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Abstract 

In spinal cord injured (SCI) individuals the neural pathway between the brain and the 

extremities is damaged. However, there is still the capacity to elicit muscle activation despite 

the absence of any supraspinal input. Recent studies have proposed epidural spinal cord 

electrical stimulation (ESCS) as a means to facilitate locomotor recovery in SCI humans. In 

epidural stimulation a number of electrodes are placed in the spine, outside the dura, and 

stimulus current pulses are used to ‘tune’ the spinal circuitries. Some rat studies have 

supported this concept, but further testing is required to increase our understanding and 

optimise the stimulation parameters. Testing protocols are currently limited by the available 

technology. More specifically, the number of electrodes one can use seriously limits the 

paradigms that could be investigated. For this reason, electrode arrays, as opposed to the 

conventional pairs of electrodes, can be used to investigate the effect of ESCS at different 

sites. 

The development of epidural electrode arrays for chronic testing in rats is a challenging task 

due to their small size. The difficulties increase radically when a large number of electrodes 

need to be independently controlled. It has been well documented in the literature that a large 

number of connections (wires) is highly undesirable because it either makes the implantation 

procedure more challenging, or, if the device is successfully placed in the body, it could 

imperil perfusion, result in infections, tissue damage, or simply cause the device to fail. 

The development of a flexible epidural electrode array suitable for chronic implantation in 

rats was the main goal of this work. 

For the first generation of the system, flexible passive 12-electrode arrays, using silicone 

rubber and annealed platinum foil, were designed and fabricated—suitable for use with an 

external stimulator. In vivo evaluation of these devices showed that they failed quickly, 

87.5% of the connections after a week inside the spine of a rat. The failure analysis 

performed highlighted the need to reduce the number of connections to avoid inflammation 

and improve the mechanical stability of the implants. 

To overcome the connections ‘bottleneck’ without compromising the number of electrodes 

(which was necessary for the planned paradigm), our approach was to develop application-

specific integrated circuits (ASICs) to be embedded on the arrays, acting as electrode drivers. 

The ASICs reduce the number of connections to 3, feature a very small silicon footprint (less 

than 0.36 mm2 core area), consume very low power (up to 114 μW during a full stimulation 

cycle), and allow for the necessary versatility for the testing with a real-time control system, 

developed by our collaborators (in the FP7 NEUWalk project). A custom designed ‘hub’, 
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designed by Dr. Clemens Eder, is used to electronically – rather than manually – manage the 

stimulus parameters and the operation of the ASICs. It can be programmed via a graphical 

user interface (GUI) or the real-time controller.  

Moving to the second generation of the system, active (with embedded ASICs) epidural 

arrays were designed, developed and evaluated. For this version, platinum iridium foil, was 

preferred, due to its superior mechanical strength. The next part of the work focused on the 

the different aspects of the fabrication and assembly processes. More specifically, size 

restrictions related to the implantation site dictated the need to use thinned ASICs. To post-

process the already fabricated chips, a method for purely mechanical silicon thinning at 

individual die level was developed and characterised. For the integration of the ASICs on the 

arrays an evaluation study was conducted to examine the mechanical reliability of the bonds 

produced by electrical rivet bonding. 

Combining all the above, a new fabrication process was developed for the active arrays. 

Despite the fact that, so far, chronic in vivo testing has not been yet implemented, the 

produced prototypes were electrically and mechanically evaluated in vitro, and results are 

satisfactory, as no failed tracks were observed during the chronic tests in the lab.  

The current setup allows power and data to be transferred to the implant real-time through a 

connector fixed on the rat’s head, while the animal is on a treadmill or on a runway. This 

implies that there is no need for a wireless system at this stage. However, more complex 

experiments where the rats would be able to move freely and interact with other rats 

unrestricted, developing a behaviour that is closer to their natural, could provide significant 

new knowledge in the future. Although there are still many things to understand regarding 

epidural stimulation and its effect before planning an experiment like this, this was kept in 

mind throughout the whole design and development phases of this system. On this basis, the 

developed subcomponents are compatible with a system level design of a fully implantable 

platform to be used in freely moving rats, stimulated for 3 – 4 hours per day. This system 

comprises the active electrode array, which is the focus of this thesis, together with a 

miniaturised, battery-powered implantable version of the previously mentioned hub (which is 

on-going work, and is not presented here). 
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Thesis organisation 

This thesis comprises five parts that group together the individual chapters towards larger 

theme sections. 

Part I gathers all the relevant information to present the theoretical background relevant to 

this application, in chapters 1, 2 and 3.  

In chapter 1 an introduction to spinal cord injury is given and the motivation for this work 

is briefly described. This is followed by a presentation of the principles of electrical 

stimulation of neurons. A dedicated section on epidural stimulation is included at the end 

of the chapter, which describes the anatomical details, the relevance of spinal cord 

stimulation to locomotion recovery and the related implant fabrication challenges.  

Chapter 2 starts by setting the aims and giving a summary of this work. A detailed review 

and comparison of the reported implantable rat stimulating systems is presented before 

highlighting the novelty and main contributions of this work in the field. 

Chapter 3 discusses the theory behind electrodes, the electrode – electrolyte interface, 

materials commonly used for electrode fabrication and their properties. Three main 

methods used for electrode characterisation, namely cyclic voltammetry, impedance 

spectroscopy and voltage transients are described. Finally, the chapter concludes with a 

review on the main electrode array fabrication technologies and presents some examples 

of previously reported active implants. 

Part II comprises a single chapter (chapter 4) and presents the practical work on the first 

generation (passive) epidural arrays. The chapter describes the selection of the materials and 

the proposed fabrication method. Design attempts and the in vitro and in vivo evaluation of 

the passive prototypes are discussed. Results regarding the mechanical properties of the 

arrays were not satisfactory, and a detailed failure analysis revealed several cracks along the 

length of the arrays.  The benefits of reducing the number of connections by using ASICs as 

electrode drivers to increase the array reliability are discussed. 

Part III also comprises a single chapter (chapter 5) and discusses the details of the electronic 

design and performance of the electrode-driving ASICs. The chapter begins by setting the 

electrical specifications of the system and presenting the design from the point of view of 

both its layout and its operation. Circuit details are discussed, together with the design details 

of the first version of a hub which manages the ASIC operation. Measured results are 

presented, and the chapter concludes with a discussion and comparison with previously 

reported work. 
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Part IV deals with the design, fabrication, assembly and evaluation of the second generation 

(active) epidural arrays, in chapters 6, 7 and 8.  

Size restrictions in the implantation site dictated the need to use thinned ASICs. Chapter 6 

presents the characterisation of a method of silicon thinning at individual die level using a 

purely mechanical process. It discusses all the materials and processes used and all the 

challenges encountered when processing small dice rather than full wafers. It introduces a 

custom-made setup to control the final thickness of the chips and presents experimental 

results.  

Chapter 7 reviews the reported assembly techniques for integration of electronics on 

flexible substrates and presents a study on the mechanical reliability of bonds created via 

electrical rivet bonding (our selected assembly process) using pull tests.  

Chapter 8 discusses the proposed fabrication method for the active implants, and presents 

some fabricated prototypes. The prototypes have been electrically and mechanically 

evaluated in vitro and the results are analysed and discussed at the end of this chapter. 

Finally, part V presents the general conclusion and plans for future work in chapter 9. 
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Chapter 1 

Introduction 

1.1 Spinal cord injury, background and motivation for this work 

Spinal cord injury (SCI) greatly affects individuals’ ability to stand and walk, degrading their 

quality of life. According to the International Campaign for Cures of Spinal Cord Injury 

Paralysis [1], an estimated 2.5 million people worldwide live with SCI. The social and 

economic consequences are massive as the long term cost of care for these people is 

estimated over tens of billions of dollars per year. Although there are currently no restorative 

treatments for SCI, there is a variety of different cellular, molecular and rehabilitative 

therapies being tested [2].  

After SCI, the normal architecture of the spinal cord is disrupted and additional structure and 

function loss is observed due to active secondary processes [2]. The injury can also expand 

progressively across more than one segment over time. As a result, the neural pathway 

between the brain and the extremities is damaged. However, there is still the capacity to elicit 

muscle activation despite the complete absence of any supraspinal input. Some neuroplastic 

changes below the level of lesion have been observed after SCI [3].  

The basic neuronal circuitries responsible for the generation of independent standing and 

stepping patterns are located caudally to the level of most human SCI. These circuitries do 

not become silent after the injury, but maintain their neuronal properties and can respond to 

peripheral sensory input, reorganising themselves within the spinal cord. This use-dependent 

neuroplasticity can be exploited by functional training for a specific motor task. This 

represents an important factor when aiming at the recovery of locomotor function [3]. The 

underlying mechanisms that enhance this task-specific plasticity are not yet well understood, 

still, it is clear that the physiological state of the spinal cord is altered by these processes [4].  

