to ac-couple the microphone to the input stage but this would 
require the same number of external components, whilst also requiring additional active 
on-chip biasing circuits for the front end transconductor, thus consuming more chip area as 
well as introducing more noise to the system input. 

4.3.2 The front-end transconductor 

The function of the front-end transconductor is to tranform the voltage signal of the mi-
crophone in to a current mode signal. By providing an adjustable transconductance at 

6A flat response minus a low-pass response gives a high-pass characteristic 
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Table 4.1: Common Sound Pressure levels [20] 

Sound Source 	 dB SPL 

Saturn Rocket 	 194 
Ram jet 	 160 

Propeller aircraft 	 140 
Threshold of pain 	 135 

Riveter 	 120 
Heavy truck 	 100 

Noisy office / Heavy traffic 	80 
Conversational speech 	60 

Private office 	 50 
Quiet Residence 	 40 
Recording Studio 	 30 
Leaves Rustling 	 20 

Hearing threshold (good ears) 7 	10 
Hearing threshold (excellent ears) 8  

the front-end, the automatic gain control circuit can fit the incoming audio signal as well 
as possible into the system's dynamic range and thereby improve the patient's perceptual 
range. The system has two independent front end transconductors, which each drive a bank 
of eight, logarithmically spaced9, log-domain filters. The system is split into the two differ-
ent bias schemes as a method of pre-emphasis and dynamic range extension of the higher 
frequency bands. In speech, the higher frequency bands (consonants) contain less power 
than the lower frequencies (vowels). The frequency divide between vowels and consonants 
is generally considered to be at about 1.2kHz [17]. Therefore the higher bias currents on 
the upper filter bank give better signal-to-noise ratios than the lower filter bank. The log-
domain filters require the ac speech carrying signal to be mounted on a dc reference bias 
current i.e. 10nA for the lower frequencies filter-bank and 50nA for the higher frequencies 
filter-bank. A first attempt at the front end transconductor is shown in Fig. 4.4. 

All the FET's are biased to operate in the weak inversion region, in preference to the 
strong inversion region, because of the higher transconductance to bias-current ratio. The 

9300Hz 365Hz 450Hz 565Hz 707Hz 840Hz 1kHz 1.26kHz and 1.58kHz 1.95kHz 2.3kHz 2.81kHz 3.5kHz 
4.26kHz 5.12kHz 6.3kHz 
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Figure 4.4: The microphone input stage with variable ac gain but maintaining constant dc 
bias current 

basis of the front-end transconductor is a differential pair, M1  — M2 . Given that the pair's 
tail current is of value hail, the current drawn through M5  and M6  is 1-k" + Le , where 
Iae  comprises a current signal representing the acoustical information. This signal is also 
mirrored to node B. The transconductance gain of the differential amplifier is determined 
by the tail current 	. In turn, the tail current is determined by a variable current source, 
/gain, that in turn is controlled by an automatic gain control circuit (not shown in Fig. 4.4) 
or by manual settings chosen by the user. Two copies of the variable current, /gain , are 
made by current mirror M9  — Mid ; these copies of are of value IT' since M12  — M14  are of 
equal dimensions. One of the copies is directed towards node A where, by Kirchoff's current 
law, the current flowing into mirror M17  — M20 is  _gain — IFilterbias• Summing the currents 
at node B gives, 

/gain + 	— /gain IFilterbias = 	+ IFilterbias 	 (4.1) 

Thus the voltage to current conversion stage provides variable-ac-gain (via adjustment of the 
current Igain ) together with a fixed dc-bias. The current Ibias+Iac generated by the voltage 
to current conversion stage is copied into eight signals, and fed into the eight bandpass filters 
(the filter stage), representative of different frequency bands. 

A simulation of the microphone input stage cascaded with the bandpass filter and swept 
with the various gains is shown in Fig. 4.5. The scale shows ac nano amperes produced at 
the output of the filter, per millivolt input signal, from the microphone. As expected the Q 
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remains constant whilst the gain is varied, since the dc bias is maintained. Although this 
circuit performed as intended for standard ac, dc, and transient simulations, and passed 
monte carlo tests for process variations at low gain currents, a problem was found at high 
gain bias currents due to excessive mismatch. For the NMOS devices used and biased in 
the subthreshold regime, (0.8pm process), the drain current matching is described by, 

Q  (
AID  ) 39%pm 
— = 	 (4.2) 
ID .04/ 

To get a rough feel of what this means in practice, assuming just lOpm/lOpm devicesl°  
in Fig. 4.4, assuming that each matched pair introduces 3.9% error in the current in the 
path of the gain current from Mn round to node B, and from M,0  round to node B, the 
standard deviation of the offset is very approximately 

(4 x 3.9%) 2!1 
	 2 + 3.9% x (3.9% x 	+ 3.9% x 'bias)  P.-% 30% 2

21  
 

+ 15%Ibias 	(4.3) 

so if Igain  = 10nA and /bias  = 10nA the expected standard deviation is 4.5nA about a 10nA 
mean. The filters are designed to cope with a de bias of 10nA+5nA without significantly 
altering their characteristics. Taking two standard deviations" gives current deviations of 
90%. Therefore devices must be sized more than lOpm/lOpm. The more current mirrors 
in a particular signal path, the more important it is to make those the devices larger, as 
uncorrelated standard deviations are additive. However, if /lit = 160nA and /bias  = 10nA 
the expected offset standard deviation is about 50nA on a 10nA mean. Clearly this circuit 
would not work by just resizing components as they would reach impractical dimensions. 

An alternative circuit was obtained by simply looking for ways of reducing the number 
of current mirrors, leading to a more familiar circuit that is shown in Fig. 4.6. More PMOS 
devices are used since these contribute less noise and have better matching properties i.e. 
33%pm as opposed to 39%pm. In addition there is no need to use a level shifter to drive the 
input; the microphone's output dc level is around 0.5V, so the previous circuit needed a level 
shifter in series with the microphone to provide the Vdsat  + Vg, required to keep the input 
devices in saturation. In this case the input de level can drop as low as one Vdsat  125mV 
for subthreshold devices. In the simplified transconductor circuit care was taken to keep 
the sizes of all the current mirrors carrying relatively 'high currents' i.e. up to 200nA, such 
that the offset at maximum gain is less than 5nA. The resulting gate dimensions in microns 
were: Ml-M4  = 80/60, M5-M6  = 240/5, M7-M9  = 50/120 and M,0-M22  = 10/10 giving 

'°Each device contributing 3.9% standard deviation for a Normal distribution 
ii• Le to cover 95.5% of the population 
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Figure 4.5: Simulation of combined input stage and bandpass filter, with various input 
amplifier gains 
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Figure 4.6: A simplified version of the previous input stage 

roughly 
Cr(Io f f set) PZI 2.4%Igain 	7.8%Ibias 	 (4.4) 

so if Igain  = 10nA and /bias  = 10nA the expected standard deviation is about lnA on a 
10nA mean. At full input sensitivity for filters 1-8, i.e when hail = 160nA and /bias  = 10nA, 
the expected offset standard deviation is about 4.6nA on a 10nA mean, meaning that at least 
68% of the manufactured chips will be functioning within specifications. The remainder 
of the chips may not be able to get such a high input sensitivity. Working backwards 
using Eqn. 2.32, 95% of the chips can drive their Igain  to 72nA. The above are only rough 
estimates12. 

The simulated mismatch and process variations are shown in Fig 4.7. The variations 
predicted in the calculations above turn out to be more pessimistic than the monte carlo 
analysis that gives about 500pA standard deviation for Igain  = 10nA, /bias  = 10nA and 
1.5nA for /tail = 160nA, /bias  = 10nA 13. So according to the simulator over 99.7% of 
the chips will work within specifications at full gain. In addition it is expected that the 
lower frequency filter bank should rarely need much more /gain  than 160nA, since most of 
the speech power is found in the low bands. Similarly for the higher frequency bands i.e. 

'The monte carlo mismatch simulation model takes bias region, area and device periphery into account 
13It was found that this discrepancy was because the "39%" in Eqn 4.2 was extracted by the foundry 

by measuring threshold voltage mismatch. The simulators mismatch model parameters are extracted from 
fitting the model to measured data for each device o (L12 ). The current measurement turns out to be 
more accurate. In the simulator a value of "22%" is used. 
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Table 4.2: Final input stage output offset characteristics 

Ibias 'gain  Estimated(u, a) Simulated (pc, a) Measured (u, a) 

10nA 10nA (10nA,1nA) (10.2nA,0.5nA) (9.75nA,0.62nA) 

10nA 160nA (l0nA,4.6nA) (10.8nA,1.5nA) (10.34nA,1.27nA) 

50nA 50nA (50nA,5.1nA) (50.8nA,2.3nA) (49.38nA,2.90nA) 

50nA 200nA (50nA,8.7nA) (51.3nA,2.7nA) (50.3nA,3.28nA) 

Igain = 200nA and /bias  = 50nA, the hand calculated expected offset standard deviation is 
about 8.7nA on a 50nA mean. This reveals that more than 99.7% of the chips manufactured 
can drive the input stage up to 200nA, since the filters can tolerate up to 50% input offset 
deviation. On performing a monte carlo analysis, the simulator once again predicts a more 
optimistic value. A comparison of the output offset current characteristics at the upper and 
lower operating margins of the input stage, biased for either filter-bank, are illustrated in 
Table 4.2. The measured results were obtained from the 10 packaged engineering samples 
from a multi-project wafer run. The formula used to calculate the standard deviation was, 

E  x2 - (E x)2  
n2  

The simulated and measure values are very close together, even though relatively few sam- 
ples were taken. 

In addition to matching considerations, the device sizes used at the input stage also 
influence noise and frequency response, both of which also vary depending on the input 
stage gain settings. An AC analysis parametric sweep of /gain  is shown in Fig. 4.8; during 
loud sounds, /gain  of the input stage is reduced to it's minimum i.e. 10nA, for the 10nA 
biased filter-bank. In this case the -3dB bandwidth of the input stage is about 3kHz (the 
highest bandpass filter is centered 1.26kHz). The output referred RMS noise between 300Hz 
and 3kHz was simulated to be 8pA that corresponds to 62µV at the input. Similarly with 
Ibias=lOnA and Igain=160nA, the output referred RMS noise (300Hz-3kHz) is 21pA that 
corresponds to 12.7 pV at the input14. Both of these noise levels are considered satisfactory 
for the application, since for quiet sound environments, the input referred noise is of the same 

14The microphone output referred RMS noise (300Hz-3kHz) is about 11pV. 

v = (4.5) 
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Figure 4.7: Simulated monte carlo analysis histograms of the dc offset at maximum and 
minimum gain for a 10nA bias 

magnitude as the noise generated by the microphone (This corresponds to roughly 30dB 
SPL which is the typical ambient noise in a recording studio). In loud sound environments 
the input referred noise is small compared to the incoming voltage signal generated by the 
microphone. The output referred current noise level contributed by the input stage to the 
input of the filters is at least 42dB below the maximum input signal of the 10nA biased 
filters. 

Similarly the bandwidth at 50nA bias with minimum /gain  ( = 50nA) is 9kHz, whereas 
the highest filter of the upper filter-bank is centered at 6.3kHz. The output referred 
RMS noise with Ibias=50nA and Igain=50nA between 300Hz and 10kHz was simulated 
to be 33pA. That corresponds to 58AV at the input. Similarly with Ibias=50nA and 
Igain=200nA, the output referred RMS noise (300Hz-10kHz) is 47pA that corresponds to 
24 itV at the input15 . The current noise level contributed by the input stage to the input 
of the filters is at least 48dB below the maximum input signal. The bandwidth of the input 
stage at a maximum /gain  of 200nA is 18kHz. It is easily shown that the transconductance 
(see Appendix A) is given by 

/gain  gm = 	 (4.6) 
2r/Ot 

therefore taking the subthreshold parameter n to be 1.5 at /gain  = 10nA gives 129nA/V 
or 129pA/mV which is reasonably close to the simulated value. As Igain  increases and 

15The microphone output referred RMS noise (300Hz-10kHz) is about 14pV. 
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Figure 4.8: The transconductance of input stage (in nA/mV) at different gain currents. 

exits the subthreshold operating region so does the effective value of n, such that the 
transconductance to current ratio is not as high as in deep subthreshold. This is reflected 
in Fig. 4.8. 

It should be noted that in this system stationary noise generated from constant bias 
currents can be eliminated in a later part of the system; the system's main requirement is 
to detect power in a particular audio band and then use this to stimulate above a patients 
threshold of hearing. If the rms noise power is consistent and is roughly extracted by the 
full wave rectifier and low pass filter then this can be subtracted from what the patients 
native stimulation threshold pulse. i.e. the threshold pulse is set such that in a very quiet 
environment no sound is perceived by the patient. 

THD figures for the input stage are shown in Table 4.3. The distortion is evaluated at 
the minimum and maximum gain currents for each of the 10nA biased and 50nA biased 
input stages. The input voltage signal is set so as to 100% modulate the following filters; 
The performance is reasonable in all cases, considering the application. This is discussed 
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Table 4.3: Input stage THD at maximum filter input signal levels (1kHz) 

'bias 'gain Vin  at max Simulated THD Measured THD 

10nA 10nA 17mV 2.6% 3.9% 

10nA 160nA 1.24mV 0.23% 1.5% 

50nA 50nA 9mV 0.3% 2.2% 

50nA 200nA 2.5mV 0.11% 0.9% 

further at the end of section 4.3.3. The worst performance is obtained for a 10nA bias and 
10nA gain current. This situation is rarely encountered. A 17mV signal will be output 
from the microphone when it is subjected to 91dB SPL which is roughly equivalent to the 
noise emitted by heavy truck's engine. In such a situation 2.6% THD will not be too much 
of a problem! The measured THD is quite a bit higher than the simulated values, however 
these figures are known to be an overestimate as distortion introduced by the pico-ammeter 
and amplifier used have not been taken into account. See appendix C for these circuits. 
Measured figures for combined input stage and filter distortion are given later. 

4.3.3 The Filter 

Background 

The filter used in this system is a derivative of one of the early log-domain filters [21]. Log-
domain filters [22] [23] [24] [25] are externally linear whilst the internal processing functions 
are non-linear. Benefits of such methodologies are that, the circuits are not limited to 
small signal operation, they generally have fewer constituent elements and can push a 
particular technology further in terms of frequency and in terms of lower voltage. It is also 
common to have independent control of filter characteristics such as Q and fo by adjusting 
a particular bias current. When log-domain filters were originally conceived they were 
designed for high-frequency applications and hence relatively high power use, however with 
the exploitation of the subthreshold exponential characteristics [26] [27] for low power, these 
techniques were extended to audio frequency applications where extremely low power filters 
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were required [27] [28] [29] [30]. However, problems have been found in low frequency, weak-
inversion implementations of log-domain filters [29] [30]. These are related to the presence 
of multiple dc operating points in the cmos implementations, that were not present in the 
bipolar versions. A method of tackling the problem of multiple operating points is addressed 
later in this section. 

Description 

The log-domain filter used in the cochlear implant was originally designed with bipolar 
devices by Frey [21] by using a state space description of a second order bandpass filter i.e. 