Recent studies have proposed epidural spinal cord electrical stimulation (ESCS) as a means 

to facilitate locomotor recovery in SCI humans [5], [6]. It is believed that task-specific 

training with epidural stimulation either reactivates previously silent circuits or promotes 

plasticity. In epidural electrical stimulation a number of electrodes are placed in the epidural 

space of the spinal cord and stimulus current pulses are used to ‘tune’ the spinal circuitries. 

The exact mechanism involved is currently under research, and the stimulation parameters 

still need to be optimised for motor-related applications. Animal experiments are thus 
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necessary to examine different stimulation patterns [7], however, the paradigms that can be 

investigated are limited by the available technology.  

In the course of the European Commission funded project NEUWalk 

(http://www.neuwalk.eu), studies involving SCI rats were planned by our collaborators in the 

Experimental Neurorehabilitation Laboratory, Department of Neurology, University of 

Zurich, Switzerland (UZH) [and later by École Polytechnique Fédérale de Lausanne, 

Lausanne, Switzerland (EPFL)]. UCL, together with the Laboratory of Biosensors and 

Bioelectronics, in the Institute of Biomedical Engineering, Swiss Federal Institute of 

Technology in Zurich, Switzerland (ETHZ) and Fraunhofer ICT-IMM (Institut für 

Mikrotechnik Mainz) in Mainz, Germany (IMM), were involved in the development of the 

necessary technologies that would enable the realisation of these studies. The work that is 

presented in this thesis has been shaped by the close collaboration between the different 

project partners. Several people have contributed in different manners to this work, and these 

contributions are acknowledged and attributed to them in this thesis. 
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1.2 Fundamentals of electrical stimulation 

1.2.1 Neurons 

Neurons are the structural and functional units of the nervous system. They are excitable cells 

(meaning that they can be activated) and they generate and transmit impulses in the form of 

electrical signals. This way they carry information from the brain to the periphery and vice 

versa. They communicate chemically with other neurons through the synapses (point of 

contact). Neurons are surrounded and protected by other nerve cells, that are not excitable 

and act as the connective tissue of the nervous system, the neuroglial cells. These outnumber 

neurons by about five to one [8]. 

Each neuron is made of a body, an axon and many dendrites (Fig. 1.1). The body or soma of 

a neuron generates the vital processes of the neuron cell. Axons and dendrites are types of 

nerve fibres. The dendrites receive signals from other neurons, while the axon conducts nerve 

impulses. Nerves are tight bundles of nerve fibres (fascicles). Some nerve fibres are 

surrounded by an electrically insulating material, the myelin sheath, which increases the 

speed at which impulses propagate along the fibre. 

Figure 1.1. Parts of a neuron: body, dendrites and the axon, as well as the myelin sheath are visible 

(John Wiley & Sons, Inc., 2000). 
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As illustrated in Fig. 1.1, the axons are actually long segments that emerge from the body of 

the neuron. In motor neurons, their bodies are located in the grey matter of the spinal cord 

while their axon is projected outside the spinal cord, all the way to the skeletal muscles which 

are involved in locomotion.  

Until recently it was believed that, unlike other tissue, a neuron could not be regenerated once 

damaged. Today, it is known that this can be done, and that the connections between neurons, 

as well as properties of neurons themselves, can be re-established and reformed. This 

phenomenon is called plasticity [9]. 

1.2.2 Electrical properties of neurons 

1.2.2.1 Separation of charges across the cell membrane 

A neuron, like other cells in the body, maintains a steady electrical potential difference 

between its internal and external environments. This potential difference is due to a 

separation of charges across its membrane: negative ions are concentrated along the inner 

surface while positive ions are concentrated along the outer surface of the cell membrane 

(Fig. 1.2) [10].  

This separation of charges is due to the selective permeability of the membrane to ions, 

according to which, in the resting state the concentration of Potassium (K+) is relatively high 

intracellularly, and the concentrations of Sodium (Na+) and Chloride (Cl−) are relatively high 

extracellularly. Thus, the interior of the cell is negatively charged relatively to the exterior. 

This difference establishes a transmembrane potential difference, the resting membrane 

potential, which for a typical neuron is around −70 mV (practically lies in the range of −40 

mV to −90 mV) [11]. 

 

Figure 1.2. Separation of charges across a cell membrane (reproduced from [10]). 
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1.2.2.2 Response to a stimulus: graded potential and action potential 

When a stimulus is applied, electrical charge travels across the cell membrane in the form of 

ions flow. The flow of ions through the membrane can alter the membrane potential. Ions can 

flow through the membrane via ion channels, which are selective, allowing the movement of 

one type of ion while excluding others.  

If these movements of ions result in a reduced charge difference across the membrane, the 

membrane potential moves closer to zero and the membrane is depolarised. In the opposite 

case where the potential becomes more negative due to increased charge difference, the 

membrane is hyperpolarised. 

These changes in the membrane potential can be distinguished into two functionally different 

kinds: the graded potential and the action potential. Initially, the response of the cell to a 

stimulus will result in a local, graded potential. The graded potential is the result of the 

activity of a single kind of ion channel or a group of different kinds of channels, varies with 

the intensity and duration of the stimulus and gradually decays back to the resting membrane 

potential. When a cell depolarisation exceeds a threshold (typically −60 mV), the 

permeability of the membrane to specific ions changes dramatically and the cell can ‘fire’ an 

action potential, a large abrupt spike of depolarisation and repolarisation (Fig. 1.3) [12]. Once 

an action potential is fired, its size and shape do not depend on the intensity or duration of the 

stimulus (all-or-none property). Action potentials propagate along the axon without 

decreasing in amplitude. The duration of action potentials depends on the type of the cell and 

for a typical nerve cell can be about 0.5 – 1 ms, compared to 1.5 ms for skeletal muscle fibres 

and 200 – 400 ms for cardiac fibres [13]. 

After a cell fires an action potential, it enters the absolute refractory period, during which the 

membrane cannot respond to any stimulus. The absolute refractory period is followed by the 

relative refractory period, where an intense stimulus can elicit another action potential [14]. 

These intervals are shown in Fig. 1.3. The refractory period sets an upper limit to the 

frequency at which a cell can be depolarised [11]. A nerve cell is non-excitable for 

approximately up to 2 ms after the action potential [13]. 

1.2.2.3 Speed of action potentials 

For a specific cell, the speed it takes for an action potential to propagate along an axon 

depends on two factors: the membrane time constant and the membrane length constant. 
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The membrane time constant 𝜏𝑚 represents the time it takes to reach 63% of the maximum 

amplitude of depolarisation. The membrane time constant depends on the resistance across 

the membrane (𝑟𝑚) and the membrane capacitance (𝑐𝑚) according to the equation: 

𝜏𝑚 =  𝑟𝑚  ×  𝑐𝑚                                                              (1.1) 

The resistance of a membrane is an indication of how well the membrane prevents the 

passage of charged ions, so it depends on the number of open ion channels, while the 

membrane capacitance is an indication of its charge storage capacity. Neurons with large time 

constants require more time to become depolarised after the application of an external 

stimulus. 

The membrane length or space constant λ represents the distance between the point of peak 

depolarisation and the point where the depolarisation has been reduced to the 37% of the 

initial peak value, and it depends on the resistance across the membrane (𝑟𝑚) (measured in 

Ωm) and the resistance inside the membrane (𝑟𝑖 ) (measured in Ω/m), according to the 

equation: 

 

Figure 1.3. Shape of transmembrane potential () and changes in the ionic conductances for sodium 

(gNa) and potassium (gk) during an action potential (reproduced from [11]). 
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𝜆 =  √
𝑟𝑚

𝑟𝑖
 .                                                              (1.2) 

Considering a cylindrical cell of radius 𝑎 , the membrane resistance is related to the 

membrane resistivity 𝜌𝑚(measured in Ωm2) according to the equation:  

 𝑟𝑚 =  
𝜌𝑚

2𝜋𝑎
                                                            (1.3) 

while the resistance inside the membrane is related to the intracellular resistivity 𝜌𝑖 

(measured in Ωm) according to the equation: 

𝑟𝑖 =  
𝜌𝑖

𝜋𝑎2 .                                                               (1.4) 

Typical values of the membrane capacitance, membrane resistivity and intracellular 

resistivity for nerves and muscles are presented in Table 1.1. 

According to the above, the velocity of the action potential (𝑣) can be determined by the 

equation: 

𝑣 =  
𝜆

𝜏𝑚
 .                                                                 (1.5) 

1.2.2.4 Activating function 

The response of an excitable neuron to a stimulus depends on the geometry, the type of 

neuron (myelinated, unmyelinated, membrane capacity etc.) and the strength and polarity of 

the external stimulus. The concept of the activating function, first introduced by F. Rattay in 

1986 [15], provides a tool to explain the influence of an extracellular field on a long nerve 

fibre. According to this, the first response of long homogeneous unmyelinated fibres is 

proportional to the second derivative of the extracellular potential 𝑉𝑒: 

𝑓𝑢𝑛𝑚𝑦𝑒𝑙𝑖𝑛𝑎𝑡𝑒𝑑  =  
𝜕2𝑉𝑒

𝜕𝑥2  .                                                      (1.6) 

Table 1.1. Electrical properties of nerve and muscle cells 

membrane capacitance 0.05 – 0.2 F/m2 

membrane resistivity (𝜌𝑚)* 0.1 – 1 Ωm2 

intracellular resistivity (𝜌𝑖)* 0.5 – 2 Ωm 

* values for nerve are in the lower range, for muscle in the higher 

(reproduced from [13]) 
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A negative value of the activating function indicates hyperpolarisation of the membrane, 

while a positive activating function indicates depolarisation of the membrane, and that is 

when the activation of a fibre occurs. The peak value of the depolarisation indicates the 

excitation site. This is only valid for the initiation of the action potential, at the onset of the 

pulse, since after that currents distributed throughout the fibre will affect the transmembrane 

potential [16]. A plot of the activating function when a monopolar spherical electrode is used 

is illustrated in Fig. 1.4. 

Myelinated fibres are composed of continuous tubes of membrane surrounded at regular 

intervals by myelin sheaths which provide electrical insulation [18]. Gaps between myelin 

sheath are called nodes of Ranvier. These gaps are approximately 1 micrometre in length and 

they are the points where the membrane is uninsulated and electrical activity can be 

generated. Therefore, electric stimulation of myelinated fibres is significantly different from 

that of unmyelinated fibres due to the fact that current flow in and out of the membrane can 

only occur at the nodes of Ranvier. The action potential propagates from one node to the 

other. For myelinated fibres, the voltage is evaluated at the nodes of Ranvier, and the 

activating function becomes proportional to the second difference quotient of the extracellular 

potential: 

 

Figure 1.4. (a) Calculated extracellular potential along a fibre produced by a monopolar spherical 

electrode and the activating function for (b) anodic and (c) cathodic stimulation. Depolarisation is 

expected at the shaded areas. (d) The position of the electrode with respect to the fibre (reproduced 

from [17]). 
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𝑓𝑚𝑦𝑒𝑙𝑖𝑛𝑎𝑡𝑒𝑑  =  
𝛥2𝑉𝑒

𝛥𝑥2  .                                                   (1.7) 

From the theory and analysis of the activating function several conclusions concerning a 

cell’s response to a stimulus have been derived (the complete analysis is not be presented 

here, but can be found in [13], [15], [16], [17], and [18]). Firstly, thick and larger fibres are 

more excitable (the distance between the nodes of Ranvier 𝐿 is directly proportional to the 

fibre diameter 𝐷 (𝐿 = 100 ×  𝐷), so the bigger the fibre, the larger the internodal distance). 

Secondly, myelinated fibres respond earlier that unmyelinated. Thirdly, action potentials are 

initiated easier with cathodic than anodic currents. Fourthly, the curvature of a target fibre 

influences its threshold and finally, there are conditions which favour selective stimulation 

[19]. 

The activating function has been proven very useful for peripheral nerve stimulation, where 

the structure of the target neuron can be homogeneous in the region close to the stimulating 

electrodes, but does not directly apply when neurons of the central nervous system are 

activated, where different neural substructures are involved, with different compartment 

diameters. 

Generalising the concept of the activating function to neurons of the central nervous system 

requires a model for a complete neuron (shown in Fig. 1.5), including dendrites, the body, an 

initial segment which represents the beginning of the axon, a myelinated axon and an 

unmyelinated terminal part (for a more detailed analysis see [20]). The generalised activating 

function suggests that in an inhomogeneous neural structure the second derivative of the 

extracellular potential is not the only component that affects the activation of the structure. 

Some interesting conclusions can be derived from the analysis of the generalised activating 

function: (i) The myelinated axon is the most excitable part of a neuron, (ii) excitation is 

easier with cathodic currents compared to anodic (up to 4.2 times easier) but this is not 

always the case for electrodes placed in the dendritic region, (iii) when an electrode is placed 

in front of dendrites, excitation is only possible with anodic currents and spikes are generated 

in the first node, (iv) electrodes placed at the terminal side generate spikes at the last nodes, 

(v) the total activating function for several sources can be obtained by summing all the 

separate activating functions, (vi) often only the nearest electrode contributes to the neuron’s 

behaviour and (vii) in neurons with myelinated axons the axon is more excited than the body 

[20]. 
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1.2.2.5 Strength – duration curve and charge – duration curve 

Strength – duration curve 

When a constant current pulse is applied to trigger the firing of an action potential, the 

relationship between the intensity of the injected current and the duration of the pulse 

required to initiate the action potential is described by the strength – duration curve. Different 

types of excitable tissue require different intensity and duration, but the qualitative nature of 

the curve remains similar. A typical strength – duration curve is illustrated in Fig. 1.6 (a) 

(reproduced from [21]). According to this, longer pulses can trigger action potentials with 

smaller current amplitudes, there is though a minimum threshold below which no excitation 

is possible. This is called the rheobase current Irh. Chronaxie time tc is defined as the pulse 

duration which corresponds to twice the rheobase current. 

The following formula has been used to describe the strength – duration curve [21]: 

𝐼𝑡ℎ =
𝐼𝑟ℎ

1−exp (−𝑊
𝜏𝑚⁄ )

                                                  (1.8) 

where 𝐼𝑡ℎ is the current required to reach the threshold, 𝐼𝑟ℎ is the rheobase current, 𝑊 is the 

width of pulse and 𝜏𝑚 is the membrane time constant. 

Charge – duration curve 

Fig. 1.6 (b) illustrates the charge – duration curve which describes the relationship between 

the injected charge (𝑄𝑡ℎ = 𝐼𝑡ℎ𝑊) and the duration of the pulse. According to this curve, the 

injected charge increases with the pulse duration. For longer pulse widths accommodation 

occurs and part of the charge is redistributed along the length of the axon, thus more charge is 

required to elicit action potentials [21]. 

 

Figure 1.5. Model of an inhomogeneous neuron (reproduced from [20]). 
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Therefore, using narrower pulses is generally a good practice to minimise electrochemical 

reactions on the electrode surface (these are further discussed in chapter 3). 

1.2.3 Phenomena occurring during nerve stimulation and the effect of 

common stimulus waveforms on the excitation of cells 

1.2.3.1 Phenomena occurring during nerve stimulation 

In artificial electrical stimulation an external stimulus is used to trigger an action potential by 

moving the extracellular environment to a more negative potential, thus reducing the charge 

difference across the membrane, depolarising the membrane.  

Cathodic (cathode-make) and anodic stimulation 

When an electrode is driven as a cathode, in cathodic stimulation, the electrode potential 

moves towards more negative potentials and depolarisation occurs in the vicinity of the 

working electrode triggering action potentials.  In anodic stimulation, hyperpolarisation 

occurs near the working electrode, while depolarisation occurs at a distance away from the 

anode, and action potentials may be triggered due to this depolarisation. 

Anode-break 

Apart from the cathode, action potentials can sometimes be triggered at the anode due to 

hyperpolarisation when the hyperpolarising stimulus current is abruptly terminated by a rapid 

falling edge. This phenomenon is a result of an instantaneous chemical imbalance inside the 

axon [22] and it is called anode-break. It can be avoided by using slow decaying pulses ([23] 

and [24]).  

 

Figure 1.6. Strength – duration (a) and charge – duration (b) curves (reproduced from [21]). 
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Indirect stimulation via virtual electrodes 

The cathode-make and anode-break phenomena are cases of direct stimulation as they are 

observed in the vicinity of actual electrodes. However, activating functions can present more 

peaks, which are not associated to the physical existence of any real electrodes. These peaks, 

which are caused by steep current gradients in distant areas, can be either positive or 

negative, and are attributed to virtual cathodes and virtual anodes, respectively [22]. 

Accommodation 

Accommodation is another phenomenon that can affect the effect of stimulation. 

Accommodation occurs when prolonged stimuli below the excitation threshold are induced. 

These can reduce the number of excitable axons, resulting in increasing the threshold value.  

According to the above, it is obvious that, in artificial stimulation, apart from the amount of 

charge that is delivered to the cells, several other parameters such as the frequency, duration, 

shape and amplitude of the stimulus can be adjusted to produce quite different effects as far 

as excitability is concerned. Different stimulus waveforms and how these affect the excitation 

of the cells will be examined next. 