= -Vx1 -wox2 + woui 	 (4.7) 

	

th2 = 	LL/Othl 	—CAJOU2 	 (4.8) 

	

y = 	xl 	 (4.9) 

where ui and u2  are inputs, xi and x2  are state variables and y is the output. The 
transfer function of this system can be shown, using Laplace transforms, to be: 

Loos  Hi(s) = Y  = 
ui 	s2 + CA )0S/Q w02 (U2 

 = 0) (4.10) 

By using exponential mappings of the state variables, the inputs and outputs, one 
can obtain the following equations for implementing the equations using weakly inverted 
subthreshold devices [29] 16. 

C21:72 = 

= 

la 
- 

T, ,,,„, (1711,7 1  	71 	vi-V2  ) 
Q 	'DO '—̀-'.1" 	not  ) + / Doexp (-I— nch 

-PDoexp (1 nOt7f)  + IDO' 	IE 
n
L-yiL2 ) 

	

exP 	Ot ) 
Vdd—V1'  

	

i 	 \ 
DoexP ( no, ) 

Where .P.Do  = iimo (from Eqn 2.25), V1  and V2 are the voltages on capacitors C1  and 
C2, whilst 	lq are dc level shifted copies of Vi and V2, V01 is the logarithmically 
compressed voltage generated from the current mode input signal (dc level shifted), V02 is 
effectively a bias voltage 17  and Jo is the nominal constant bias current. The voltages and 

I6The simplified drain-source current verses gate-source voltage expression is used i.e. Eqn. 2.25 . 
17This can also be the compressed input for usage of the filter as a second order lowpass filter 
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corresponding circuit to implement the system consisting of equations 4.11, 4.12, 4.13 are 
shown in Fig 4.9. Given all devices are identically sized (lOttmx1Opm), all currents are set 
to value /0  = 10nA except that of M2  , which is set to Io  + Io /Q; This determines the Q of 
the filter. The ac signal input current is superimposed on the h of M3  whilst the output 
signal current is superimposed on the /o of M27. The center frequency of each filter is given 
by: 

Jo  
fo = 2irncbtC 

(4.14) 

where n is the subthreshold slope factor and cbt  is the thermal voltage. Temperature 
sensitivity is not much of an issue in low power implants as they are in a constant tem-
perature environment. However, if robustness to temperature drifts is required then, from 
Eqn 4.14, it is seen that the center frequency is inversely proportional to temperature (The 

). thermal voltage qt = _keT By ensuring that the current sources are driven from a PTAT 
reference source, the sensitivity to temperature can be virtually eliminated. 

On a more intuitive description of the operation of the filter, the bottom left cell (in 
Fig.4.9) combines an input current to voltage compressor and an E+ cell. The input ac 
current signal is mounted on a dc bias via transistor M3. This current is compressed 
logarithmically into a voltage via M12. M20 and M1  just level shift the compressed signal 
to the gate of M21  . M24  closes a negative feedback loop with M7, M12,  M20  to keep all 
devices in saturation and to fix the dc operating point. M2, carrying Io + /0/Q, provides 
the bias current for the level shifter M22  i.e. Io as well as controlling the Q of the band pass 
filter with Io/Q; the Q is determined by the degree of surplus +ve output conductance of 
M21  with respect to the the -ye output conductance of M17. The E—  cell's core transistor 
is M17. The negative feedback loop M16,  M13 and M9  ensures that M17's source voltage 
v'1  is a level shifted copy of vi. The same can be said about the other E—  cell, where M19  
is the core exponential generating cell. M17's gate provides the coupling between the two 
integrators as when V2  goes up this causes Vi to go down. M27  produces the filter output 
current by expanding a level shifted copy of vi. The bias circuit generates v02. M22 is 
another level shifter that generates 4. M23  is a simple E+ cell. 

The circuit is implemented using solely PMOS devices, apart from a few NMOS bias 
current sinks that don't require exponential operation. The advantages of using PMOS 
devices are: 
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Figure 4.9: Schematic of bandpass filter with multiple operating points (All devices sized 
at lOpm x 10pm) 

• Twin tub devices are not needed to isolate the bulk of each device so that Vbs=O to 
get a good quality exponential. Although the 0.8pm technology supports twin tub 
devices, these are very large due to numerous substrate contacts to prevent latchup. 

• There is increased immunity to substrate noise as the majority of the FETs are sitting 
in their own well. 

• PMOS devices are less noisy than NMOS devices [31] 

• The PMOS devices have better matching properties18  than their NMOS counterparts. 

The designer of this filter characterised it as useless after the design was tested in silicon, 
as it was found to have multiple states of operation[29]. Quoting Fox: 

A second-order bandpass filter was designed by converting a conventional 
BJT-based log-domain filter circuit to its weak-inversion CMOS equivalent. When 

I8In this particular process 
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biased as designed, the filter performed as expected, but the integrated circuit at 
times self-biased to an unintended operating point, rendering the circuit useless. 

There are two unwanted operating points, one of which is stable and one that is unstable. 
Assuming VD S25 = 0, then the feedback loop M13 — M9  is dysfunctional since M9  is sent 
into the strong inversion triode region. M16  is cut off, whilst M17 is also operating in the 
triode region. The large current cannot be absorbed by M26  and so it exits to ground via 
M21  effectively making the Q of the filter look extremely small by increasing the +ve output 
conductance of the the left E+ cell. As the left E—  is dysfuntional (M16  being cut off and 
M17  in the triode region) this extra +ve output conductance is not compensated by the 
E—  cell. As the gate voltage of M2, is kept fixed at 3V95  from the positive supply and all 
the current flowing from the supply through the two triode devices is absorbed by M21, V1 
rises to less than one Vg, from the positive supply, when it nominally is approximately 2 Vg, 
below. This excess voltage is level shifted to the the gate of M23. The final operating point 
of the circuit will depend on what value V2  is at. If V2  is very low, as happens in start-up 
conditions, M23  is cut off. As this voltage is level shifted by M18  and M19's gate is held at 2 
Vg, below the supply, M19 is also cut off, hence the circuit stays in this undesirable stable19  
operating point i.e. Q.  . If V2  is sufficiently large to just about turn on M19  through the 
level shifter to give currents greater than M23's off state leakage currents, then V2  will start 
climbing and via the gate of M17  will reduce 171  to the nominal operating point. If V2  is 
pushed to above the nominal operating point then M17  is not easily kept in the triode region 
hence causing V, to be reduced and so M23  is not cut off any more. Fig. 4.10 illustrates 
the dynamics of the operating points. These are found by replacing capacitors C1  and C2 
with independent voltage sources V1 and V2, and sweeping every combination of voltages, 
whilst monitoring the currents I1 and 12 flowing through the voltage sources V1 and V2 
respectively. By using the "contour" function in MATLAB one can plot the extrapolated 
zero current contour for 11=0 and for 12=0. Where the two contours meet is an indication 
of a dc operating point; when there is no current driven into the capacitors, the voltages of 
each capacitor will remain at the same level. The direction of the state space trajectories 
can be obtained by using the "quiver" command whose components are determined by I1 
and 12. 

A simple, but novel way of eliminating the unwanted states is by using a comparator2° 

19This is only stable because of leakage currents. Simple device models may fail to predict this operating 
point 

20The comparator used was a simple opamp 
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Figure 4.10: State-space plot showing the filter's uncorrected operating points 

and a single transistor (see Figure 4.11). When V1  exceeds a particular voltage that separates 
the wanted from the unwanted states i.e. one V98  below the supply rail, a PMOS device is 
turned on which drives V2 up and hence V1  down to the desired operating point. Even if V2 

is momentarily driven up to the positive supply rail, as there is no stable state in this region 
and the operating point moves rapidly towards state 'QV. Once below the V1  'threshold' 
the pmos device is turned off and the circuit settles in the desired state.The new state-space 
plot is illustrated in Fig. 4.12 and as predicted has only a single operating point. 

This circuit has been extensively simulated before fabricating. As log domain filters 
are large signal filters, the small signal ac analysis simulator results were verified for large 
signal operation by simulating using transient analysis. Apart from using state-space plots 
to verify a single operating point, the circuit was also tested by specifying initial conditions 
for transient simulations. In a few milliseconds the circuit recovered to its nominal operation 
point. 

As mentioned in Section 4.3.2, the filters are very tolerant to a change in the dc-bias at 
the input. This is illustrated in Fig. 4.13 where a 10nA biased 1kHz filter is subjected to 
a -5nA to a +10nA input offset. The center frequency deviates in the worst case scenario 
by 4% whilst the Q deviates at most by 8%. These are easily within the allowed operating 
specifications for this particular application. Similarly for the same input offset range, 
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Figure 4.13: Simulated effects of de input offset on 10nA biased 1kHz filter. The changes 
on the AC analysis are marginal. 
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Figure 4.14: State-space plot showing a subthreshold-log-domain - bandpass filter's operat-
ing points [32]. It's obvious why this filter was never shown to work in silicon 

tested by using a transient analysis, the output bias ranged between ±0.2% of it's nominal 
value, which is also acceptable. 

The operating point elimination circuit does not affect the normal operation of the 
filter in any way. Although it consumes an extra 10nA of current when the circuit is at 
it's nominal operating point, it always guarantees the correct state of operation. This is 
especially important in implantable devices that cannot be easily explanted. The 'threshold' 
is taken one Vgs below the supply from the de bias portion of the circuit so that the 
correction circuit works even if a different dc bias level is selected for the filter i.e. when 
tuning to a different frequency. 

Fig. 4.14 shows the space-space plot of an alternative[32] subthreshold implementation 
of Frey's [21] log-domain filter. This is also infested with multiple operating points; the 
models used originally by Germanovix et al. had very poor leakage current modelling and 
so the multiple operating points did not appear in the simulations 21, however using a more 
recent design kit for that technology illustrated the problem. As the stable and unstable 
operating points are very close it may be difficult to resolve the problem using the above 
technique. The topology needs to be reviewed so as to ensure the devices are kept in their 

21This was also observed by Fox [29] with PSPICE models 
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Figure 4.15: State-space plot showing the original bipolar implementation of the bandpass 
filter. There is a single operating point 

correct operation region. In contrast, as bipolar devices have a smaller saturation voltage 
and do not have a large ohmic region, filters are less likely to have as many operation points 
as the FET equivalents. Fig. 4.15 illustrates the original bipolar filters state-space diagram. 

Filter Performance in cochlear implants 

Distortion- How good should the filter be in terms of THD? This is not an easy question to 
answer; it has been known for a while that patients improve their performance over time, 
by adaptation and psychophysical augmentation of the information provided by the device 
[33]. This means that probably a reasonable amount of distortion in the system may be 
tolerated without compromising speech understanding significantly. Direct evidence can 
be sourced from single channel systems[34] [35], where speech understanding is possible, 
despite scientific arguments stating that the patient should only be able to distinguish the 
presence or absence of sound. In multi-channel systems, distortion introduced between the 
microphone and the filter banks will have a more significant impact on speech understanding 
than distortion introduced from the filter onwards. Pre-filter distortion will ultimately 
cause spectral power at a particular frequency to spread from it's allocated electrode to 
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another electrode. Even so, if this spectral power is significantly smaller than the patient's 
stimulation threshold then this will not produce audible effects. THD figures for the input 
stage are shown in Table 4.3 an are considered more than adequate for this application. 
Distortion introduced by the filters may not have a significant impact on perception, as this 
will only make minor changes to the stimulation levels output to the particular electrode 
the filter is associated with. This is assuming that only signals in the passband of the filter 
can get power through the filter. Simulated figures for the THD of the filters under various 
conditions are shown in Table 4.4. The best performing filter is obtained at the lowest 
10nA-biased frequency, whilst the worst performing filter is at the highest 50nA-biased 
frequency. Without altering device sizes, as the bias currents get greater the devices start 
to exit the subthreshold region leading to an increase in distortion. Also, for a particular 
bias current as the center frequency is pushed up by reducing the size of the integrating 
capacitors, the effects of the parasitics become more prominent hence reducing the linearity 
of the filters. Improving this performance is likely to be an overkill. Table 4.5 shows some of 
the measured results of the total harmonic distortion of the combined input stage and filters 
at 90% modulation. The worst case figure is around 6%. Fig. 4.16 illustrates the harmonics 
of the input stage with /bias=50nA and igain=50nA combined with the highest frequency 
filter, at 66% modulation; the THD is about 2%. No allowance was made for distortion 
introduced by the feedback ammeter and the following amplifier needed to measure the 
nano-amp current mode signals. Details on these circuits can be found in Appendix C. 

The AGC ensures that no filter will undergo hard clipping that could change the power 
in a particular band significantly. If the AGC is at the limit of it's dynamic range i.e. 
in very loud environments 22  then clipping will become inevitable. Another factor that 
should be taken into consideration when talking about the effects of various degrees of 
distortion is the crude electrode neural interface. As electrode current spreading23  is quite 
common, even with modern electrodes, it is pointless to optimise the filters to have extremely 
low distortion. With current generation Nucleus 22 electrodes, only six different bands at 
any time can be distinguishable. It is assumed that the next generation electrodes will 
improve on this resolution by wrapping closer to the nerves and by increasing the impedance 
between electrodes. Hence given that the the filters are not required to be of the highest 
specifications, and that matching in the subthreshold operation region is relatively poor, a 
differential structure was not considered to be necessary or beneficial. 

2291dB SPL and 85dB SPL for the lower and higher frequency banks respectively 
23This may affect neighbouring neurons or neurons located directly above a particular electrode in the 

rolled up cochlea 
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Table 4.4: Total Harmonic Distortion figures for the end filters on each filterbank 

Ibias Filter no. Frequency Modulation Simulated THD 
Index 

10nA 1 300Hz 50% 0.24% 

10nA 95% 3.7% 

10nA 8 1.25kHz 50% 0.9% 

10nA 95% 3.9% 

50nA 9 1.58kHz 50% 0.67% 

50nA 95% 4.4% 

50nA 16 6.45kHz 50% 1.3% 

50nA 95% 4.9% 

Table 4.5: Measured combined input stage and filter THD at 90% modulation index 

Ibias Igain Filter fo/Hz Measured THD 

10nA 10nA 2 	365 	3.8% 

10nA 10nA 4 	565 	3.9% 

10nA 10nA 8 	1260 	3.8% 

50nA 50nA 9 	1580 	4.2% 

50nA 50nA 12 2810 	4.5% 

50nA 50nA 16 6300 	6% 
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Table 4.6: Dynamic Range of end filters in each filterbank 

16ias Filter no. Frequency Input referred "in-band" 
RMS noise current 

Input DR 

10nA 1 300Hz 2.8pA 57dB 

10nA 8 1.25kHz 5.6pA 51dB 

50nA 9 1.58kHz 13.3pA 58dB 

50nA 16 6.45kHz 28pA 51dB 

H marker 	 b VVU.J., 	HZ 	bb Wir 	PRIPK 

i 

—__ 

101 10 k 
Start: 5 kHz 
	

Stop: 100 kHz 

Figure 4.16: Harmonics of the input stage with /bias=-50nA and /gain=50nA combined with 
the highest frequency filter. At 66% modulation the THD figure is about 2%. 
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Acoustic 	 Filters 

Figure 4.17: Illustration of the dynamic range mapping of the proposed system 

Frequency span - It is well known fact that speech does not lose its intelligibility when 
constrained to a 3500Hz bandwidth, as has been done for a number of years in fixed tele-
phony. This figure has been found to be true for normal hearing, however in a study by 
Lawson et al [36], it was shown that the CIS strategy produced significantly higher scores 
when the upper end of the range was extended to 9500Hz. The most likely reason for this 
improvement is that the higher frequencies contain audio cues that help distinguish between 
the various consonants. As the study didn't involve a significantly large number of patients 
it was decided to extend the frequency range to 6.3kHz so as to keep a larger number of 
electrodes in the most useful frequency bands. In addition, sixteen logarithmically spaced 
frequencies between 300Hz and 6.3kHz allocates an equal number of electrodes above and 
below 1.2kHz, which is considered to be the approximate divide between vowels and con-
sonants, or the divide between higher power frequencies and lower power frequencies. This 
allows better emphasis, hence recognition of consonants. The frequencies of the filters in 
each filter bank were set by keeping the bias current at either 10nA or 50nA and sizing 
the integrating capacitors logarithmically. The main reason for doing this was to keep the 
bias current and signals in the centre of the useful subthreshold operating region24. This 
allowed a fairly similar dynamic range to be achieved for all filters and kept the sizes of the 
capacitors down to practical levels. 