1.2.3.2 The effect of common stimulus waveforms on the excitation of cells 

Voltage, current and charge controlled stimulation 

The external stimulus used to trigger the firing of action potentials in electrical stimulation 

can take the form of current or voltage pulses. In current controlled stimulation, the amount 

of injected charge as well as the electric field in the tissue can be directly controlled. In 

voltage controlled stimulation, the current flowing through the tissue will vary according to 

the impedance seen at the interface between the electrode and the electrolyte and, therefore, 

cannot be controlled. 

Stimulators using another technique, the charge controlled stimulation, realised with a 

switched-capacitor based circuitry, have been recently reported in the literature ([25], [26] 

and [27]). Charge controlled stimulation aims at controlling the total charge injected with 

each stimulation pulse, while providing high power efficiency. This technique is relatively 

new and the effects of the resulting stimulus waveform on the excitation of cells have not yet 

been investigated. 

With implanted electrodes, in neural stimulation applications, current controlled stimulation 

is usually preferred.  
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Common stimulus waveforms in current controlled stimulation 

Several different waveforms have been used for current controlled electrical stimulation. As 

previously mentioned, cathodic stimulation requires less current to trigger the firing of action 

potentials compared to anodic stimulation, so usually the working electrode is used as a 

cathode. 

In the simplest case, a cathodic monophasic pulse [Fig. 1.7 (a)] is used to depolarise the 

membrane. When an electrode is placed in the body, before any current starts to flow, a 

potential difference across the electrode and adjacent tissue appears, called the equilibrium 

potential. A cathodic pulse drives the electrode potential towards more negative values (the 

effect of different waveforms on the electrode potential will be further analysed in chapter 3, 

section 3.1.3). In a monophasic pulse the current always flows towards one direction and the 

circuit is left open between two pulses. The electrode potential moves slowly towards the 

initial equilibrium potential, but because, usually, in frequencies used for stimulation 

(sometimes higher than 50 Hz), the next pulse arrives before the equilibrium potential has 

been re-established, the electrode potential gradually moves towards more negative values in 

long-term stimulations. This phenomenon has two effects: firstly, the stimulation becomes 

more efficacious due to the lower currents required to trigger the action potentials [21]. 

Secondly though, several irreversible electrochemical reactions may occur at the electrode – 

electrolyte interface as a result of this negative value of the potential, releasing products that 

might be harmful for the tissue. 

To restore the electrode potential closer to the equilibrium potential before the next pulse 

arrives biphasic stimulation was introduced. In biphasic charge balanced stimulation [Fig. 

1.7 (b)], a second phase is introduced in the pulse, where current of equal amplitude flows in 

the opposite direction for an equal amount of time straight after the first phase. The first and 

the second phase are treated as one pulse, where the first phase is used to depolarise the 

membrane and elicit the desired effect, while the second phase is used to reverse the 

electrochemical reactions occurring at the electrode – electrolyte interface. This way 

irreversible electrochemical reactions that result in damaging the tissue could be avoided. As 

will be later explained though, due to different phenomena, reversing the current does not 

necessarily restore all the injected charge. On the contrary, in the long term it might result in 

moving the electrode potential towards more positive potentials, still introducing irreversible 

reactions, only of different nature (such as corrosion). 

Another type, the biphasic charge imbalanced pulse [Fig. 1.7 (c)], exists. According to this, 

in the second phase of the pulse the direction of current is still reversed, but the total injected 

charge is less than the charge injected in the first phase. This way the resulting electrode 
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potential in long term stimulation could ideally, if the right amount of charge was injected in 

the second phase, be closer to the equilibrium, avoiding damaging both the tissue and the 

electrode.  

Charge balanced biphasic stimulation, may suppress action potentials that would normally be 

triggered with monophasic stimulation, increasing the threshold for biphasic stimulation 

compared to monophasic [28]. An interphase delay introduced between the two phases of the 

pulse, during which the circuit is kept open, is used in biphasic charged balanced stimulation 

with delay [Fig. 1.7 (d)]. Biphasic charged balanced stimulation with delay has been shown to 

restore the stimulation threshold back to levels similar to these used for the monophasic case. 

Typical values for the interphase delay are around 100 µs [21]. 

Other non-rectangular stimulation pulses, such as linear increase and decrease, exponential 

increase and decrease, Gaussian and sinusoidal have been evaluated by computer simulations 

in other studies [28] in terms of their stimulating as well as their energy efficiency. The 

chronaxie time was found to be longer for all the non-rectangular pulses and some pulses 

were found to be more energy efficient than others ([29] and [30]). These pulses are not 

though yet well documented in the literature and, although they might possibly offer some 

advantages compared to the conventional rectangular pulses, they were not considered further 

in this work.  

 

Figure 1.7. Common waveforms used in current controlled electrical stimulation; (a) monophasic, (b) 

charge balanced biphasic, (c) charge imbalanced biphasic, and (d) charge balanced biphasic with 

interphase delay. 
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1.3 Epidural spinal cord electrical stimulation 

1.3.1 Neuroanatomy and neurophysiology 

The nervous system comprises the central (CNS) and the peripheral nervous system (PNS). 

The CNS consists of the brain and the spinal cord, while the PNS consists of the cranial and 

spinal nerves and their associated ganglia.  

The spinal or vertebral column is the flexible axis that runs across the body, providing 

support. It consists of a series of bones, the vertebrae and forms a protective cavity for the 

spinal cord, the spinal canal.  

The spinal cord is an approximately cylindrical bundle of nervous tissue located within the 

spinal canal. In cross section (Fig. 1.8), in the centre of the spinal cord there is the central 

canal, surrounded by grey matter, which is in turn surrounded by white matter. The spinal 

cord is protected by three membranes, also known as the meninges. The pia mater is the most 

internal of them, adjacent to the spinal cord. The subarachnoid space (filled with 

cerebrospinal fluid) separates the pia mater from the arachnoid mater. The arachnoid mater is 

in direct contact with the internal surface of the dura mater. The dura mater is the most 

external and thickest of the three meninges and it is separated from the walls of the spinal 

canal by the extradural or epidural space ([32] and [33]).  

In the PNS, dorsal (posterior) and ventral (anterior) nerve roots link the spinal cord to pairs 

of spinal nerves. Dorsal nerve roots carry afferent (sensory) nerves into the CNS, while 

ventral nerve roots carry efferent (motor) nerves away from the CNS1.  

The spinal column is divided into segments associated with the vertebrae. The spinal nerves 

arise from the spinal cord and are bundled together so that one pair leaves the spinal column 

through each of these segments. Based on this, the spinal cord, although continuous, is also 

divided into segments. The human spinal cord is 30% shorter than the spinal column [34], 

therefore, the segments of the spinal cord do not directly correspond to the segments of the 

spinal column. 

                                                      
1 Etymology: afferent and efferent are derived from the Latin verb ferre which means carry: ad- + ferre 

means carry into and ex- + ferre means carry away.  
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In humans, the spinal column (Fig. 1.9) comprises 33 vertebrae (although this can vary 

between 32 and 35, depending on the individual): 7 cervical (C1 – C7), 12 thoracic (T1 – 

T12), 5 lumbar (L1 – L5), 5 (fused) sacral and 4 (fused) caudal (coccygeal) spread over 

approximately 71 cm in males and 61 cm in females [37].  

The rat spinal column comprises up to 60 vertebrae: 7 cervical, 13 thoracic, 6 lumbar, 4 

(partially fused) sacral and 8 – 32 coccygeal (in the tail). The length of the thoracic vertebrae 

increases caudally from 2 mm to 7 mm, while the lumbar vertebrae are of uniform length 

estimated approximately 7 mm [37]. 

As previously mentioned, the segments of the spinal cord do not directly correspond to the 

vertebrae. In humans there are 8 cervical spinal nerve pairs (C1 – C8), 12 thoracic (T1 – T12), 

5 lumbar (L1 – L5), 5 sacral (S1 – S5) and 1 coccygeal pair. In rats there are 8 cervical pairs 

(C1 – C8), 13 thoracic (T1 – T13), 6 lumbar (L1 – L6), 4 sacral (S1 – S4) and 3 coccygeal 

pairs (Co1 – Co3) [Fig. 1.9 (b)].  

 

Figure 1.8. Cross-section of the human spinal cord (modified from [31]). 
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The total length of the rat spinal cord is about 9 cm [38], compared to an average of 45 cm 

and 42 – 43 cm in humans for males and females, respectively [39]. A single cervical 

segment in the human spinal cord can be 1.5 – 1.6 cm long. The longest segment in humans 

is T6, about 2.2 cm in length (almost 25% of the total rat spinal cord) [38]. Fig. 1.10 (a) 

shows the relative size and shape of the human and rat spinal cord at the level of cervical and 

thoracic enlargements, in the cross-section. Fig. 1.10 (b) shows the comparison between a 

whole rat spinal cord and a human spinal cord between C6 and T4 segments [38]. 