Dynamic range- Commonly, people are able to detect sound pressure levels ranging 

24This ranges between about 100nA and 100 pA for the particular device sizes used. 
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from 0dB to 120dB SPL, however it is not necessary that the filters' electrical dynamic 
range is as large as the natural audio dynamic range. Results from early vocoder studies 
[37] indicated that envelope signals 30dB below the peak signal can be discarded without 
reducing the intelligibility of speech transmitted and reconstructed with a channel vocoder. 
Most cochlear implants have an input dynamic range limited to 30dB although the latest 
Clarion model by Advanced Bionics Corporation has a 60dB range; having a large dynamic 
range is not necessarily advantageous. In strategies such as the N-of-M the N strongest 
signal bands are used whilst the rest of the signals are discarded and so this effectively 
reduces the dynamic range so as to "simplify" the audio information presented to the 
patient. Each of the filters have a slightly different dynamic range. The end filters of each 
filter bank determine the upper and lower limits ( see Table 4.6). The maximum signal was 
taken as that input for 95% modulation of the output, whilst the minimum was taken to 
be in input referred "in-band" rms noise current. By using an AGC circuit or by manually 
adjusting the input sensitivity of the system the most prominent sounds can be mapped 
into the filters dynamic range, which is clearly larger than the minimum 30dB requirement 
for speech intelligibility. Speech typically ranges between 40dB SPL and 80dB SPL [20]. 
Reduction of the dynamic range to help patients distinguish the large signals is possible by 
making use of the cumulative offset removal circuits described later. 

The patients' useful electrical dynamic range is determined by the difference between 
the hearing threshold and the uncomfortable loudness level. Studies [38] [39] [40] show that 
the electrical dynamic range is typically only 10dB at higher stimulation rates. 

Post-implant Tunability- Sometimes it is necessary to collectively shift the filterbanks 
after implantation. This occurs when the cochlear is ossified; over the years bone will grow 
in an unused cochlear. This reduces the depth that an electrode array can be inserted thus 
rendering the higher frequency electrodes useless. In order to get as much benefit as possible 
the centre frequencies of the filters can be collectively shifted by -20% to +50% in order 
to keep the most useful frequency bands allocated to electrodes with neural contact. The 
frequency tuning is done by shifting the bias currents. Fig. 4.18 illustrates the positional 
frequency mapping of a) the electrodes in an unossified cochlea, b) the electrodes in an 
ossified cochlear without shifting the filter frequencies and c) the frequency compensated 
electrodes in an ossified cochlea. 

Manufacturing variation effects- Normal hearing responses vary from person to person 
and so, in a similar way, it does not matter if the frequencies vary slightly from implant 
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Figure 4.18: a) Mapping of electrode frequency to natural frequency position without 
cochlear ossification b) Mapping of electrode frequency to natural frequency position with 
cochlear ossification c) Mapping of compensated electrode frequency to natural frequency 
position with cochlear ossification 
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AC Response 
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Figure 4.19: Simulated combined input stage and filter transfer function with reference to 
1V at the input for a)10nA filterbank with /gain  = 10nA and b)10nA filterbank with 'gain = 

160nA c)50nA filterbank with /gain  = 50nA and d)50nA filterbank with /gain  = 200nA 
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to implant. Fig. 4.20 illustrates the centre frequency variations for the first and the last 
filters of the 10nA filter bank taking into account process variations and mismatch effects. 
A 6% standard deviation is easily acceptable, especially since there is the option of fine 
tuning the center frequencies post-implantation from -20% to +50%. Within the same die 
the filters will track each other in terms of process variations and so the figure given is an 
overestimate. Once again the standard deviation of Q would be considered quite large in 
other applications however in cochlear implants this has not been shown to be an important 
design aspect[19]. The monte-carlo analysis of the 50nA filter bank gave similar results. 

4.3.4 The full wave rectifier and current limiter 

This block receives the bandpass filter signal mounted on the dc bias of the filter. Since the 
filters are single ended structures, in order to perform full wave rectification it is necessary 
that both phases are recovered. Fig 4.23 shows a schematic of the circuit that produces 
a full wave rectified copy of the filtered signal, and hard limits the output current to the 
twice the value of the bias current. The output current /bias  + /„ from the filter is sourced 
to a node A, which is also connected to the input of current mirror (M0  — M I ) and to a 
current source drawing 2/bias•  From K.C.L. it is apparent that the current drawn through 
the current mirror is /bias-  I. The maximum current that can be drawn through this 
branch is limited to 2/bias  given that the output of the filter can only provide unidirectional 
current. Similarly, the current /bias  — /a, is then sourced to node B, which is connected to 
a current source drawing 2/bias  and to the input of current mirror (M2  — M3) which once 
again draws 'bias  + Le. The copied current is passed to node C, where a current source of 
value /bias  is connected in parallel with a current mirror (M5  — M8). As this current source 
is operating in the subthreshold region the saturation voltage is very low, of the order of a 
few tens of mVs. The mirror naturally only reflects the positive phases of +Iac. In other 
words, half wave rectification of the current +Iac  is carried out. A similar operation is 
carried out at node D giving the half-wave rectified positive phases of —Lc. By summing 
the two half wave rectified signals at node E, the full wave rectified audio signal is thus 
recovered. Fig 4.22 shows the simulated effect of a large amplitude 3kHz input signal; the 
upper curve shows a 12nA signal mounted on a 10nA dc bias which could occur if the AGC 
did not respond fast enough. The lower curve shows the current limited rectified signal. 

There are a number of device sizing issues associated with the full-wave rectifier and cur-
rent limiter. On one hand keeping devices small will save area and allow better rectification 
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Figure 4.21: Measured large signal transfer functions of the combined input stage and filters 
for six of the channels, where were fabricated on a separate chip solely for testing purposes. 
Mains interference is seen to be a problem when measuring such low signal levels 
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Transient Response 

Figure 4.22: Full wave current rectifier current limiting simulation 

Figure 4.23: Full wave current rectifier and limiter 
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Peak rectified output current vs ac input current magnitude @ 7kHz 

10° 	 10' 
Input sinusoidal amplitude /nA 

Figure 4.24: Peak rectified output current vs peak ac input current @ 7kHz 

of small signals since there is less charge driven into the channel, whilst on the other hand, 
if the devices are too small then this will lead to unacceptably large mismatch. Mismatch 
will lead to a dc-output in the absence of an ac-signal. The devices that should be small, 
if small signals are to be adequately rectified at the higher frequencies are M5 — M8 and 
M9 — Mi2; these were sized 4,umx4pm. Of course the 'bias  currents should be well matched 
as well as devices M0  — M4 ; these were sized 10pmx10pm. Fig. 4.24 illustrates the linearity 
of the rectifier over a couple of decades at 7kHz. Performance is reduced once the signal 
drops below about 400pA. In the case that the dynamic range is not sufficient the signal 
can be boosted up at the output of the filter before full wave rectifying. 

Full-wave rectification is preferred to half-wave rectification in order to minimise ripple 
and make short transient audio cues such as in consonants more apparent to the listener. 
In practice, a key design parameter is the maximum output error in the absence of an input 
signal that will determine the effective dynamic range of the rectifying process. Such an 
offset is usually generated from a combination of various error sources, such as filter output 
dc offsets, rectifier component mismatch, finite device output resistance etc. Although 
not strictly true, it is assumed that these errors can be lumped together for correction. 
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Figure 4.25: A snapshot of a 1kHz full-wave rectified signal and its inverted form 

M 500ps Chi f —76mV 8 Nov 2002 
17:55:42 



A Fully Implantable Cochlear Prosthesis System 	 105 

Therefore, 5 bits of digitally controlled offset cancellation is built into the system further 
down the signal processing line. 

4.3.5 The combined current amplifier, low-pass filter and compressor 

In a conventional implementation of the CIS strategy, after full wave rectification, comes 
a low pass filter that is then followed by a separate signal compressor that reduces the 
dynamic range to fit to the patients low stimulation range. Classical low-pass filtering at 
such low frequencies of interest either consumes too much area, due to large capacitors or 
too much power when active components are used to make small capacitors look large, using 
the miller effect. In addition, solutions such as envelope detecting each band by using a 
precision current peak detector were also considered and deemed to use too much power as 
well as being more prone to noise effects. In this section a more economical solution, both 
in terms of area and power is presented, that merely uses 3 transistors and a capacitor. 

Description 

In Fig 4.26, if we exclude the current mirror (M1  — M2) that is used for interfacing to the 
full-wave rectifier, with just three transistors and a capacitor the full wave rectified signal 
can be smoothed out, compressed and amplified to stimulation levels. 

The maximum current output of the current-limited full-wave rectifier is set to be the 
Ibi„ of the preceding filter stages. In half of the chip this is 10nA and is fed into a unity 
gain current mirror (M1  — M2), whilst in the other half this is 50nA and is scaled down 
to 10nA using 5:1 simple current mirror (M1  — M2). This was done so as to avoid having 
to use 5 times the capacitance to maintain the same low cut off frequency. Referring to 
Fig. 4.26, at input currents greater than 200pA, the gate voltage of M5 is large enough to 
bias the device in the strong inversion region. The two input devices (M3  — M4) remain in 
subthreshold even at the maximum current of 10nA for all stimulation channels. So whilst 
the inputs range from 0 to 10 nano-Amps, the output ranges from 0 to just under 1p,A. The 
amplification is provided in a compressive manner i.e small inputs are amplified much more 
than the large signals (see dc response in Fig. 4.27). Hence this block provides three signal 
processing functions at very low power. In Fig. 4.27, the ac response illustrates a low cut 
off frequency of just over 300Hz, whilst the dc response illustrates the compressive nature 
of the circuit, in addition to boosting the signal from nano-Amp levels to micro-Amp levels. 
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Figure 4.26: This circuit performs low pass filtering, signal compression and current ampli- 
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Figure 4.27: The DC analysis demonstrates the compression and the amplification of the 
the signal levels whilst the ac analysis demonstrates the low pass filter characteristics 
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Figure 4.28: Full wave current rectifier and low-pass filter transient simulation 
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Analysing the circuit to give a more mathematically orientated intuitive grasp of the 
circuit operation, we have for M5 (assuming strong inversion biasing), 

AC oxW

2L 	 2 Lout = 	(VGS5 VTH)  
(4.15) 

Treating M3 and M4 as a single composite device, consisting of two identically di-
mensioned FETs, gives the following characteristic (assuming biasing in the subthreshold 
region), 
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(4.16) 

(4.17) 

If the rate of growth of the composite device was the same as that of the strongly 
inverted device we would have a simple current mirror, since VGS5 = VGScomposite • From 
the expansion series, it is obvious that the logarithmic compressive function is acting much 
faster than the square law expansion, and the greater the values become, the closer the 
function gets to a logarithmic function. An additional phenomenon that comes into play is 
velocity saturation of the strongly inverted device, in which the square law characteristic will 
become more and more linear as VGs5 increases, such that a true logarithmic relationship 
arises. 

The more accurate single expression characterising the large signal behaviour of the 
circuit is 

(4.18) 

A number of different compression schemes are utilised in cochlear implant processors; it 
is not imperative that these are logarithmic, so it does not matter if the circuit of Fig. 4.26 
does not perform a purely logarithmic compression. A more generalised alternative form of 
compression [7] is: 

2  

1-out  = 	 2nVT1n 	  W3 LL5 	 3,4F 	 VTH 
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Iout = AxP K 	 (4.19) 

Where 0 < p < 1 is a constant that may be used to vary the amount of compression, x 
is a value that is directly proportional to the power in a particular band and K is a constant 
added to bring the stimulus just under the nerves firing threshold. The dc component for 
the proposed cochlear implant system is added in the next processing block. In the current 
system, the amount of compression can be controlled by the number of stacked transis-
tors making up the composite transistor. If another transistor is added to the 'composite 
transistor' then the characterising expression becomes: 

tiCoxW5 
lout in [ (1411-,,,  — VT 

)3nVT 

2  (4.20) = 2L5  
L3,4 	ucomposite 

The designer can use W5 and L5 to rescale the maximum output current back to the 
original level, however one is limited to practical sizes of W and L. 

The ac performance of the circuit is similar to that of a current mirror. Fig. 4.29 illus-
trates a small signal model of the circuit. Most capacitances can be neglected in comparison 
to Cl, except for C9b3 , C9b4  and C9s5. 

To work out the effective small signal resistance to ground at node Vx  assuming that the 
driving current source's output impedance is much larger than the composite transistors 
input impedance we start: 

7  I 1 7Z 	 Iin Vin  = nVTaik  ) -t- nVT &n k , 
io4 

and given that devices M3 and M4 are identical then 

Vrin = 272VT/T/( irja) 
/0  

Hence 
aVin 	1 1 

= 
2nVT 

Rout—composite = _57[7, 2nVT .T 
lo lin  

(4.21) 

(4.22) 

(4.23) 
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Figure 4.29: The small signal model of Fig. 4.26 

At 10nA bias Rout—composite 	10MO,25  and if we are designing for a 350Hz cutoff 
frequency, assuming C1  is much greater than the parasitics then 

Cl = 	 = 
27-Rf 45pF 
	 (4.24) 

The simulated small signal ac response was reasonably close, giving a cutoff frequency 
of 338Hz with a 40pF capacitor. The lower cut off frequency was expected as additional 
parasitic capacitance was not estimated above. The largest of the parasitics i.e. Co and 
Cgs5  was calculated to be about 100fF weakly inverted saturated device and 133fF for 
a strongly inverted device 26  measuring 10,um by 10,um. As the input signal cannot be 
considered a small signal and the input resistance is dependent on the bias current (ranging 
between 0 and 10nA) the cutoff frequency will also vary, ranging between 0 and 350Hz. The 
effect of this on patient sentence understanding has yet to be evaluated. There have been 
studies [41] [42] that compare patient performance with different fixed cut off frequencies. 
Indications show that in general there are insignificant changes in patient understanding 
when the fixed cutoff frequency is varied, as long as the stimulation rates are fairly high 
i.e. above 200 pulses/s/channel (see Fig 4.30). In the proposed system the stimulation rate 
can be varied between 303 and 606 biphasic pulses/s/channel. In other studies it has been 
shown that as the number of channels increase to 8 and above, the cutoff frequency can be 
lowered down to less than 20Hz [43][44] without much loss. Fig. 4.31 shows the measured 
dc characteristics of the the combined low-pass filter, compressor and current amplifier, 
for the 10nA and the 50nA biased chip sections. An argument against using the above 

25The subthreshold parameter was extracted to be just under 2 at 10nA bias for the standard 10pm by 
10pm devices. 