In [40], in an attempt to treat the spinal cord as one structure regardless of the species, a new 

classification of the subdivisions of the mammalian spinal cord has been proposed based on 

functionality. According to this, there are 6 subdivisions in the spinal cord: the prebrachial, 

 

Figure 1.9. (a) Segments of the human spinal column (modified from [35]) and (b) spinal nerves with 

respect to the vertebrae (modified from [36]). 
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the brachial, the interramal, the crural, the postcrural and the caudal. Segments in the 

prebrachial subdivision supply the neck. Segments in the brachial supply the forelimb while 

those in the interramal contain preanglionic sympathetic neurons, associated with a ‘fight-or-

flight’ response2. Segments in the crural supply the hindlimb while those in the postcrural 

contain preanglionic parasympathetic neurons, associated with ‘rest-and-digest’ activities3. 

Finally, segments in the caudal supply the tail muscles. 

Table 1.2 shows the correspondence of segments to subdivisions in humans and rats. A more 

detailed correspondence of the functionality of each spinal segment in rats is out of the scope 

of this text, but can be found in [41]. 

                                                      
2 Often referred to as the 'fight-or-flight' system, the sympathetic nervous system prepares the body for 

emergencies. It shunts the blood to the muscles and increases the blood pressure, heart rate and 

breathing rate, to enable coping with stressful situations [42]. 
3 Often referred to as the ‘rest-and-digest’ system, the parasympathetic nervous system maintains and 

restores energy. It directs blood to the digestive tract and maintains the blood pressure, heart rate and 

breathing rate at a low level [42]. 

 

(a) 

 

(b) 

Figure 1.10. The relative size and shape of the human and rat spinal cord at the level of cervical and 

thoracic enlargements, in the cross-section (a) and a comparison between a whole rat spinal cord and a 

human spinal cord between C6 and T4 segments (b) (reproduced from [38]). 
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1.3.2 Spinal cord stimulation for locomotion recovery 

Locomotion is a complex voluntary behaviour that is the result of a combination of activities 

of different populations of motor neurons. It involves supraspinal descending tracks from the 

cerebral cortex and the brainstem (called upper motor neurons), as well as motor neurons 

located in the spinal cord. Motor neurons in the spinal cord directly control reflexes, through 

a nervous pathway called reflex arc. A reflex arc includes a sensory neuron whose body is 

located in the dorsal root ganglion and its axon enters the spinal cord through the dorsal root, 

and a motor neuron whose body is located in the grey matter of the spinal cord and its axon 

exits the spinal cord via the ventral root [43]. 

Due to the complex nature of locomotor control as described above, spinal cord stimulation 

has been proposed on the basis that it could lead to the activation of ‘command centres’ that 

involve both central and peripheral components of the nervous system, rather than individual 

nerves as in peripheral stimulation. It is believed that these ‘command centres’ could elicit the 

coordinated, synergistic outputs required for the restoration of locomotor. 

As far as spinal cord stimulation is concerned, epidural and intraspinal stimulation, as well as 

stimulation of the spinal roots have been used for different applications.  

Epidural stimulation, where electrodes are placed in the epidural space of the spinal cord, was 

first introduced to treat chronic pain and has also been used to reduce motor disorders in 

individuals, although the mechanism involved remains unclear. In the field of locomotor 

recovery after SCI, epidural stimulation has been used to induce rhythmic locomotor-like 

activity in the lower extremities of SCI volunteers and has been combined with other 

techniques to form a combinatory therapeutic strategy for individuals after incomplete SCI 

[44]. 

Table 1.2. Correspondence of spinal segments to subdivisions in humans and rats. 

Subdivisions Segments 

  Humans Rats 

prebrachial C1 – C4 C1 – C4 

brachial C5 – T1 C5 – T1 

interramal T2 – L1 T2 – L1 

crural L2 – S1 L2 – L6 

postcrural S2 – S4 S1 – S2 

caudal S5 – C4 S3 – Co3 
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Intraspinal microstimulation, where stimulation is achieved through fine microwires inserted 

in the grey matter of the spinal cord [45], has also been proposed for locomotion recovery 

after SCI. Compared to epidural stimulation, it activates afferent elements more specifically 

[46], but is more invasive to the spinal cord and may not be easily clinically applicable in the 

near future [47]. 

1.3.3 Challenges in epidural spinal cord stimulation 

In the field of implantable neuroprosthesis, epidural stimulation of the spinal cord presents 

some special challenges compared to other parts of the body. The main issues relate to the 

implantation site, the fixation of the implant and the vulnerable nature of the spinal cord.  

The spinal cord is located in the spinal column which restricts access to the epidural space. 

The very small intervertebral spaces between laminae (the posterior part of the vertebra) are 

the only spaces through which one could access the epidural space without performing 

laminectomy (cutting holes in the laminae), and that is only possible by inserting needles or 

very thin wires. If an extended area of the dorsal part of the spinal cord needs to be accessed, 

to expose it, paravertebral muscles need to be separated and laminectomy is necessary. 

In addition, movements of the spinal cord with respect to the dura and the vertebrae are 

present as well as movements of the vertebrae with respect to each other. These pose a major 

challenge for the implant design and its mechanical properties. Loops and bends need to be 

incorporated in the design to provide strain relief when the electrodes fixed on the vertebrae 

enter the spinal cord through the dura.  

Finally, there is the risk that damage in the fragile spinal cord occurs either during the 

surgical procedure or after the implantation due to local pressure or compression from the 

implanted materials [45]. 

All these aspects need to be carefully considered when designing a system to be chronically 

implanted in the spinal cord. The restrictions mentioned above regarding the mechanical 

stability of the implant, as well as further restrictions regarding its electrical performance and 

mainly its size, power consumption and heat dissipation apply in systems developed for 

freely moving animals such as rats, due to their generally small dimensions.  

  



47 

 

1.4 Summary  

An introduction to spinal cord injury and the related background on the collaborative 

attempts that set the motivation for this work was briefly discussed in the beginning of this 

chapter. The rest of the chapter focused on presenting the theory behind electrical stimulation 

of neurons. Their electrical properties and their response to a (voltage or current) stimulus 

were described, before delving deeper into understanding the mechanisms through which 

nerves are activated, and how the selected stimulus waveform affects the excitation. Finally, 

the last section deals with epidural electrical stimulation of the human and rat spinal cord, 

presenting the relevant comparative anatomic details and trying to shed more light into the 

reasons why ESCS is proposed as a means for locomotion recovery. The chapter concludes 

with the challenges one would have to face when developing the relevant hardware for this 

type of prosthesis. 
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Chapter 2 

The application; state of the art implantable rat 

stimulating systems 

2.1 The aims of this work 

As mentioned in the first chapter, in order to examine different stimulation patterns and 

understand the mechanism involved when ESCS is used for locomotion recovery after spinal 

cord injury, experiments involving SCI rats were planned by our collaborators in UZH. 

In these experiments, according to the protocol, drugs are injected after the injury and then 

the animal is trained wearing a jacket that supports a percentage of its body weight by a robot 

arm (electronically controlled) (Fig. 2.1). The training takes place either on a treadmill or on 

a runway. Initially, the hind legs of the animal are barely touching the ground and task-

specific training is encouraged by the stimulation. Later, the rat is voluntarily walking on the 

hindlimbs, while stimulation facilitates muscle activity, and with support by the robot which 

keeps the forelimbs off the ground.  

Electrical stimulation is applied via a head connector, fixed with dental cement on the skull of 

the animal [Fig. 2.2 (a)]. This connector is used to deliver the stimulus current pulses 

produced by an external stimulator [Fig. 2.2 (b)] to two electrodes implanted in the S1 and L2 

spinal segments. A third, larger indifferent, implanted somewhere else in the body far from 

the other two, serves as the return electrode. These electrodes are actually insulated stainless 

steel wires from which the insulation has been removed and the metal is exposed. The other 

end of these wires is directly soldered to the head connector.  

This setup is sufficient for the initial training of the animals, but it is not appropriate when it 

comes to exploring the effect of stimulation in different sites or different environments. The 

number of electrodes one can use seriously limits the paradigms that could be investigated, 

but implanting many wires in the small body of a rat does not seem a feasible solution. In 

contrast, an array of electrodes would allow access to more sites while adding the extra 

advantage of a better controlled position of each electrode both inside the body, as well as 

relatively to the rest of the electrodes. 
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In another test protocol using the runway, extra electrodes implanted close to the legs, detect 

the electromyography (EMG) activity, and this signal is fed into a real-time closed-loop 

control system, which triggers stimulation phasically4. This system was developed by EPFL 

and Scuola Superiore Sant'Anna di Pisa (SSSA) and dynamically adjusts all the stimulation 

parameters (current amplitude, pulse duration, frequency and targeted sites) several times 

during a gait cycle to achieve a more natural gait. Therefore, independent access to all 

electrodes on an electrode array, as well as rapid—electronically controlled—parameter 

changing, are crucial for this application. 