26CGB nn 1Cow  for subthreshold saturation and C98  = 3Cox  for strong inversion saturation 
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Figure 4.30: Average consonant identification scores for all tested rates of stimulation at and 
above 200 pulses/s/channel, for various LPF cutoff frequencies, extracted from [41]. The 
scores are much better at the stimulation rates offered by the proposed cochlear implant. 
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Figure 4.31: a) Measured 10nA compression characteristic b) Measured 50nA compression 
characteristics of the proposed combined low-pass filter, compressor and current amplifier. 
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Figure 4.32: Illustration of output current spread, given 10nA input current 

circuit could be to do with the it's sensitivity to process variations. This is not really much 
of an issue in neurostimulation applications as the patient-to-patient variations are much 
larger and hence the patient fitting circuits can also be used to accomodate the process 
variation shifts. Fig. 4.32 shows a histogram of monte carlo analysis results indicating the 
spread of the maximum output value giving the 10nA maximum input signal. This spread 
is considerably less than that found from patient to patient. 

In a variation of the circuit, bipolar devices can used to substitute M3  — M4  if a smaller 
process spread is required. As there is no subthreshold parameter, n, in the bipolar charac-
teristic, three diode connected devices need to be stacked to achieve similar current levels. 

The maximum output signal level of 900nA was chosen for this block so as to be rep-
resentative of an estimate of the smallest possible uncomfortable stimulation level needed 
beyond the stimulation threshold, based on the usage of the electrode array designed by 
Epic Biosonics Inc. Power wastage when working at such levels can significantly increase 
the power consumption of the whole system. 

4.4 The Stimulation circuits 

4.4.1 Introduction 

The stimulation current levels required for a patient to just perceive sound (stimulation 
threshold) varies quite significantly from patient to patient or even from electrode site to 
electrode site within the same cochlea. This greatly depends on the number of surviving 
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Figure 4.33: Illustration of the dynamic range mapping of the proposed system 

neurons and the proximity of the electrodes to the nerves. Similarly the maximum com-
fortable stimulation level also has a large variability. However, in all cases, the dynamic 
range between the hearing threshold and the maximum comfortable level is quite low [38], 
ranging typically from 6dB to 20dB. Hence good fitting is important if the most is to be 
made of the limited dynamic range of the patient. 

The fitting circuits consist of digitally controlled variable width current mirrors. For 
each channel, five bits are allocated to removing any accumulated offsets from all the ASP 
circuits, since MOS devices biased in the subthreshold operating region have poor current 
matching characteristics in comparison to identical devices operated in strong inversion [45]. 
Another six bits are allocated to setting the threshold of hearing, whilst another six bits 
are allocated for a multiplicative constant that takes the maximum allowable current level, 
output from the full-wave rectifier and smoothing circuits, to the maximum comfortable 
stimulation level. A graphical illustration of the various dynamic ranges in the system is 
shown in Fig. 4.33. The offset removal mechanism can also be used to reduce the sound 
window's capture dynamic range in noisy environments. In the highly successful n-of-m 
stimulation strategy, only the n strongest frequency bands, of a total of m separate channels, 
actually stimulate the cochlea. Once the offset is removed then the threshold of hearing is 
set via a second dc current source / stimulationthreshold• Any ac power detected is added to this 
to give hearing sensation. Since the maximum current is limited at an earlier stage then the 
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Figure 4.34: Schematic of the electrode driving circuits 

gain at the output is programmed such that at maximum input volume, the stimulus does 
not exceed the patients comfortable hearing levels for each particular frequency. Finally 
the stimulation current is put into a biphasic, non-overlapping pulsatile form and delivered 
to the electrodes. 

4.4.2 Individual Channel Gain Control and Offset correction 

The block following the compression/low-pass filtering block is straight forward; in Fig. 4.34 
transistors Mo  —M5  and the associated digitally controlled switches 81-55  are used for offset 
current correction of the preceding filters and compression stage. As the mirror widths are 
only altered at the audiologist, glitches produced during tuning are easily tolerated. Devices 
M6  — M21  control the gain of the envelope detected signal of a particular channel before it 
is time multiplexed by the CIS generator (see Section 4.4.3). M6  — M21 essentially form a 
variable width, low output saturation voltage, cascode current mirror27. At maximum signal 
output the output impedance is in the order of 150k5-2. The cochlear impedences are usually 
of the order of a few kg. Finally another digitally controlled dc current 'stimulation stimulation threshold 

is added to the signal so as to eliminate the neural stimulation thresholds; 

The dimensioning of the above circuits are such that the offset correction current ranges 
from 0 to 300nA. This covers the worst case scenario of offsets, extracted by monte carlo 
analysis. The stimulation threshold current ranges between 0 and 100/1A whilst at full gain 
the signal current reaches 600µA. So in total the output driver can source a maximum of 

27Device M15 is much wider than M15 
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700pA into the CIS generator. Once again these currents were chosen based on estimates 
of the electrode performace, however it is expected that these circuits may need to be 
redesigned once the true electrode characteristics and impedances are known. 

4.4.3 The CIS Generator 

The Continuous Interleaved Sampling (CIS) generator is the last of the signal condition-
ing blocks that directly interfaces with the electrodes, via blocking capacitors. The CIS 
generator converts the output of the patient dynamic range mapping circuits into a non-
overlapping biphasic pulses. 

A top level block diagram view of the CIS generator is shown in Fig. 4.35. As there are 
sixteen channels in the proposed implant system, there are 16 output driver cells making 
up the CIS generator, however only the first two cells and last two cells are shown. All 
the intermediate cells are identical whilst the first and the last cells differ slightly. It thus 
easy to reuse the design for a system with fewer or with more stimulation channels. The 
three different types of cells are shown in Fig. 4.36. Starting from the Front Cell, assuming 
there is no busy signal output from any of the following fifteen cells or from within itself, 
the first cell will activate itself by generating a pulse with the 3 input NOR gate driving 
it's first D-flip-flop input. A clock period later the pulse will propagate to the output of 
the first flip flop which will turn on switches such as to provide a current path via M1  
to Electrode A, back through Electrode B and down M2 to ground. The first flip-flop is 
high and so the 3 input NOR gate will not produce another pulse as its output. After 
another clock cycle the pulse will propagate one flip-flop down and reverse the direction of 
the current through the electrodes for another period. On the next clock pulse a middle cell 
is activated and propagates the pulse in a similar fashion first through itself and then down 
the remaining 13 middle cells, until it activates the last cell. This works in a similar fashion 
but has an extra flip flop added to it so that it can provide an extra pulse that shorts all 
residual charge on the blocking capacitors to ground. The blocking capacitors are necessary 
to ensure no net dc current is sent through the electrodes, otherwise electrolysis may occur. 
Electrolysis corrodes the electrodes and at the same time produces toxic materials eg. 2 
Cl —  ions could be turned into C/2  gas! The blocking capacitors also provide protection for 
the patient against de currents in the event of a device failure. The electrodes are shorted to 
ground in all three types of cells via the 2 input OR gates connected to M2 and M4. During 
the propagation of the pulse through the registers, the 3 input NOR gate of the front cell 



Stimulation rate = 2 x Number of channels +1 
Oscillator Frequency (4.25) 

A Fully Implantable Cochlear Prosthesis System 	 116 

remains at 0 during each clocking phase. Once the activation pulse is out of the system 
a new pulse is generated by the first cell. This was designed as such, rather than using a 
circular register, to ensure that only one electrode pair is activated at one time and that in 
the unlikely event of a second activation pulse circulating that this would only last for just 
over 2 ms. Some of the simulation waveforms for a 4 channel CIS generator are shown in 
Fig. 4.37. A glitch is noticeable on the first channel i.e. /V15. One contributing factor for 
this is that the current mirror output device driving the closed switch is not in saturation 
until some of the charge flows through and the channel is pinched off. This is not really a 
problem as this charge is not sufficient to evoke action potentials. If necessary this can be 
reduced by using bipolar devices that need considerably less voltage across the collector-
emitter terminals to keep in saturation. Another contributing factor is the delay introduced 
by the OR gate driving M2 in all cells of Fig. 4.36. This can be reduced by introducing a 
similar delay before the gate of M1. In the second channel i.e. /V16 the blocking capacitor 
in combination with the series resistor simulating tissue impedance cause the output current 
source to run out of compliance for signals 800/LA. Notice on the electrode to ground short 
pulse residual charge is discharged. 

The CIS system shown above provides bipolar stimulation since there is only one return 
path for the current, however it can be externally configured to behave in a monopolar 
fashion by shorting all of the Electrode B's together and tying them to a single return 
electrode. 

Each stimulation phase lasts as long as one period of the oscillator. So the stimulation 
repetition rate (biphasic- pulses/s/channel) is given by: 

In an alternative design, the oscillator is running at half of the frequency to save power, 
and utilising the rising and the falling edge to clock the flip flops in each channel. This 
idea was not implemented in the final version since it is difficult to ensure a 50% duty cycle 
for this particular oscillator due to matching considerations (See oscillator section). An 
asymmetric duty cycle leads to unbalanced charge pulses. 

The oscillator period is digitally adjustable and varies between 50ps and 100ps, allow-
ing greater charge injection when necessary for particular patients. The exact stimulation 
frequency range was arbitrarily chosen but will be updated in a production design accord- 
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Figure 4.35: Top level view of the CIS generator circuit (Only showing the first and last 
two channels) 

ingly, depending on how clinical trials monitoring psychophysical response using the latest 
electrodes go. The lowest possible stimulation rate was set to be about 303Hz which is 
considered to be the pitch saturation limit i.e. if the rate drops below this at a particular 
electrode a patient will experience a change of frequencies even though the same electrode 
is being stimulated. The pulse width (oscillator period) directly affects the pulse rate of 
the CIS processor due to the interleaved nature of the stimulation. If temporal variations 
in the envelope are to be considered as very important, then the pulse rate should be at 
least twice as much as that of the cutoff frequency of the envelope detectors according to 
the Nyquist sampling criterion, in order to avoid aliasing effects. As mentioned before, the 
envelope detector's cutoff frequency is dependent on signal strength in a particular chan-
nel and so for the majority of the channels below the required 150Hz (for the minimum 
stimulation rate). Recent clinical trials show that this should be even higher - four to five 
times the cutoff frequency to maximise patient perception of pulse amplitude modulation 
of waveforms [17][42][41] although this is not necessarily true for all patients. 

There are tradeoffs between stimulation rate, the low-pass cutoff frequency of the enve-
lope detector and speech understanding. On one hand as the stimulation rate gets higher 
then the low pass corner can be taken higher according to to Nyquist sampling criterion 
thus increasing the range and fidelity of temporal variations represented in the stimuli for 
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Figure 4.37: Simulation of a 4 channel biphasic pulse generator. The signals shown are 
as follows:- net158:clock, net36:busy input to the first cell, net34:short electrode pulse, 
V15:channell output, V16:channel2 output, V17:channel3 output, V18:channel4 output. 
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Figure 4.38: Illustration of the biphasic pulses output from channels 2, 6, 10, 14 of the CIS 
generator. The pulses were sent though a blocking capacitor and a resistor. The voltage 
across the resistor is shown 
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each channel. As the pulses get narrower the higher currents are necessary to inject the 
same charge to maximise the patients dynamic range. It is then possible that there may 
not be enough voltage compliance on the current sources. This issue will not be resolved 
until the electrode clinical data is collected; then if necessary, the supply of the stimulation 
circuits can be increased since the AMS 0.8tt CXZ technology supports voltages as high 
as 20V if necessary. On the other hand high rates may increase a component of electrode 
interactions called "temporal channel interactions" [42] where from one cycle to another the 
neurons cannot return to their original state and so a series of fast sub-threshold stimuli 
can cause an action potential. In addition, after prolonged stimulation the nerves adapt so 
as to have increased thresholds, raising the power consumption. 

Although the CIS generator is shown here to output pulses sequentially of adjacent 
channels, it is probably more beneficial to rewire the CIS generator timing so as to stagger 
the pulses, e.g. go through all the odd channels and then the even channels, in order 
to reduce temporal channel interactions. These interactions refer to effects of preceding 
stimuli on the response of the neurons to a given stimulus; To make this clearer, assume 
that channel 1 outputs a large stimulation current that affects the state of neurons nearby 
just under channel 2 electrodes. If within a time window you activate channel 2 with a 
stimulus that is normally below the threshold, it is likely that the neurons will fire. However 
temporal channel interactions are small when compared to the simultaneous stimulation of 
all electrodes [46]. A further improvement to the system would involve a small delay between 
the two phases of the biphasic pulse. This allows the action potential to propagate down the 
neuron before the second phase recovers the injected charge. A direct benefit is a decrease 
in stimulation thresholds[47]. 

4.4.4 The Oscillator 

The oscillator is an key component of the CIS pulse generator. It is important that the 
oscillator frequency does not drift significantly with variations in battery voltage28. The 
supply is expected to vary from 3.8V, when the battery is fully discharged, to 4.2 volts 
when fully charged. The frequency stablility is essential since the patient perception of 
loudness depends on the pulse charge injected. A wider pulse, due to a drop in oscillator 
frequency, will give a louder sensation. The circuit chosen is a well known oscillator [48] 
[49] (see Fig 4.39). In essence it consists of two inverters (Mi. — M2) and (M3  — M4 ) , a 

28The temperature of the implanted electronics is assumed to be held constant at body temperature 
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Figure 4.39: The oscillator (PMOS devices sized at 3grn  and NMOS devices sized at--P--1 	) larn 	 larn 

resistor and a capacitor. The resistance is digitally controlled; two FETs short out binary 
weighted parts of the resistor to increase the frequency of operation. The circuit is powered 
by Vs,ippiy  The inverter makes the transition between high and low at Vtrans. Assuming the 
output of the first inverter Vy=OV and Vz=V3uppiy, see Fig. 4.40, charge from the capacitor 
on node Vx drains via the resistor, through M2 to ground until Vx=Vtra,„s . Before the 
transition the voltage across the capacitor C is Vx-Vz = Vtrans Vsupply and is a negative 
value as Vz > Vx. As Vx drops below Vtrans,  the first inverter changes its output and 
Vy=V,,ippiy  and Vz=OV. Since the voltage across the capacitor is negative, Vx drops below 
zero to Vtrans Vsupply as the charge on the capacitor cannot change instantaneously, and 
current starts flowing from Vsuppiy  through M1  and the resistor and charging node Vx until 
once again it exceeds Vtrans . On the change over Vx = Vtrans Vsupply and drains through 
the resistor and through M2 to ground until Vx=Vtrans  and once again the cycle repeats 
itself. Assuming that the on resistance of the FETs is negligible in comparison to R, the 
frequency of oscillation is determined by the RC time constant. The period of oscillation 
consists of two sub-periods t1  and t2. 

t1  is derived from the time necessary for exponential decay from V:. • urans +Vsupply to Vtrans) 

0 = (Vtrans Vsupply)eXP (ti I C R) — Vtrans 

ti = CR In ( Vtrans Vsupply) 
Vtrans 

(4.26) 

t2  is derived from the time necessary for logarithmic charging from • ,rans 	Vsupply to 
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Figure 4.40: Simulation of the oscillator 
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[Vtrans-(Vtrans — Vsupply)] when the final voltage is Vsuppiy  hence, 

Vsuppiy = [VsnPPly (Vtrans — Vsupply)](1. — exp (ti I C R) 

t2  = CR In (2V:supply  — Vtrans , 
v supply — Vtrans 

Hence 

(4.27) 

fosc = 
1 	 1  

(ti 	t2) 	CR In 	 2[( Vsnpplyi(trans)  ( 	
Vtrans 

Vtrans+Vsupply)] 
Vaupply — litrans 

(4.28) 

1  V8u
2
PP1Y  then foss = /wins • So given that Vtrans = 	7 

On the assumption that RC can be accurately determined, the frequency will deviate 
from this depending on the finite gain of the inverter and the on resistance of the inverter 
FETs. As RC is integrated this cannot be precisely manufactured without trimming. In 
addition it is not easy to get Vtrans = VsurlY  as it would involve matching almost minimum 
sized complementary devices. Usually it is possible to get Vtrans  within ±10%. A Monte-
Carlo simulation taking into account process variations and mismatch indicates that the 
frequency of the oscillator at its fastest and slowest setting can be expected to have a 
standard deviation of 12.5% to 14% respectively. Although this a large variability, in this 
application it doesn't really matter as long as the frequency is stable once a particular 
patients settings have been found. In the implementation, R was tuned digitally between 
1/1/12 and 2.5/1/11 and C = 20pF giving a theoretical range between 8.8kHz and 22kHz. 
Measurements the frequencies varied between 9.9kHz and 22.8kHz, which are well within 
the expected margin. As it is unlikely that on manufacturing, that —Vtrans  will be exactly 
half of the supply voltage, the duty cycle will not be exactly 50%, therefore it is not a good 
idea to try generate a balanced biphasic pulse by using the rising as well as the falling edge 
of the oscillator. 

Power consumed in this oscillator can primarily be attributed to the first inverter nearing 
the transition voltage, where both M1  — M2 are partially on and secondly in the charging 
and discharging the capacitor; the power consumed for the transitions of the second and 
third inverters is relatively small. As the first inverter is effectively an amplifier, the 'on' 
time of the other inverters is of the order of pico-seconds rather than the microseconds. The 
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Figure 4.41: Monte-Carlo simulation of the oscillator at it's maximum and minimum fre-
quency settings taking into account both process variations and mismatch 

power consumed by charging and discharging the capacitor is given by 

P = CV 2  x foss 
	 (4.29) 

so at 4V and at 20kHz this gives a charge-discharge power consumption of 6.4jiW. The 
simulated power consumption is approximately 40pW so the dominant power loss can be 
attributed to when devices M1  — M2 are simultaneously on. This is apparent from the 
rounded corners of the Vy waveform shown in Fig. 4.40. A good way to reduce this power 
consumption would be to reduce the inverter's supply voltage, hence reducing the current 

at Vtrans • M5 — M6 are used as a buffer to drive the CIS generator. 

Ideally this circuit is insensitive to supply variations, however in practice this is not 
true as — Vtrans is never exactly half the supply voltage and the inverters are not ideal 
either. In simulation, a 0.6% and 2% change in frequency is typical for the minimum and 
maximum frequencies respectively, over the supply range of 3.9 to 4.2 V. Table 4.7 shows 
a comparison of the estimated, simulated and measured end frequencies of the oscillator in 
this range. If seen in the context of a particular patient's stimulation threshold variation 
this is deemed very acceptable. If further insensitivity was needed then a regulated supply 
could be provided to the oscillator. The resistorless version of this oscillator [32] was not 
used as it's frequency was quadratically dependent on the supply voltage. 
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Table 4.7: Oscillator at minimum and maximum frequencies at different supply voltages 

Components Estimated 
Frequency/kHz 

Simulated 
Frequency/kHz 

Measured 
Frequency/kHz 

Measured Power 
Consumption/µW 

C=20pF,R=2.5MQ 
@3.9V 9.10 10.30 10.42 46 
@4V 9.10 10.32 10.46 51 

@4.2V 9.10 10.36 10.54 61 
C=20pF,R=1MS2 

@3.9V 22.75 19.43 23.09 60 
@4V 22.75 19.57 23.1 65 

04.2V 22.75 19.84 22.8 76 

4.5 Reference Circuits 

4.5.1 Introduction 

The current reference in the proposed cochlear implant system does not have to be particu-
larly accurate but should remain consistent between the implant fitting/adjustment sessions 
so as not to over-stimulate or under-stimulate the patients neurons. Over-stimulation re-
sults in exceeding the maximum comfortable stimulation levels and in some cases can cause 
irreversible damage to the surviving neurons, whilst under-stimulation does not make full 
use of the already limited neural interface dynamic range. In this particular application not 
all the conventional reference characteristics are desired. Some of the external factors that 
can affect the current consistency are discussed below: 

Temperature - In classical applications, temperature stability is very important since 
chips are exposed to a wide range of temperatures that may vary from -55 C to 125 C. 
However in this case the temperature variations of a implant fixed to the skull are minimal 
since the body temperature can be considered constant for all practical purposes. In a 
situation of hypothermia or of heat exhaustion the last thing a patient would worry about 
is a drift in the center frequencies of his implant. Worst case estimates are assumed to be 
±3° C. The temperature generated inside the implant casing is assumed to be negligible 
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since the whole system is micro-powered. 

Supply dependent drift - Thus instead of temperature stability the main requirement is 
stability with respect to the supply voltage. The battery supply is assumed to vary between 
3.8V to 4.2V between the discharged and charged conditions. This is a 10.5% variation in 
supply; a similar variation in the center frequencies of the filters between a low battery and 
a charging one is clearly not acceptable. Another problem associated with large current 
variations is related to the current controlled transconductance / gain at the input and 
output stages respectively. The volume is set such that the electrical stimulus does not 
exceed the pain threshold for loud sounds; if the volume is set whilst the battery is low then 
after charging the system it is possible loud sounds will hurt the patient. Alternatively the 
implant's response to quieter sounds is compromised. 

4.5.2 The Peaking Current Reference 

The circuit chosen for the cochlear implant is shown in Fig. 4.43. It is a low current 
implementation of the peaking current reference source [50][51]. The circuit achieves some 
degree of supply insensitivity by current feedback. Assuming Vdd rises, due to the finite 
output resistance of Q2, Id4 rises too. This increase in current is mirrored and driven through 
resistor R. To accommodate the change in current, Vd4 will increase logarithmically, whilst 
the voltage drop across the resistor will increase linearly. This causes VbeQ2 to decrease 
countering the initial increase in current, due to the increase in supply voltage. The top 
current mirror was implemented in CMOS rather than bipolar devices as it has a much 
higher output impedance than the bipolar counterpart and does not suffer from finite beta 
effects. It is quite simple to show that if 

(W/L)5 = (W/L)4 	 (4.30) 

then 
kT 1 , 

o u = 	m 
eR m 

(4.31) 

Letting m=8 and R=242k11 gives an output current of roughly 27nAs. This simulates 
to about 30nA due to secondary effects 29. This is scaled down by a factor of 3 before 
distributing to the 10nA filter banks. The diode connected to C21  is normally reverse biased 
except in starting up conditions. The bias voltage for the diode was generated using a string 

29e.g. the vertical npn transistors used have an early voltage of about 30V 
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Figure 4.42: Output current vs supply voltage 

of diodes connected between the supplies. Enough of them were used so as to ensure very 
little power loss The current drawn ranges from 276pA to 1nA when the supply varies from 
3.8 to 4.2V. The total power of the circuit including the output stands at 1.8µW at 4V. 

A reference voltage (1.1V) for the microphone supply is made by forward biasing a 
couple of diodes to generate the voltage and this is buffered. An off chip capacitor is used to 
reduce the noise of this supply. Lut  showed it has a 0.8% variation over supply range whilst 
Vref has a 0.04% variation over the supply range. In terms of manufacturing variability 
the circuit has an 11% standard deviation. This is considered sufficient for the application 
given that this reference can be adjusted digitally from -20% to +50% for electrode insertion 
compensation. 

4.5.3 The Resistorless Current Reference 

In this section a basic, four-transistor, resistorless current reference circuit is described, 
aimed at implantable biomedical applications where low area and low power are important 
whilst reference accuracy is not so important. The circuit takes advantage of two different 
thickness thermally grown gate oxides, which are available in most high voltage processes 
and in some of the latest sub-micron feature size processes. Current tuning is achieved by 
sizing the transistors accordingly. 

Background 

The biasing of the majority of CMOS only integrated circuits can be traced back to 
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an on-chip current reference of the form shown in Fig. 4.45a. The equation governing its 
operation, given a simple square law MOSFET model, is: 

2 	1 	1 ,, . 	(1 — 	 )4 	 (4.32) -rout = 	  (W I L) p R,25 	Airc PhCox 

Where 12h is the mobility of holes, Cox  is the oxide capacitance per square micron, Rs is 
the value of the resistor, and W and L are the unit width and length of the pmos devices. In 
fully implantable biomedical applications design priorities are to keep down area and power 
consumption; temperature dependence is less important as temperature fluctuations inside 
the body are very small. The use of high voltage ( > 5V ) processes is common where 
stimulation of the neuro-muscular system is required. The stimulation current sources' 
voltage compliance, which drives the biphasic pulse generator, is a function of the electrode 
impedance and the magnitude of the stimulation currents that are necessary for sufficiently 
exciting a bundle of nerves or muscle. The designer has little control over these variables, 
which generally determine the need for supply of over 5V. 

Given that a low voltage supply is not available, low power consumption is achieved 
by using very small bias currents. MOSFETs operated in the weak inversion region are 
well suited for this role since currents in this regime are of the order of nano-amperes. 
Classical CMOS current reference circuits such as the one shown in Fig. 4.45a require very 
large resistances in order to produce nano-amp currents, which when integrated on chip, 
consume large areas (see comparison in Table 4.8). Although other resistorless circuits have 
been proposed [52] they are still occupy a larger area and are considerably more complicated 
than the proposed circuit; the better performance offered in aspects such as temperature 
compensation and accuracy, is not necessary for these applications. 

Circuit description The operation of the above circuit is first considered qualitatively. 
Assuming that Mi.  and M2  are matched, i.e. form a unity gain current mirror, then one 
constraint for stable operation is that the drain currents of M3  and M4  are identical. An-
other constraint given by the circuit topology is that the gate-source voltages of devices M3  
and M4  are identical. As the threshold voltage of M3  is much lower than that of M4 , M3  
is turned on and enters the square law saturation region at a lower Vgs (see curve V14 in 
Fig. 4.46b). Device M4  is just about turned on at a higher gate-source voltage (see curve 
V18 in Fig. 4.46b and so operates in the weak inversion region of operation. The rate of 
increase of the drain current is exponential as opposed to square law. Where the two in-
tersect is the stable operating point. Also shown for comparison is the ID  — VGs curve for 
a square-law operated FET in series with a large resistor (see circuit Fig. 4.46a and curve 
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Figure 4.45: a) A classical MOSFET current reference source b) The proposed low current, 
ultra low area current reference 

V15 in Fig. 4.46b) designed to give the same output current as the proposed circuit. Apart 
from zero current corresponding to a zero VGS, there are no other stable solutions since 
as VGS increases even further device M4 will follow a square law relationship as well and 
continue in parallel to the characteristic of M3, hence there is no further intersection point. 
Different current settings can be achieved by scaling M3  and M4  with respect to each other 
or alternatively by scaling M1  and M2  accordingly 

r  W21,1 
-ID2 = iDl 	 WiL2 

(4.33) 

And given that VBS = 0 

ID2 = ID 4 = 
(2n)AhCoxW4(kTle)2 

 expVGS3 — VTO  
L4 	 nkT le (4.35) 

Where n is the subthreshold parameter and can be characterised in terms of the gate-
source voltage (only with VBS=0) as: 
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Figure 4.46: a) Schematic for comparing strong-inversion operated FET with series resistor 
to weakly inverted HV-FET areas for equivalent current b) Drain current vs gate source 
voltage for low voltage device in strong inversion, low voltage device in series with a resistor 
and a high voltage device. 

7  n— [1 	 i---1 
2 VVGS — VTO +(712  + 1/1760)2  

(4.36) 

A zero bulk-source voltage is easily maintained with pmos devices sitting in their own 
well. Substituting Eqn. 4.34 and Eqn. 4.35 into Eqn. 4.33 and solving by a numerical method 
for VGS yields the wanted operating point and the trivial operating point of VGS = 0. If the 
four transistors are not sized appropriately then it is possible that there is no solution apart 
from the VGS = 0 operating point, e.g. assuming that M1  and M2  are identical and the 
chosen aspect ratio of the M4  is smaller than the aspect ratio of M3  then it is certain that 
M4  will exit the weak inversion region without the drain current level ever reaching M3's 
current with the same gate-source voltage. So in order to obtain a non-trivial solution, given 
that M1  and M2  are identical and it is M4  having the thicker oxide, an added condition 
with respect to device sizing is that: 

W3/L3 << W4/L4 

or more generally for non-identical M1  and M2  that 

W2W3L4L1 << 1471W4L3L2 

It is difficult to make a fair comparison between various references, especially when the 
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targeted applications are different. Table 4.8 attempts to make a comparison and illustrate 
advantages and disadvantages of the circuits. The conventional circuit (Fig. 4.45a) was 
constructed such that M1, M2 and M3 were identical to the corresponding M1 , M2 and M3 
in the proposed circuit of Fig. 4.45b . Illustrated in Fig. 4.46a is a standard pmos device and 
associated resistance alongside with a thicker oxide pmos device. Note the large difference 
in areas. In Fig. 4.46b the corresponding ID — VGs curves are shown. 

Referring to Table 4.8 and comparing the first column (proposed circuit) with the second 
column (conventional circuit) we see that the proposed circuit performs better by far in 
terms of area whilst being slightly better in terms of standard deviation (Monte Carlo 
analysis taking into account both process and mismatch was used to determine the standard 
deviation). Trimming is almost certainly used where on on-chip resistors are used for 
reference generators. Although laser trimming in the proposed circuit is an option, due 
to the large variability of patient-to-patient electrode impedances the stimulation current 
levels almost certainly have to be adjusted. A digitally controlled current mirror can be used 
to scale the reference to the desired precision current level and hence avoid costly trimming. 
Fig. 4.47 illustrates the current vs supply characteristics of ten of the proposed resistorless 
current references obtained from the same wafer. The average current at 4V is 770nA, 
whilst the standard deviation is 33nA. Note that the area consumed by this reference is 100 
times less than that of Sansen et al. If for another application trimming was necessary, then 
by measuring a few of the chips on the wafer the amount trimming could be determined for 
all. If temperature independence is desired this can be obtained by summing the currents 
of Fig. 4.45a and Fig. 4.45b since the temperature coefficients are close but opposite in sign 
(See Fig. 4.48). The current reference of Sansen et al [52] performs very well for classical 
applications where temperature compensation is very important but area considerations 
have less weighting. Since the proposed circuit does not use cascoding, the power supply 
regulation is not as good as that of Sansen et al. A trade-off of area for matching of M1  
and M2 is likely to improve the standard deviation of the proposed circuit according to 
Eqn. 2.33 which is: 

Temperature effects are not really much of an issue in implantable devices however a 
brief look at why the references perform as they do is worthwhile. 

MOS transistors are highly temperature dependent [31]. There are two main con- 
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Figure 4.47: Current vs supply characteristics of ten of the proposed resistorless current 
references obtained from the same wafer. At 4V the average current is 770nA whilst the 
standard deviation is 33nA. 