The development of epidural electrode arrays for chronic testing in rats is a challenging task 

due to their small size [1]. The difficulties faced increase radically when a large number of 

electrodes need to be independently controlled. It has been well documented in the literature 

                                                      
4 In phasic stimulation, the stimulation is delivered in ‘on’ and ‘off’ phases; a train of stimulus pulses 

of a specific rate is delivered during the ‘on’ phase, followed by the ‘off’ phase, where no stimulation 

occurs. This is in contrast to tonic stimulation, where the delivery of the stimulus pulses is done 

continuously at the predefined constant rate, uninterruptedly. 

 

 

Figure 2.1. Current experimental setup using a treadmill (picture form UZH). 

 

Figure 2.2. (a) Head connector fixed on the skull of the rat with dental cement, (b) External stimulator 

(pictures from UZH). 
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[2] that a large5 number of connections is highly undesirable because it either makes the 

implantation procedure more challenging, or, if the device is successfully placed in the body, 

it could imperil perfusion, result in infections, tissue damage [3], or simply cause the device 

to fail. Developing an epidural electrode array suitable for chronic implantation in rats was 

the main goal of this work.  

                                                      
5 Depending on the specifics of the application i.e. implantation site, materials used etc. 
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2.2 Summary of the work 

Our initial approach was to develop flexible passive 12-electrode arrays, using silicone rubber 

and annealed platinum foil. These were custom designed and fabricated, and are discussed in 

chapter 4. In parallel, two more versions of passive arrays were developed by our 

collaborators at ETHZ and IMM, using different materials and fabrication technologies. A 

brief summary of these attempts is also presented in chapter 4. 

In vivo evaluation of our devices [4] showed that they failed quickly, 87.5% of the 

connections after a week inside the body. Implantations with the other two versions had a 

similar outcome. The failure analysis we performed [5] highlighted the need to reduce the 

number of connections to avoid inflammation and improve the mechanical stability of the 

implants. In fact, later implantations of revised designs, produced by ETHZ and IMM, 

featuring fewer electrodes (6 to 8), thus smaller number of connections, proved to be stable 

over a longer period of time, supporting our assumption.  

To overcome the connections bottleneck and increase the number of electrodes to 12 (which 

was necessary for the planned paradigm), our approach was to develop application-specific 

integrated circuits (ASICs) to be placed on the arrays, acting as electrode drivers. These 

reduce the number of connections to 3, while allowing for the necessary versatility for the 

testing with EPFL’s real-time control system. The electronic design of the ASICs and the 

electrical evaluation ([6], [7] and [8]) are presented in chapter 5.  

A hub is used to electronically—rather than manually as in Fig. 2.2 (b)—manage the stimulus 

parameters and the operation of the ASICs. It can be programmed via a graphical user 

interface (GUI) or the real-time controller. This hub was custom designed and fabricated for 

this system, together with a suitable GUI, by Dr. Clemens Eder, and some details regarding 

its design and performance are briefly presented in chapter 5. 

The next part of the work focuses on the development of the new, active (with embedded 

electronics) rat implants and chapters 6, 7 and 8 deal with all the different aspects of the 

fabrication and assembly processes.  

More specifically, size restrictions related to the implantation site dictated the need to use 

thinned ASICs. To post-process the already fabricated chips, a method for purely mechanical 

silicon thinning at individual die level has been developed and characterised [9], and this is 

discussed in chapter 6.  

Chapter 7 presents an introduction to the established methods for interconnection of 

electronics on flexible substrates and an evaluation study of the mechanical reliability of the 
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bonds produced by electrical rivet bonding [10] (our selected method for the integration of 

the ASICs on our arrays). 

The new fabrication process for the complete active arrays is described in chapter 8. The 

produced prototypes were electrically and mechanically evaluated, and the results, which are 

promising, are presented in the same chapter. In parallel, IMM also developed an alternative 

version of the active arrays using our ASIC. We have subjected their devices to the same tests 

as ours, so a comparison of the results is included. At the time of writing this, chronic in vivo 

evaluation of the active implants has not been yet implemented, but this is scheduled for the 

next 4 months. 

The current setup allows power and data to be transferred real-time through the head 

connector while the rat is on the treadmill or the runway. This implies that there is no need 

for a wireless system at this stage. However, more complex experiments where the rats would 

be able to move freely and interact with other rats unrestricted, developing a behaviour that is 

closer to their natural, could provide new knowledge in the future. Although there are still 

many things to understand regarding epidural stimulation and its effect before planning an 

experiment like this, we have kept that in mind throughout the whole design and development 

phases of this system. On this basis, we have developed the subcomponents to be compatible 

with a system level design of a fully implantable platform to be used in freely moving rats, 

stimulated for 3 – 4 hours per day. This system comprises the active electrode array, which is 

the focus of this thesis, together with a miniaturised, battery-powered implantable version of 

the previously mentioned hub (which is on-going work, and is not presented here). The 

envisioned arrangement of the full system [11] is illustrated in Fig. 2.3 and chapter 9 

elaborates more on the future plans. While on the path towards this ultimate goal, the next 

section of this chapter is dedicated to a detailed review and comparison of the currently 

available implantable rat stimulating systems and their subcomponents.  
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Figure 2.3. Fully implantable stimulating system under development. In the envisioned 

arrangement, the active epidural electrode array is connected via a 3-wire interface to a 

subcutaneous hub, which, in turn, receives power and is programmed through the head connector. 

In the active array design, grey circles and orange rectangles (a, b, and c) represent electrodes and 

ASICs, respectively. A battery in the hub allows the implant to work uninterrupted for the duration 

of the experiments/training (up to 3 – 4 hours per day) before being recharged. This thesis presents 

all the aspects that are relevant to the design and fabrication of the active implant as well as a first 

implementation (by Dr. Clemens Eder) of the hub as a non-implantable platform. 
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2.3 Existing implantable rat stimulating systems 

There is a huge variety of stimulating systems reported in the literature, each of which is 

conventionally specifically designed for the application and its submodules are tailored to 

meet the respective needs. Cochlear implants, motor prosthesis for foot drop, upper and lower 

extremities, deep brain stimulation, bladder control, retinal prosthesis and vestibular 

prosthesis are only some examples of the applications of electrical stimulation. 

Some of these systems have been successfully implanted in humans, while others were 

developed as a necessary tool to increase our understanding of different physiological 

mechanisms, explore the effects of different phenomena, optimise stimulation parameters or 

facilitate behavioural research.   

In this review we describe the reported implantable stimulating systems for use in freely 

moving rats. Although these systems have very similar characteristics to systems developed 

for human implantation as far as the submodules of the system are concerned, the small size 

of the animals governs and defines the design of such a system and its components. Special 

considerations regarding the size of each of the individual components, the mechanics related 

to the implantation site as well as the power consumption and thermal dissipation need to be 

considered. 

In 2003, Dennis et al. from University of Michigan, Ann Arbor, USA, reported an 

implantable device for stimulation of denervated hind-limb muscles in freely moving rats 

[12]. Their system comprised a stimulator made of commercially available electronic 

components soldered on a printed circuit board (PCB) and the respective loop electrodes 

made of two exposed Teflon coated stainless steel wires (Cooner wires). It was battery-

powered and a microcontroller was employed to control the system and send rectangular 

voltage pulses of the correct amplitude, duration and frequency to the electrodes. The device 

offered the possibility to select the required settings for each experiment, but this has to be 

done before implantation, as the microcontroller was not accessible after it had been 

implanted in the body. After implantation, a reed switch triggered externally by a magnet was 

used to initiate stimulation. The size of the implant was 5.5 cm  2.5 cm  1 cm with a total 

mass of 19 g (5.4% of the mass of a 350 g rat), and was chronically tested in vivo for 5 

weeks. The stimulator was implanted below the skin on the back of the rat, while the 

electrodes were tunnelled subcutaneously from the stimulator to the right hind-limb, they 

were looped around the targeted muscles (extensor digitorum longus muscles) and sutured to 

the adjacent muscles and connective tissue to ensure mechanical stability. Mechanical 



60 

 

loading of the electrodes was minimised by an extra length of slack wire. The expected load 

impedance for this application was between 0.5 and 3 kΩ. 