Table 4.8: Summary of reference source characteristics 

Proposed 	Conventional 
	

Sansen et al[52] 
Fig. 4.45b 	Fig. 4.45a 

Average current 
Standard deviation 

Temperature dependence 
Minimum supply voltage 

Supply current 
Supply regulation 
Load regulation 

Die area 
Cascoded stucture 

430nA 
100nA 

-.6%/°C 
2.5V 

860nA (5V) 
5000ppm 
1455ppm 
0.002mm2  

No 

430nA 
140nA 

+0.55%/° C 
2.5V 

860nA (5V) 
4000ppm 
1455ppm 
0.04mm2  

No 

774nA 
20nA 

3% between 0°C and 80°C 
3.5V 

2iii4.(5V) 
130ppm 
400ppm 
0.2mm2  

Yes 
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tributers to changes in the drain current for a particular VGS. Firstly the effective carrier 
mobility changes with temperature, such that as temperature increases the mobility de-
creases proportionally to T—k  where k may vary between 1.2 and 2. Similarly the flatband 
voltage and hence the threshold voltage is also dependent on temperature. The threshold 
voltage decreases almost linearly with temperature at somewhere between 0.5mV/°K and 
3mV/°K. A decrease in the threshold corresponds to an increase in drain current. The 
general trend is illustrated in Fig. 4.49. In increasing the temperature, for low VGS i.e. in 
subthreshold the dominant effect will be the reduction in threshold so the current rises for a 
fixed VGS. In deep strong inversion the dominant effect will be the reduction of the effective 
channel mobility and so the current is reduced for a fixed VGS. Examining Fig. 4.46b, we 
see that an increase in temperature will make curve V18 intercept V14 at a lower VGS and 
hence a lower current will be output. Similarly curve V14 is lowered on increasing tem-
perature due to channel mobility reduction, so the negative temperature dependence of the 
proposed circuit is expected. 

Using similar logic for the classic reference we see that an increase in temperature will 
cause curve V14 to lower hence intercepting curve V15 at a higher current value. By 
combining the classical reference circuit with the proposed, the current deviates by ±2% at 
most from the average value over 100°C. As temperature effects are not very important in 
biomedical applications, this was not investigated further. 

4.6 Data Recovery Circuits 

4.6.1 Introduction 

This section briefly presents the circuits in the data recovery block illustrated in the shaded 
part of Fig. 4.1. A transcutaneous data and power transmission method via inductive coils 
was chosen since this is least prone to infections and has been demonstrated to be safe over 
the patients lifetime in conventional cochlear implants. The power and data carrier signal 
was chosen to be somewhere between 1MHz and 10MHz, a compromise between inductive 
coupling (best at high frequencies) and low energy absorption by the skin (best at low 
frequencies). The data required for the cochlear implant settings is of the order of hundreds 
of bits, so the data rate can be much less that the carrier frequency. Thus a significant 
degree of communication robustness can be incorporated. The data is sent through the 
inductive coils by pulse width modulated bursts of the carrier signal. On the receiving side 
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Figure 4.48: Curve VO illustrates the proposed reference current output vs temperature, 
whilst curve V6 illustrates the conventional PTATs reference current output vs temperature. 
Finally V19 illustrates the sum of VO and V6 is fairly constant over temperature 
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Figure 4.49:.0-1/379  in saturation vs VGS  for three different temperatures[31] 

the clock signal is derived from the rising edge of the envelope whilst the data is conveyed by 
the position of the falling edge between the rising edges i.e. the duty cycle of the modulated 
carrier. The data demodulating and receiving circuits on the cochlear implant chip were 
implemented by an M.Sc. student towards his thesis[53]. A brief description of these will 
be given below. 

4.6.2 Envelope detector 

The most basic envelope detector would involve a diode in conjunction with an RC circuit, 
however due to limited space in the implant and to allow data to be extracted from the 
voltages developed across the induction coils, without any loading, the envelope detector 
shown in Fig. 4.51 was adapted from a functional electrical stimulator (FES) circuit [54]. 
Device M1  and current source Ii form a voltage follower of the sinusoidal carrier signal and 
isolate the detector from the power recovery circuits. M1  has a thick gate oxide and can 
can be operated safely up to 20V. Devices M2, M3 and /2  form a current starved inverter 
that transforms the sinusoidal input carrier into a square wave signal. M4, I3, /4  and C1 
envelope detect the square wave form of the carrier signal. There are two important time 
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Figure 4.52: The data is encoded in the modulated carriers envelope by altering the duty 
cycle. 

constants involved in this circuit. One to charge the capacitance C1  and one to discharge 
it. As 14  is four times greater than I3 , when the square wave carrier signal is low, device 
M4  is on and 4 of 14  charges the capacitor whilst 4  drains to ground via 13. When the 
square wave carrier signal is high, device M4 is cut off and so the charge on C1 drains via 
/3. Devices M5,./1/6  and /5  act as a buffer for the envelope detected output. 

4.6.3 PWM demodulator 

The PWM demodulator is an adaptation of a demodulator used for a vision implant[55]. As 
mentioned in the previous section the transmitted data, pulse-width-modulates the envelope 
of the carrier signal, such that if a 'zero' is transmitted the duty cycle goes less than 
50% whilst if a 'one' is transmitted the duty cycle exceeds 50%, as shown in Fig. 4.52. 
The demodulator essentially consists of a phase generator, two double integrators and two 
comparators 30 . At the top left of Fig. 4.53 an envelope detected signal is shown. Assuming 
C1  and C2  are completely discharged, on the rising edge of the envelope, switches Fla  and 
Fla  are closed, hence starting to charge capacitors C1  and C2  at a constant rate. On the 
falling edge switch Fla  opens whilst C2  continues to be charged till the next rising edge. 
During F3a  the voltages of the two capacitors are compared. As C2  = 2 x C1, if the voltage 
on C1  is less than that of C2  then a 'zero' was sent, and if more then a 'one' was sent. During 
F4a  the two capacitors are discharged. An identical second circuit is run almost in parallel 
so as not to lose the data bit sent during the comparison and reset stages. Noticing that 

F3a=F1b7 F2a=F2b7 Fla=F3b simplifies the phase generator significantly. Fig. 4.54 shows 
one possible implementation of the phase generator. The voltage comparator used was 

30De Lima[55] needed 4 cycles to evaluate one data bit whilst the adapted method only needs 2 cycles. 
This reduces the circuit complexity, area and power, however more careful design was necessary so as to 
avoid clock race problems. Delays of the order of nanoseconds were used to ensure appropriate setup and 
hold times 
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Figure 4.54: One possible implementation of the phase generator 

identical to the one implemented originally by De Lima et a/[55]. Measured waveforms 
illustrating the envelope detected signal and PWM demodulator are shown in Fig. 4.55. 

4.6.4 Information Protocol 

In order to prevent a random sequence of events reprogramming the implant a simple 
protocol is followed and is built within the hardware. As the circuits are standard and have 
been described before [53] the details of the blocks will not be covered. A simple, two state, 
finite state machine (Fig. 4.56) looks for a series of 14 bits that alternate between one and 
zero. In order to ensure that the state machine in is the 'start-sequence search' state a 
sequence of zeros greater than the expected data length is sent before the start sequence. 
Once the start sequence is sent, a counter is activated and expects 76x llbit words. The 
first two llbit words are a predefined hamming encoded header31, the 72 middle llbit words 
are hamming encoded data settings and the last two llbit words are a predefined hamming 
encoded trailer. The hamming decoding circuits convert each 11 bits into a 6 bit data word, 
4 of which are actual data bits and 2 of which are further parity checks on the data bits. 
The hamming circuits are capable of detecting and correcting a single error in the 7/11 bit 

31encoded header=00111101001 00100001101, encoded trailer=01001101101 11011101000 
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Figure 4.55: Measured waveforms of (1) the carrier signal, (2) the amplitude modulated 
carrier (3) the envelope detected carrier and (4) the demodulated data. The demodulated 
data lags behind by one data cycle. 
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Figure 4.56: Input sequence finite state machine 

word, whilst also being able to detect a double error but not correct it. The decoded data 
is put into a temporary data register. This is only loaded into the final settings register if 

• The correct number of expected bits have been counted 

• No double errors have been detected 

• No parity check on the decoded 4 bit data words fails 

• The decoded header and trailer bytes match up with the expected ones 

• The finite state machine returns to the start sequence state 

The decoded data format is shown in Appendix B. Each channel has sixteen bits al-
located to offset correction and patient fitting. Sixteen bits were kept as spare for future 
feature addition. Two bits are used for determining the stimulation phase length. Two bits 
are used to control the AGC release time. One bit is used to turn off the AGC and allow 
the user to manually control the input sensitivity. Four bits are allocated for each of the low 
frequency and high frequency input sensitivity, and finallly three bits are used for reference 
current scaling, in order to shift the filters' center frequencies in unison. 

The whole data communication protocol has been successfully tested in silicon. Pur-
posely corrupted data has been sent and successfully corrected or discarded if beyond repair. 
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4.7 The overall system 

The assembling of the sub-components to give a complete system on chip needed care. The 
sub-components were resimulated with the interfacing circuits attached. No major changes 
were found in the performance. Fig. 4.57 shows a photograph of the final chip layout and 
the layout map shown next to it. The noisy switching circuits were kept as far apart as 
possible from the front end circuits and the reference source. Various techniques for reducing 
switching noise coupling [56] in this mixed signal system were used. A wide guard, made 
out of a p+ diffusion layer, with contacts spread all over it, can be seen in the middle of 
the chip, separating the pre-dominantly digital lower part of the chip from the low power 
analog signal processing circuits. The guard was made three times as wide as the wafer 
thickness. Two bonding pads on either side that are used to connect it to ground, so as to 
reduce substrate noise propagation. The 'scribe-cut' layers were laid out before sending the 
design to the foundry to make sure that when the individual die were cut from the wafer, 
there would be no low impedance connection to the low noise circuits' pad ring. Overall, six 
different supply pad pairs were used; for either half of the chip, a low noise analog supply 
was used as well as a digital circuit supply. The fifth supply was used for the separate 
substrate biasing / guard ring network of the upper half of the chip; as the largest area is 
taken up by the interleaved capacitor pairs, these were individually shielded from substrate 
noise by placing an N-tub in the P-substrate beneath each one. This was connected to 
the positive bias supply. Around the shielding tubs, a further guard was connected to the 
substrate. The last pair of supply pins provide power to the settings registry. When the 
battery supply is low, all other supplies are cut off to prevent complete discharge. The 
static power consumption of the registry circuits is extremely low and consistors of leakage 
currents of the order of femto-Amps. In the event the registry power is cut off completely, 
on power up the system resets the registry's contents to ensure that the system comes up 
in a safe state i.e. all outputs are set to zero. 

In order to aid the testing of the cochlear system-on-chip, a dedicated testboard was 
constructed. On the testboard a Pic micro-controller was used to send the hamming PWM 
encoded signals to control the settings of the chip. The biphasic current outputs of the 
stimulation circuits were routed through a blocking capacitor and transformed to biphasic 
voltages via a resistor of similar impedance to that of a real cochlea. The output voltage 
was amplified and sent to one of the Pic's 8 A/D converters. As we can only monitor 8 
out of the 16 channels at a time the channels were split into odd and even channels with 
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Figure 4.57: a) A photograph of the cochlear implant system b) An illustration showing 
the layout of the various subsystems 
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the use of dip switches. A picture of the testboard is shown in Fig. 4.60. The Pic on the 
testboard is controlled via a serial cable and a software interface shown in Fig. 4.58. A 
spectrogram can be seen in the window at the bottom of the interface. The one in Fig. 4.58 
was generated during an offset removal algorithm that is called when the "Autoset All" 
button is pressed. During this procedure no audio signal is input into the chip, all the 
threshold pulses are set to zero and the gain of each channel is set to its maximum. The 
digitally controlled offset is adjusted for each channel such that nothing is output from 
the channel in the absence of an audio signal. Fig. 4.59 shows a spectrogram obtained by 
outputting a logarithmic frequency chirp from the soundcard of the computer and reading 
in the biphasic pulse amplitudes output at each channel. The lighter the shading the higher 
the amplitude of the current pulse. 

The total power consumption of the system was measured to be 126pA @ 4V, not 
including the power dissipated by the biphasic pulse stimulus. Assuming a battery capacity 
of 10mAh@4V on one charge the circuit will be powered for about 13days. Assuming that 
with the next generation electrodes that the stimulus is on average 500pA in the constant 
presence of sound then the total power consumption will be 2.126mW so the same battery 
will last at least 18hours and 48 minutes which is quite reasonable, assuming that the 
implant is recharged during the patients sleep. 

The power consumption is significantly lower than state of the art DSP based systems[57]. 
The intention was to optimise the overall system level performance in terms of power and 
chip area. For this reason, it has not been felt necessary to make a detailed performance com-
parison of the individual sub-circuits. Although a comparison to existing cochlear implant 
systems would be useful for the reader, such information is closely guarded by commercial 
implant manufacturers, and as such cannot be disclosed in this thesis. Nevertheless, current 
state-of-the-art systems consume currents in the order of a few milli-Amps. 

4.8 Summary 

In this chapter a totally implantable cochlear prosthesis system has been presented. Al-
though it has been designed for a single processing strategy i.e. the CIS strategy, it is 
expected that this will be adequate for most cochlear implant users. As the data settings 
can support high data rates it is possible in the future to modify the system so as to 
operate the system in a dual mode architecture where an externally worn processor can 
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Figure 4.60: A picture of the testboard for the complete cochlear system. 

provide additional strategies if required in different environments. At a component level 
novel contributions include a new technique for eliminating multiple operating points that 
may occur in subthreshold log-domain filter circuits, a combined current amplifier-low pass 
filter-compressor circuit and a resistorless current reference. At an architectural level the 
contribution is a complete current-mode subthreshold system-on-chip, capable of delivering 
the required accuracy for a cochlear implant system at substantially lower power levels than 
current state of the art digital equivalents. 
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Chapter 5 

An Accurate Silicon Nerve Axon 
Model 

5.1 Motivation 

The nerve axon lies at the heart of biological computation, sensory inputs and natural motor 
control. A basic knowledge of how action potentials are generated and modeled is essential 
in order to develop an understanding of how various stimuli interact with neurons. There 
are a two main areas of applications for a silicon nerve axon: 

• A building block in "Neuro-Inspired" processing circuits [1]. These are systems which 
mimic principles that have been developed in nature, over millions of years of evolu-
tion. Applications could range from intelligent parallel computing to a D/A converter 
[2], and are not intended to be interfaced with a biological system. 

• As a vehicle to explore how neural systems function; digital signal processors, though 
flexible, are not suited for emulating highly parallel non-linear system behaviour. 

A skeletal analogue circuit that emulates a living neuron's axon behaviour, suitable for 
VLSI operating in the MOS weak inversion region, is presented in this chapter. Ideally, this 
should be compact and should have an extremely low power consumption in order to make 
its application viable. 