In 2007, Millard and Shepherd from University of Melbourne, Australia, reported a fully 

implantable system intended to be used for chronic stimulation of the auditory nerve in freely 

moving rats [13]. Their stimulator was 14 mm  12 mm  6 mm, with a mass of 2.5 g, and 

delivers biphasic charge balanced current pulses of a set amplitude and variable duration to a 

pair of electrodes on a bipolar array (single-channel). The bipolar array was implanted into 

the cochlea and the lead wire was fixed in the middle ear cavity and onto the skull. The 

stimulator was placed in a subcutaneous pocket created between the animal’s scapulae. The 

system was designed to work for 14 kΩ maximum load impedance and it was magnetically 

coupled. A pulsed magnetic field was used to generate the pulsed current delivered to the 

electrodes. For this purpose, the animal with the implanted stimulator needs to be in a 

chamber around which an external coil of wire was wound. A second smaller coil exists on 

the implanted stimulator to establish the communication. Due to the nature of the 

communication, the implant coil needs to be always at an angle of 45° or less to the excitation 

field of the external coil. Therefore, to allow free movement, three orthogonal external coils 

are used, which are driven independently in sequential order. The number of stimulus pulses 

that the animal receives per cycle depends upon the orientation of the implant relatively to the 

external coils, so the stimulus rate can be specified to be between a minimum and a 

maximum (which was three times the minimum), but cannot be precisely controlled. This 

feature makes the use of this technique unsuitable if rats need to move unrestricted for 

behavioural experiments or evoked response measurements or optimisation of stimulation 

parameters, where the rate and timing of stimulation needs to be precisely known. Another 

issue associated with magnetically coupled devices was that electrical interference generated 

by this equipment could interfere with other laboratory equipment and that stray 

electromagnetic fields could unintentionally trigger the stimulator. 

In 2008, Harnack et al. reported an implantable system for continuous high-frequency 

stimulation of deep brain structures in freely moving rats [14]. In their work, a 

microcontroller-based stimulator was used to deliver unidirectional and bidirectional current 

pulses of programmable amplitude but set duration and frequency, to a monopolar electrode 

configuration. The device was powered by a battery and the microcontroller could be 

remotely programmed by changing the electromagnetic field to which a reed switch on the 

stimulator was susceptible. The stimulator was encapsulated in silicone rubber, was 38.5 mm 

 20 mm  13.5 mm and had a mass of 13 g. In this application, a semi-microelectrode of a 

total area of approximately 100,000 µm2 was used to target a selective population of neurons. 

Thus, to safely deliver the necessary charge required for stimulation, an activated iridium 
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wire was used as the working electrode, due to its high charge storage capacity. A maximum 

of 600 µA output current could be delivered to 20 kΩ load impedance. An extension lead, 

that contains the counter electrode made of a coiled wire, was used to interconnect the 

working electrode to the stimulator. After the probe that carried the working electrode was 

implanted in the subthalamic nucleus, it was fixed on the skull with screws and dental cement 

and the extension lead was tunnelled under the skin towards a thoracic transection to the 

stimulator implanted posterior to the scapulae. This system was used for stimulation over a 

period of 3 weeks. 

In 2008, Ativanichayaphong et al. from The University of Texas at Arlington, USA, reported 

a wireless rat stimulation and recording system for study of pain processing [15]. Their 

system comprises a wearable device (size 2.3 cm  5 cm  2.7 cm, mass 20 g) with wireless 

communication as well as stimulating and recording, each from one set of electrodes. The 

telemetric device carried on the rat includes commercially available modules, namely a 

wireless transmitter, a wireless receiver and a microcontroller, as well as discrete 

components, assembled on a PCB. The device was powered by a battery and could be put in a 

jacket to be worn by the rat. On the other end, a computer using Labview with a stimulating 

transmitter, and a data acquisition card with a receiver base station, are used to program the 

device and record the data, respectively. Electrophysiological recordings of the pain response 

to mechanical stimuli applied in the animal’s hind paw were performed using a tungsten 

microelectrode implanted in the dorsal horn of the spinal cord. The number of evoked action 

potentials was measured and used as a feedback for the electrical stimulation. Electrical 

stimulation for pain relief was applied to one out of two preselected sites. Two pairs of 

stimulating electrodes (of which no more details were given in the paper) were implanted, 

one in the midbrain periaqueductal grey and one in the anterior cingulate cortex. Only one 

pair of stimulating electrodes was connected to the rest of the device during a specific 

experiment. The system was acutely tested in vivo in anesthetised rats, so operation of the 

system during chronic implantations was yet to be verified. 

In 2009, Arfin et al. from Massachusetts Institute of Technology, reported a system for 

wireless neural stimulation in freely behaving small animals [16]. This system was initially 

developed to be used in zebra finches but it is included in this review as it was one of the few 

systems currently reported for use in freely moving animals where the stimulator was realised 

using ASICs rather that a combination of commercially available components. The use of 

ASICs offers the possibility to have a considerable size reduction without compromising the 

functionality of the device. This is highly desirable for applications where small size is 

essential, such as implantation in small animals. In their work, an implantable wireless 

receiver-stimulator was used to deliver biphasic current pulses of programmable amplitude 



62 

 

but set duration to up to 4 addressable electrode pairs, implanted in the songbird motor 

nucleus (high vocal centre). Up to 4 electrode pairs can be connected to the stimulator but 

only one pair can be driven at a time (single channel). The implant was powered by a battery 

and an external wireless transmitter, controlled through a computer interface, was used to 

program the stimulator, setting the current amplitude and selecting the electrode pair to be 

used. A big coil (17 cm diameter) was required for the external transmission which was 

placed outside the animal’s cage. The stimulating electrodes were exposed Teflon coated 

stainless steel wires, implanted to a depth of 500 µm in each high vocal centre and secured on 

the bird’s skull with dental acrylic. The stimulating device was mounted on top of the head of 

the bird. The device (1.3 cm  1.3 cm, 1.3 g) was tested for validation of right operation in 

vivo but results from chronic implantations are not reported (the duration of testing was not 

clearly stated by the authors). 

In 2010, Zhou et al. from Wuhan University, China, reported a fully implanted stimulation 

device used for cortical electrical stimulation in rats after focal cerebral ischemia [17]. The 

device was chronically implanted and tested for 16 days. This system was powered by a 

battery and a specific stimulation pattern was pre-programmed into it. A monopolar 

configuration was used for the stimulation. The working electrode was made from platinum 

foil supported by silicone rubber and the counter electrode was made from stainless steel foil. 

The counter electrode was mounted on the surface of the stimulator. No further information 

about the stimulator design was given by the authors. The stimulator was implanted under the 

skin of the back of the neck and the working electrode was inserted through a cavity on the 

exposed skull to the area of the ischemic lesion. 

In 2011, Young et al. from National Cheng Kung University, Taiwan, reported a portable 

wireless online closed-loop brain stimulator for epilepsy control [18]. The system comprised 

3 boards (31 mm  29 mm  7 mm, 27 mm  24 mm  6 mm and 25 mm  23 mm  5 

mm) mounted on the head of the rat and recording and stimulating electrodes implanted in 

the frontal barrel cortex and right-side zona incerta, respectively. A microcontroller and other 

discrete components, manage the detection and processing of signals, the constant current 

stimulation and the wireless communication with a host computer. The system was powered 

by two batteries, and features a total mass of 37 g. The recording electrodes are 2 screw 

electrodes (no more information are given about these by the authors), while a Teflon 

insulated stainless steel four-microwire bundle (with impedances in the range of 100 – 250 

kΩ) was used in a bipolar configuration to deliver the constant current stimulus pulses. The 

system was implanted for two weeks in three animals and tested for four hours in each of 

them, during which seizure detection rates of above 92 % were demonstrated. 



63 

 

In 2011, Abdo et al. from New Jersey Institute of Technology and Boston University, 

reported floating light-activated microelectrical stimulators (FLAMES) tested in the rat spinal 

cord [19]. In their work, the microstimulator was placed at the implantation site (inside the 

grey matter of the cervical spinal cord, segment C6), together with the electrodes, while the 

control electronics and the telemetry system were located in the subclavicular area. The 

microstimulator was a passive device containing photodiodes which collect light energy and 

instantaneously convert it to electric pulses. A laser source produced pulses of near-infrared 

light, and optical energy was transferred to the microstimulator via an optical fibre placed 

near the microstimulator, but not attached to it. The energy was therefore essentially 

transmitted through the neural tissue. The electrodes were gold contacts coated with poly(3,4-

ethylenedioxythiophene) (PEDOT) for increased charge injection capacity. The 

microstimulator devices that contain the photodiodes and the electrodes were custom 

fabricated. 