155 



An Accurate Silicon Nerve Axon Model 	 156 

5.2 Modeling Background 

The modeling of various neural systems at different levels of completeness and physiological 
detail has become an avidly pursued enterprise in the recent years. Most models have been 
realised as numerical simulations on digital computers, although VLSI analogue circuitry has 
recently come onto the scene[3]. The advantage of simulation on digital microprocessors is 
complete flexibility over the configuration and parameters of the simulation. Unfortunately 
digital circuitry / microprocessors are too slow, too bulky and power hungry to be considered 
for usage in large neural network systems or for biomedical prosthesis applications. The 
design techniques of analogue VLSI constitute an excellent way to build electronic analogues 
of neural systems that do not suffer in the least from a lack of computational power as 
their digital counterparts. This is achieved by exploiting the similarities between the the 
non-linear physics of electronic devices and biological signal processing [4]. A common 
process in both electrical and biological systems is the controlled diffusion of some sort 
of charge carrier. In the work described, the computational savings on mimicking nerve 
axon behaviour come from producing a current that increases exponentially with voltage, 
rather than using a digital algorithm that requires numerous machine cycles to model the 
biological diffusion processes. A large number of mathematical models have been developed 
in the past to characterise the behaviour of a neuron. Until recently these have come into 
two major distinct groups: 

The first group of models is based on sets of non-linear coupled differential equations 
describing currents flowing across the cell membrane. The most popular of these are- 

• Hodgkin and Huxley (1952) (H-H)- This cornerstone model won the Nobel prize for 
Hodgkin and Huxley. Researchers have ever since used the techniques developed by 
H-H to derive models for other excitable membranes[5] [6][7] [8]. 

• Chiu et al - A modification of the H-H model to fit a mammalian mylinated nerve 
fibre. Although the H-H equations have been fitted to a large variety of nerve fibres, 
only the above is mentioned since it is related to human physiology. 

• FitzHugh-Nagumo - a simplification of the H-H equations [9] [10] 

• Connor and Stevens (C-S) Modified H-H model with added transient potassium cur-
rent source [11]. 
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• Plant and Kim (P-K) Modified the H-H equations by adding transient potassium 
and slow potassium currents, an electrogenic pump, another sodium channel and an 
external current. Their model is able to reproduce both the beating and bursting 
behaviour by varying the external and electrogenic pump [12] 

• Adams and Benson created an extensive model of the bursting behaviour. 

In the second group the neuron is considered to be a two state device in which an 
output spike is generated when a threshold is exceeded by the input voltage[13][14]. The 
input voltage has a stochastic time behaviour simulating the action of the synapses of the 
neuron. 

Finally some researchers have developed models to include characteristics from both 
major groups of models e.g. Bernadi et al . 

The silicon axon presented in the next sections has been centered on the work of Hodgkin 
and Huxley (H-H) [5] [6] [7] [8]. 

In order to give a good understanding of what is required of the objective circuit, an 
insight into the phenomena that take place inside a living cell are presented along with 
a qualitative and quantitative description of the membrane potentials before presenting a 
circuit solution. 

5.3 Nerve Physiology and Hodgkin and Huxley Equations 

5.3.1 The Structure of a Neuron 

The phenomena involved in nerve signal transmission are mainly electrochemical. The neu-
ron dendrites receive signals and then transmit them down the axon by an electrochemical 
mechanism[15]. At the other end the signal is branched to many bulb-like structures, called 
synapses. Between the synapse and the target neuron dendrite is a narrow gap, typically 
20 nanometers wide. Special molecules called neurotransmitters cross the synaptic gap to 
receptor sites on the target neuron. The flow of neurotransmitter molecules enables the 
transmission of signals between synapse and neurons. The chemical signals from another 
neuron are either inhibitory or excitatory, but not both. Excitatory signals tend to fire 
the target neuron; inhibitory signals tend to prevent firing. A neuron fires, that is sends a 
signal along its axon, depending on the time-integrated effect of all the signals crossing its 
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Figure 5.1: The structure of a neuron 

synaptic gaps. 

The neuron is immersed in an interstitial fluid. In general there are K+ ions and large 
organic A—  ions inside the cell whilst outside there are mainly Cl —  and Na+ ions. The cell 
membrane is always impermeable to the large A—  ions so these remain trapped inside the 
cell. When no signal is present, i.e. in the resting state, the cell membrane is permeable 
only to K+ and Cl—  ions. Since there is a higher concentration of K+ ions inside, these 
will tend to diffuse out of the cell, whilst Cl —  ions will tend to diffuse into the cell where 
the concentration of Cl —  is lower. As a consequence of this diffusion an electrical field is 
produced (negative inside with respect to the outside) that opposes any further diffusion 
of ions due to differences in concentrations. An equilibrium state is established in which 
the flow of ions due to the electrical field is equal to the flow of ions due to diffusion. At 
this equilibrium state, a voltage difference of about 60 -- 80mV is present across the cell 
membrane. This is called the membrane potential. The cell membrane is impermeable to 
Na+ in the resting state of the neuron, at approximately -70mV (inside with respect to the 
outside). However, the Na+ permeability factor of the membrane can be made nonzero, and 
this is what happens when the neuron is producing its action potential. If the permeability 
of the membrane to the different ions change, then the voltage drop 17,, between the inside 
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and the outside of the cell changes according to the Goldman equation: 

= 58mV log Px[Klout+ PNct [Nal out + Pc/ [Cr ]in  
PK[K+ ]tin PNa[Na± ]in PC1[Cliout 

(5.1) 

Where PK , PNa , and Pc/ are the relative membrane permeabilities for K+, Na+ and 
Cr respectively. [K+] OUt 7 [Na+ ]out and [Cr]out  are the concentrations of the ions outside 
the membrane and similarly for inside the membrane. During every action potential there 
is a flow of Na+ ions into the cell thus increasing Vn, followed by a flow of K+ outwards 
to re-establish the resting potential. Complex organic molecules then pump Na+ and K+ 
ions against their concentration gradients to get back to the original state of the system; 
this consumes energy. 

5.4 	A Qualitative Analysis of the Axon Behaviour axon 

Hodgkin and Huxley investigated the process by which an impulse travels along the gi-
ant axon of the squid whose diameter is unusually large' thus making experimental work 
possible, at the time. By slightly modifying some of the rate constants the mathematical 
model can be modified to apply to different organism's neurons. In addition to the size, this 
particular axon's properties remain unchanged for many hours after being removed from a 
squid's body. Below is a summary of the type of changes in the membrane potential that 
occur if the neuron is stimulated based on the findings of Hodgkin and Huxley [5] [6] [7] [8]. 

If the axon is not subject to stimulation, the inside of the axon is about -50mV to 
-70mV with respect to the outside potential as previously mentioned. Hence the axon is at 
its resting potential. As long as the axon is not stimulated, the resting potential remains 
fairly constant . Supposing that a stimulus in the form of a brief current pulse, consisting 
of a flow of positive charge into the cell interior and is 	1ms in duration. The resulting 
change in membrane potential depends on the amplitude of the stimulus in the following 
ways: 

5.4.1 Stimulus is weak 

There is a temporary positive change in the membrane potential that is proportional to 
the amplitude of the stimulus, which dies away in —1ms and which affects the membrane 

'This is approximately 0.5mm in diameter which is massive compared to a few pm which is usual 
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potential only very near the point where the membrane is touched by the electrode providing 
the stimulus. The response is said to be passive and local. As the stimulus is increased in 
strength the membrane potential starts to increase faster than the stimulus amplitude, (i.e. 
it is no longer proportional to the stimulus amplitude) however the change in potential does 
not exceed —+10mV. 

Although no action potential is generated, this sub-threshold stimulus may make a 
neuron fire in response to a second sub-threshold stimulus in the following 1-2ms. This 
characteristic is responsible for "temporal channel interactions" [16] observed in cochlear 
implants. 

5.4.2 Stimulus is above threshold 

If the amplitude of the stimulus is large enough so that the membrane potential increases 
above a critical value called the threshold potential, ,-55mV, then the membrane potential 
increases abruptly to form a single, roughly triangular, wave lasting ,1ms, with its peak 
reaching up to —+30mV. This curve is called an action potential. Following the first 
stimulus that produces an action potential, there is a time interval of --4ms called the 
absolute refractory period during which no stimulus, however strong, can produce an action 
potential. After the absolute refractory period there is a relative refractory period during 
which an action potential can be invoked but only by a stimulus of larger amplitude than 
the normal threshold value. 

In particular kinds of neurons, if the stimulus is a long current pulse (e.g. 0.5s), more 
than one action potential may result. Depending on the amplitude of the stimulus, there 
may be up to four or five action potentials in an interval as short as 100ms (A group of 
action potentials is called a burst). The action potential amplitudes decrease slightly during 
a burst. 

5.5 	A Quantitative Description of the Axon Behaviour 

Certain assumptions that were made by Hodgkin and Huxley in order to derive the axon 
model are worth mentioning. The first is that the axon membrane is a cylindrical shape of 
uniform diameter and thickness - this is not necessarily true for all neuron axons. The next 
assumption is to do with lateral conductance of the neuron. As the axon contains ions in 
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Figure 5.2: Electrical Circuit Representing Nerve Axon Membrane 

a solution, changes in potential at a point inside of the axon will inevitably cause internal 
currents to circulate inside the neuron. Modifications of the original H-H mathematical 
model to take these factors into account [8] are possible; these are neglected in the silicon 
model described below, as they do not change the axon properties significantly enough to 
justify the increased complexity of the model. 

The mathematical model adopted by H-H was based on the electrical circuit shown in 
Fig. 5.2. The variables gNa  and gK were classified by Hodgkin and Huxley as time variant 
conductances based on the evidence of the membrane having different permeabilities to the 
ionic currents at different points in time as previously described. The leakage conductance 
gL  was more or less constant. Similarly the sodium equilibrium potential ENa, potassium 
equilibrium potential EK and EL  were calculated to be roughly constant by using the Nernst 
formula: 

RT ,Cz E_ /— F (5.2) 

where R is the gas constant, T is the absolute temperature, F is the Faraday number, 
Ci and Co  are the ionic concentrations inside and outside the axon respectively . From the 
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above circuit model it is obvious that: 

I = Cm—
dE 

+1-Na+ Ix + dt 

where 	'Na = 9Na(E — EN.), -1.1‘ = gic(E — Ex), IL = gL(E — EL) 

The exact molecular mechanisms involved in calculating the membrane permeabilities 
to the different ions were not known at the time, thus H&H did not derive a mathematical 
model for the time variant conductances. Instead they postulated a mathematical model 
and fitted it to the experimental data obtained from their tests. The logic behind the chosen 
model is well explained in their publication [8]. 

For practical reasons it was convenient to redefine the above equations as: 

dV I = Cm— dt +INa+IK+ IL  (5.4) 

where 

INa= g Na(V — VNa), IK = 9A-(v —vx-) 	= gL(v —yr.) 
viva = ENa  — Er, VK = EK — Er, VL=EL— Er  

and Er  is the absolute value of the resting potential. V, VN a , VK and VL can be measured 
as the displacements from the resting potential i.e. when not stimulated V=O. Three 
dimensionless state variables m, h, and n were introduced and each of these variables was 
defined in terms of a differential equation. The conductance equations are presented in the 
following subsections. 

5.5.1 Sodium Conductance 

9Na = N am(t)3h(t) 	 (5.5) 

where 

• gNa  is a constant 

• m(t) is a state variable ranging between 0 and 1, representing Na+ activation 

• h(t) is a state variable ranging between 0 and 0.6, representing Na+ inactivation 

(5.3) 
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The above states satisfy the following differential equations at all times: 

	

dm 	0.1(V -F 25)  
ilrrt 

	

dt 	[ e(v+25vio — 1](1  m) — [4e18]m 
 

dh 
Tit  = [0.07e o](1 — h) [ 	  e(V+25)/10 11(h)  

5.5.2 Potassium Conductance 

	

gK  = -gicri(t)4 	 (5.8) 

where 

• 	gK  is a constant 

• n(t) is a dimensionless state variable ranging between 0 and 1, representing K+ acti-
vation and satisfies the following differential equation: 

	

do 	 r  0.01(V + 10) 

	

dt 	 _ 11( 1  — 	— [4e luiri 

5.5.3 Summary of Mathematical Model 

On making the appropriate substitutions the whole system can be described in terms of the 
four coupled differential equations shown below: 

dV 
dt 
dm 
dt 
dh 
dt 
do 
dt 

cm
[i — gNam(t) 311(t)(V — VNa) — 9icn(t) 4(V — VK ) — JL(V — VL)] (5.10) 

am(1 — m) — fimm 	 (5.11) 

= ceh(1 — h) — Phh 	 (5.12) 

an(1 — n) — Onn 	 (5.13) 

(5.6) 

(5.7) 

(5.9) 

where am, pm , ah , Oh , an, On  are nonlinear membrane voltage dependent rate constants. 
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5.5.4 An Overall Assessment of the H-H Equations 

The Hodgkin and Huxley equations proved successful in predicting / agreeing with many 
experimental results. These include good agreement for theoretical and experimental: 

• Impulse amplitude 

• Duration of absolute refractory period 

• Duration of relative refractory period and increase in threshold 

• Reduced threshold level after sub-threshold stimulus 

• Velocity of action potential travel down neuron 

• Anode break excitation 

There are however a few deficiencies of the H-H equations: 

• If a constant supra-threshold current stimulus is applied to the membrane the H-H 
equations predict an indefinitely long burst of action potentials whilst in reality a 
finite train of up to four impulses is produced. 

• If the current stimulus is increased linearly with time and the rate of increase is above 
a certain threshold value then again the H-H equations predict an indefinitely long 
train of impulses whereas in practise only a single pulse is obtained. 

• Accommodation is a physiological process that produces a slow decay in a train of 
nerve impulses as a result of constant stimulation. Adelman and FitzHugh [17] pro-
posed a modification of the H-H equations that take accommodation into account. 

5.6 A Silicon Hodgkin and Huxley Axon Emulator 

In this section an analogue current-mode skeletal circuit, that is suitable for the realisation 
of the Hodgkin and Huxley (HH) nerve axon membrane equations, is presented. The circuit 
is derived by exploiting the inherent properties of the 'Bernoulli Cell'[18][19] to calculate 
the continuous intermediate state variables of the HH nerve axon equations. Simulations 
confirm theoretical expectations, using weakly inverted MOSTs. 



Vs(t)_, J
II, Ic=1/T 

_J1c 
T 

TIN 
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a) BJT Bernoulli Cell 
	

b) Logarithmically driven 
BJT Bernoulli Cell 
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c) Logarithmically-driven MOS weak- 
inversion Bernoulli Cell with state sensing 

Figure 5.3: Bernoulli Cell Based Structures 

5.6.1 Circuit Derivation 

In [18][19], it was shown that the dynamic behaviour of the circuit entity illustrated in 
Fig.5.3a , comprising an npn BJT and an emitter connected (linear) grounded capacitor, 
can be described by means of Bernoulli's differential equation. A cascade of appropriately 
interconnected cells of this type can lead to the creation of input-output linear logarithmic 
filters. This circuit was termed 'Bernoulli cell' (BC) and when driven, by current signals 
iiNi and / n  - as in Fig. 5.3b - it is described by the following differential equation: 

COttb1+ 1-U1W1= IIN1 	 (5.14) 
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with w1  = Ilk,Ni 	 , C being the value of the linear capacitor and cbt  being the thermal voltage 
/1-'. The analogous circuit using MOS transistors operating in the weak inversion region, e 

assuming that VDB >> ct and VBS = 0 yields: 

CrOttbl + IU1w1 = IIN1 	 (5.15) 

where the term r is the subthreshold slope parameter. A simple manipulation of equation 
5.13 yields 

(5.16) 

A direct comparison reveals that eqn 5.16 has the form of eqn 5.15 where n is analogous to 
the dimensionless ratio of currents wi , and where Cr(ha?, and CrOt(an  + /3n) correspond to 
//NJ.  and 1ui respectively. Hence, the currents IfNi and /ui can be viewed as driven by time-
invariant, voltage dependant, nonlinear current sources (The silicon form of these current 
sources was proposed in [20] and are currently being implemented as part of undergraduate 
project). The output current 1-outi = /owl (see Fig.5.3c) "senses" the w1  variable via the 
translinear loop [21] formed by the alternating VGS voltage drops of the four MOSTs . 
The potassium ionic current can thus be generated by means of a time invariant nonlinear 
current source, which is controlled by a ratio of currents, wi, and the membrane potential 
displacement V. 

Similar thoughts apply to the sodium conductance as well (gN arn(t)3h) . The dynamic 
behaviour of its state variables can be rearranged into the form of the following pair of 
differential equations. 

Crq5t —
dm
dt  + CrOt(fim, + am)m = CrOtam, 	 (5.17) 

CrOt —
dh 

 CrOt( 13h  + ah )h = CrOtah 	 (5.18) 
dt 

Eqn 5.17 and 5.18 can be realised by means of two logarithmically driven BCs of the form 
shown in Fig 5.3c and incorporating appropriate non-linear current sources in a manner 
similar to that adopted for the potassium conductance. A partial circuit topology that 
represents the HH circuit dynamics is shown in fig-5.4. For the sake of clarity, only the 
potassium ionic channel is shown in detail. The sodium channel is similarly built, but 
comprises a pair of BCs with state sensing circuits for its two state variables. Related 
publications are [20][22][23]. 

dn 
Crcbt—dt + Crq5t(On + an)n = CrOtan 
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Figure 5.4: H-H Electrical Circuit with variable K+ ion conductance' replaced by proposed 
circuit with FETs operating in subthreshold region 

5.6.2 Simulation 

The circuit was successfully simulated using both a 1u and a 0.8u commercially available 
process from two different foundaries. The non-linear current sources were provisionally 
implemented in the simulations by using analog hardware description language (AHDL) to 
generate voltage dependent current sources. In Fig. 5.5, various current stimuli are applied 
to the neuron model: a subthreshold current stimulus does not cause 'firing', a supra-
threshold current pulse gives rise to an action potential and a continuous current pulse 
causes a 'burst' of action potentials, thus testing the duration of the refractory period. 
Fig. 5.6 shows the charge balanced current flow through the membrane capacitor during an 
action potential. 

5.6.3 Future work 

A silicon chip needs to replace the AHDL code with transistors. A total of eight non-
linear current sources need to be synthesised. All of these drive low impedance nodes in 
the skeleton circuit. Eqn. 5.10 needs two non-linear current sources, one for the sodium 
conductance and one for the potassium conductance. Assume that the dimensionless state 
n is represented by w1, dimensionless state m is represented by w2  and dimensionless state 
h is represented by w3. If the devices have an aspect ration of unity, then the bias current 
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Figure 5.5: H-H Simulation Results 
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Figure 5.6: Plot of current flow through the membrane capacitor during an action potential 
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/0  should be < 100nA so as to keep the device within the subthreshold operating region. 
This is important as the bernoulli cell relies on an exponential; in addition this allows the 
use of translinear circuits for implementing multiplication and division functions. 

For the potassium current source: 

	

/R- = gwIdii (V — VK) 	 (5.19) 

= 36mS x (/outil/0)4  x (V — 12mV) 	 (5.20) 

One way of implementing this source would be to use: a linear transconductor with gm of 
0.036, a constant current sink of 432pA, two translinear current mode squaring circuits in 
series for x4, one current multiplication and one current division circuit. 

Similarly for the sodium current source 

	

'Na = gNa(W2)3W3(V — VNa) 
	

(5.21) 

	

= 120mS x (Iout2/Io)3  x 	(iout3//o) x (V + 115mV) 
	

(5.22) 

A possible method of implementing this source would use: a linear transconductor with gm 
of 0.120, a constant current source of 13.8 mA, a translinear current mode block for x3  and 
two current multiplication and two current division circuits. 

The two current sources driving the potassium bernoulli cell are of the form: 

(5.23) 

(5.24) 

(5.25) 

(5.26) 

1IN1 = C r:tan 

e(V+10)/10 _ 1 [ 
0.01(V + 10)  I 

__= Cr  

CrOt(an + i3) 

	

= Crq5t 
0.01(V + 10) 	v 1 

[ 	 + 4e 80 e(v+invim — 1 

liii 

whilst the four current sources driving the sodium bernoulli cells are of the form: 
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I1N2 

In 

11N3 

In 

= 

= 

= 

= 

= 

= 

C r Otani 

Crckt 

CrOt(am 
cr.„(1,t  

Cr Ot  

CrOt(ah 

CrOt  

0.1(V + 25) 1 

v + 4eig] 

1 

(5.27) 

(5.28) 

(5.29) 

(5.30) 

(5.31) 

(5.32)  

(5.33) 

(5.34) 

[e(v+25)/10 — 1 i 

+ /3m) 
[e007.1±(2V5)7102_5) 1  

CrOtah ,  
[0.07e ro-1 

+ /3h) 

[0 .07 ehr  + e(V+25)/10 _ i] 

All of the above current sources can be realised using a combination of linear transcon-
ductors, voltage multipliers/dividers, translinear current multipliers/dividers [21] [24] and 
subthreshold FET's to give exponential functions. The value of C is chosen such that the 
required transconductors have practical gm's. 

5.7 Summary 

It has been shown that exploiting the inherent properties of the 'Bernoulli cell' leads to a 
novel elegant micro-powered skeleton structure for a full implementation of the HH neuron 
equations. Following Mead's [25] suggestions on engineering neuromorphic systems, the 
circuit "takes advantage of the inherent capabilities of the medium such as the abilities to 
generate exponentials, to do integration with respect to time, and to implement a zero cost 
addition using Kirchoff's law". This skeleton circuit can be further developed to produce a 
nerve axon silicon emulator that could be used in neural network hardware. 
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Chapter 6 

Conclusions and Future Work 

Neuroprosthetics or neural engineering has significantly improved the quality of life of deaf 
individuals, with the use of cochlear implants. With continuing research in the medical and 
engineering sciences, other handicapped individuals such as the paralysed and the blind 
will also benefit from progress made in the field. In the first chapter of this thesis a diverse 
number of neuroprosthetic applications have been introduced, illustrating the fact that 
electronic prosthetic devices are no longer science fiction; the application of electronics to 
the areas of motor function replacement, diaphragm pacing, pain relief, bladder and bowel 
control, bionic vision, bone growth and repair and bionic hearing is real, and has shown 
very promising results. 

In the second chapter, device models appropriate for low power subthreshold design 
have been reviewed in the light of the application to neural prosthetics, where the opera-
tion frequencies are usually kept under 10 kHz. An examination of the sources of noise in 
subthreshold circuits highlight the usefulness of PMOS devices in the low audio frequen-
cies. Furthermore, a view into the sources of mismatch and ways of getting round these 
is presented. This is of increased importance in sub-threshold design, where matching is 
exceptionally poor. 

The third chapter introduced probably the most successful neuroprosthetic system to 
date; i.e. the cochlear implant system. After a brief introduction to the auditory system, 
various different ways to substitute the natural audio preprocessing is presented. The 
organisation and transmission of neural impulses to the brain in damaged human auditory 
system are of extreme importance. Whilst some cochlear implant signal processing strategies 
are designed to mimic the spectral transmissions of a healthy cochlear, others seek to extract 
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and provide an adequate amount of speech feature information that hopefully is sufficient 
to enable the distinction between different words. The latter strategies are found to have 
shortcomings in noisy environments where they are easily out-performed by the spectral 
strategies, which leave the intelligent processing to the human brain. Issues that are common 
to all neuroprosthetic devices are discussed in the context of cochlear implants; these include 
power and data transmission, stimulation waveforms and electrode design issues. 

The main contributions of this work are found in the design of a hybrid analog/digital 
system-on-chip, that significantly reduces the power consumption and size of a cochlear 
implant processor. This is aimed at providing a chip for a totally implantable cochlear 
prosthesis. In designing the system, several novel ultra low power electronic circuits and 
techniques have been developed; these include an operating point elimination technique 
essential to ensure correct operation of weak-inversion log-domain filters, a four transistor 
resistorless current reference for providing sub-threshold current levels and a three transistor 
one capacitor non-linear low frequency low pass filter/stimulus current compressor. In 
addition, new ways of using well known circuits have been shown, as in the case of the 
current mode phase splitter and current limiter found in the full wave rectifier block. As 
the data recovery circuits can support high data rates (over 2Mbits/sec) it is possible in 
the future to modify the system so as to operate the system in a dual mode architecture 
where an externally worn processor can provide additional strategies if required in different 
environments whilst also reduce the risks of implanting a totally implanted system. The final 
version of the system that was integrated in silicon, was found to be capable of delivering 
the required accuracy for a cochlear implant system at substantially lower power levels than 
current state of the art digital equivalents, giving it a worst case charge/discharge cycle of 
1 day, whilst the most optimistic cycle was around 13 days. 

The application of these circuits and techniques are not limited to cochlear implants but 
are applicable to most neuro-prosthetic devices that are constrained to working with little 
power. 

Finally, it has been shown that exploiting the inherent properties of the 'Bernoulli 
cell' leads to a novel elegant micro-powered skeleton structure for a full implementation of 
the HH neuron equations. Following Mead's [1] suggestions on engineering neuromorphic 
systems, the circuit "takes advantage of the inherent capabilities of the medium such as the 
abilities to generate exponentials, to do integration with respect to time, and to implement 
a zero cost addition using Kirchoff's law". This skeleton circuit can be further developed 
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to produce a nerve axon silicon emulator that could be used in neural network hardware. 

6.1 Future work 

The sub-blocks of the cochlear implant system have not yet been fully optimised, as it 
was more important to put a system together that would meet the required preliminary 
specifications within a particular time frame e.g. the input transconductor can be easily 
improved with the use of linearisation techniques to increase the dynamic range. The AGC 
is currently implemented digitally, even though it is expected that an analog AGO will 
perform better both in terms of power and noise. The power of the oscillator can be brought 
down by using current starved inverters. Modifications to the biphasic pulse generator to 
introduce small pauses between the pulse phases can lead to a reduction in the patients' 
stimulation thresholds. Additional stimulation strategies could be added with little area 
cost. e.g. The simultaneous analog stimulation strategy (SAS) could be easily added to the 
current system, however the simultaneous power consumption of sixteen electrodes firing at 
the same time would mean that a much larger implanted battery would be needed to keep 
the re-charging at once a day. 
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DIFFERENTIAL PAIR'S TRANSCOND UCTANCE 

179 



180 

Figure A.1: MOS differential pair 

For subthreshold operation, the simplified drain current vs gate-source Eqn. 2.25 is 
assumed to be adequate for a simple hand model. Letting 1+7 1-Do = -PDC) 

IDS = i'Doevasinot 

Therefore the differential output current /1  — /2, 

(A.1)  

-rod = rpo [evcsi /nOt _ evcs2/nsbt] (A.2)  

The tail current Itail iS 	12 hence 

hail = -TIDO [evcsi/nOt 	evos2/nOt] (A.3)  

The differential input signal is V 	= VGS1 	VGS2 therefore 

VGS1 = VGS2 	VinD (A.4)  

Substituting Eqn. A.4 into Eqn. A.2 and Eqn. A.3 and dividing the two gives 

-rod evinDinOt — 1 e— vinD/2nOt 

Raid — eVinD Inch + 1 e—VinD127195t (A.5)  

And so 
_Tod = Itailtarth (VinD1271(pt) (A.6)  
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The transconductance 

(Hod hail  2
(  Gm  = 	= 	 sec VinD12ncbt) 

dVinD 2nOt 

And so when VinD/2nOt  is near 0 

dIOd  _ hail  
gm  = 

dVinD 2nOt 

Taking a single ended output will give 

drag  hail 'gain 
gm  — dVinD  4nOt  2745t 

(A.7)  

(A.8)  

(A.9)  
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Decoded Data Format / Allocation 
Bits No Logi 

c 
Assigned to 

1.  LSB 
Offset correction for channel 16 

00000 for no correction 
11111 for maximum offset current subraction to bring offset to 0 

2.  
3.  
4.  
5.  MSB 
6.  LSB 

Output Gain channel 16 

00000 for lowest dynamic range 
11111 for maximum dynamic range 

7.  
8.  
9.  
10.  
11.  MSB 
12.  LSB 

Threshold pulse channel 16 

00000 for lowest dc current output 
11111 for maximum dc current output 

13.  
14.  
15.  
16.  MSB 

17-32 Channel 15 (organized as above) 
33-48 Channel 14 (organized as above) 
49-64 Channel 13 (organized as above) 
65-80 Channel 12 (organized as above) 
81-96 Channel 11 (organized as above) 

97-112 Channel 10 (organized as above) 
113-128 Channel 9 (organized as above) 
129-144 Channel 8 (organized as above) 
145-160 Channel 7 (organized as above) 
161-176 Channel 6 (organized as above) 
177-192 Channel 5 (organized as above) 
193-208 Channel 4 (organized as above) 
209-224 Channel 3 (organized as above) 
225-240 Channel 2 (organized as above) 
241-256 Channel 1 (organized as above) 
257-272 Spare 

273.  LSB Stimulation Phase length - 00 - 50usec /phase 
- 11 - 100usec/phase 274.  MSB 

275.  LSB AGC recovery clock signal 00 - divide (clock freq/16.5) by 2 
11 - divide (clock freq/16.5) by 16 276.  MSB 

277.  disab 
le 

AGC enable bit: 0-AGC off (default) : 1 AGC on 

278.  LSB Manual Gain current: Filters 1-8 
0000 gives minimum input sensitivity 
1111 gives maximum input sensitivity 

279.  
280.  
281.  MSB 
282.  LSB Manual Gain current: Filters 9-16 

0000 gives minimum input sensitivity 
1111 gives maximum input sensitivity 

283.  
284.  
285.  MSB 
286.  LSB 000 - gives 10:8 	copy of reference current (way of shifting center frequencies) 

010 - gives 10:10 copy of reference current 
111 - gives 10:15 copy of reference current 

287.  
288.  MSB 

The assignments of bit is made in the order of transmission i.e. bit 1 is transmitted first and bit 288 is transmitted 
last. 

Figure B.1: The decoded data format and corresponding analog circuits that it affects 
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Figure C.1: The schematic of the testboard for the complete cochlear system. A Pic mi-
crocontroller encodes the data into the chips protocol and sends the PWM signal to the 
chip 
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Low level measurements - Low current measurements were made using the circuit shown 
in Fig. C.2. The amplifiers have extremely low input currents i.e. of the order of a few 
pico Amperes. Al is used to drive a guard surrounding the low current signal track. This 
effectively bootstraps the signal so as to reduce both the leakage currents and effective 
parasitic capacitance. Amplifier A2 provides a virtual ground. The output voltage is 

x 12002. The amplifier A3 along with R2 and R1 provide further gain i.e. 
which on the testboard was set to a gain of -10. 

guard drive 
Al 

120k 

Al 
A3 

Figure C.2: The schematic of the high speed picoammeter used to measure low ac currents 
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