More recently, in February 2012, Perry et al. from Victoria, Australia, reported a fully 

implantable system for two-channel intra-cochlear stimulation in rats [20]. In this system, 

which was an improved version of [13], the stimulator included a microcontroller which was 

wirelessly programmed via an integrated radio link and off-the-shelf components. It had a 

voltage compliance of 5 V and delivered charge-balanced biphasic current pulses with 

adjustable parameters to an electrode array used in a bipolar configuration. The system was 

powered by an omni-directional inductive link realised using three orthogonal coils each of 

which was energised in turn creating a rotating magnetic field. Energy was then stored in a 

capacitor and regulated to power the microcontroller, radio and stimulation circuitry. The 

electrode array used in this work (described in detail in [21]) was fabricated using injection-

moulding techniques and comprised three platinum rings on a silicone rubber carrier. It was 

connected to a stainless steel helical lead wire which was in turn connected to the rest of the 

implant via a platinum wire helix. The system was chronically tested in seven rats for five 

months in vivo. The implantation site and procedure were the same as in [13]. In vivo 

evaluation revealed that the electrode array failed in all but three animals typically after two 

weeks. Interconnections between the platinum and stainless steel wires were identified as the 

main cause of failure.   

In March 2012, Zhou et al. from Huazhong University of Science and Technology, Wuhan, 

China and Arizona State University, USA, reported a fully implantable programmable 

stimulator based on wireless communication for epidural spinal cord stimulation in rats [22]. 

Their system comprised a computer, an external controller, an implantable voltage pulse 

generator and the stimulation electrodes. Communication between the implanted part of the 

system and the external controller was achieved through a commercially available transceiver 
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chip. The implantable device was 33 mm  24 mm  8 mm, total mass of 12.6 g, and was 

powered by a battery. A microcontroller was employed to offer programmability. The 

stimulation electrodes were two gold contacts on a flexible circuit board, used in a bipolar 

configuration. The stimulator device was placed subcutaneously in the back of the rat, while 

the electrodes were placed in the epidural space of the spinal cord. The system was tested in 

vivo in acute experiments, so its chronic operation was yet to be validated. 

In July 2012, Forni et al. from Marseille, France reported a stimulating system for chronic 

deep brain stimulation in freely moving rats [23]. In their work, the stimulating device could 

be clipped to a support fixed on the head of the rat and deliver programmable stimulus 

current pulses to a pair of electrodes in a bipolar configuration. The electrodes were made of 

exposed Teflon coated platinum-iridium wires. The stimulating device, comprised off-the 

shelf components, was powered by a battery and programmability was provided by variable 

resistors. The device (15 mm  28 mm  27 mm, 6.5 g) was designed to work for load 

impedances between 10 and 30 kΩ. The system was tested in vivo in six animals for five 

weeks during which no working failure was reported. 

In January 2013, Gad et al. from University of California, Los Angeles, reported the 

development of an electrode array with embedded electronics to be used for epidural spinal 

cord stimulation in rats [24]. This features 27 electrodes which were driven monopolarly or 

bipolarly by an external control box connected via 12 wires to 10 implanted multiplexing 

chips implemented by discrete off-the-shelf components on a 10.3 mm × 33.2 mm printed 

circuit board. The electrode array was made from thin metal traces on a parylene-C substrate. 

It was implanted on the epidural space, between the T12 and L3 segments of the rat’s spinal 

cord, while the multiplexer board, which was interfaced to the array using conductive epoxy, 

was placed on the vertebrae. 12 tracks run from the multiplexer PCB to a head connector, 

and, from there to an external control box and communicate the control and power signals, as 

well as the stimulation (current or voltage) signal. The system was also used for recording. 

The parameters and mode of operation are programmed via a user interface on a computer 

and data are collected on a data acquisition card. The array was evaluated for 5 weeks in vivo, 

after which usually 2 – 4 out of the 27 electrodes are non-functional due to high impedances. 

In October 2013, Bagheri et al. from Toronto, Canada, reported a massively-parallel 

neuromonitoring and neurostimulation rodent headset to treat medically refractory epilepsy 

[25]. The system comprised a mini-PCB stack mounted on the head of the rat that manages 

the stimulation and recording operations, and surface roughened flexible polyimide-based 

microelectrode shaft arrays, implanted in the somatosensory area in the right hippocampus. 

An ASIC performed the recording (256 sites) and stimulating (64 sites) functions, while a 
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field-programmable gate array (FPGA) provides clocks and control signals. A battery was 

used to provide power to the system, while wireless communication was employed. The 

device (22 mm  20 mm  15 mm, 12 g) has been evaluated in vivo for two months. 

Summarising, several implantable stimulators for animal studies have been reported in the 

literature, each of which was specifically tailored to the targeted application and the selected 

animal models. Applications include denervated muscle stimulation [12], cochlear implants 

([13] and [19]) as well as cortical and deep brain stimulation ([14], [15], [16], [17] and [23]). 

Three systems for chronic stimulation of the spinal cord have been reported [19], [22] and 

[24]. Each of these systems has faced different challenges and, according to the application, 

focused on different parts of the system. The stimulator devices have in all but two of the 

cases been designed using commercially available electronic components and 

microcontrollers were employed in most cases to offer the necessary programmability to the 

device. ASICs have been designed and fabricated in [16] and [25]. Powering of the devices 

has been traditionally achieved either through batteries, or inductive links ([13] and [20]). A 

storage capacitor was also used in [20]. For the communication, methods such as reed 

switches ([12] and [14]), pulsed magnetic field [13] and the most popular solution of wireless 

transmitter and receiver have been employed. The selected stimulation method varies 

between voltage and current controlled and the number of stimulation channels was 

traditionally limited to one, except from the recently reported two-channel system [20] and 

the massively parallel system of 64 channels in [25]. The expected impedance load lies in the 

range of 0.5 – 30 kΩ, with different systems having very different specifications (dependent 

on the targeted tissue, the electrodes used and the stimulus current threshold). Finally, the 

electrodes used are greatly determined by the implantation site, therefore several different 

types of electrodes, such as wires and loop electrodes, using platinum, stainless steel or 

iridium, driven in monopolar or bipolar configurations have been reported, and an electrode 

array in [24]. Table 2.1 (parts 1, and 2) summarises some of the important characteristics of 

the aforementioned systems. Next to them, in the final column the characteristics of the 

system presented in this work are described. 
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Table 2.1. Comparison of basic characteristics of reported stimulating systems for freely moving small animals – part 1 (a). 

  Dennis et al. (2003) Millard and 

Shepherd (2007) 

Harnack  et al. 

(2008) 

Ativanichayaphong et 

al. (2008) 

Arfin et al. (2009) Zhou et al. (2010) Young et al. (2011) 

Application Denervated muscle 

stimulation for 

muscle atrophy 

Auditory nerve 

stimulation 

Continuous high 

frequency deep 

brain stimulation 

Cortical stimulation and 

recording for pain relief 

Stimulation of the 

bird's high vocal 

centre 

Cortical stimulation 

after focal cerebral 

ischemia 

Epilepsy control 

Implantation site Electrodes: looped 

around hind-limb 

muscles 

Electrodes: Cochlea Electrodes: in the 

subthalamic nucleus 

Recording electrode: 

dorsal horn of spinal 

cord, Stimulating 

electrodes: in the brain 

Electrodes: high 

vocal centre 

Electrodes: in the 

area of ischemic 

lesion in the brain 

Recording 

electrodes: frontal 

barrel cortex, 

Stimulating 

electrodes: right-

side zona incerta 

 Stimulator: 

subcutaneously on 

the back 

Stimulator: 

subcutaneous 

pocket between 

scapulae 

Stimulator: 

subcutaneously, 

posterior to the 

scapulae 

Stimulator: wearable, 

not implantable 

Stimulator: mounted 

on top of the head 

of the bird 

Stimulator: 

subcutaneously on 

the back of the neck 

Stimulator: mounted 

on top of the head of 

the rat 

Stimulator Microcontroller and 

off-the-shelf 

components on a 

PCB 

Off-the-shelf 

components 

Microcontroller and 

off-the-shelf 

components on a 

PCB 

Microcontroller and 

off-the-shelf 

components on a PCB 

ASIC Details are not 

discussed by the 

authors 

Microcontroller and 

off-the-shelf 

components on a 

PCB 

Powering method Battery Pulsed magnetic 

field 

Battery Battery Battery Battery Battery 

Current or voltage 

controlled 

Voltage Current, biphasic, 

charge-balanced 

Current, 

unidirectional and 

bidirectional 

Voltage Current, biphasic Current Current 

Programmable 

after implantation 

No Partially: 

programmable 

duration, current 

amplitude fixed, 

frequency between 

a minimum and a 

maximum (not 

precisely known) 

Partially: 

Programmable 

amplitude, fixed 

duration, fixed 

frequency 

Yes Partially: 

Programmable 

amplitude, fixed 

duration 

A specific 

stimulation pattern 

is pre-programmed 

on the stimulator. 

Further details are 

not discussed by the 

authors 

Yes 
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Table 2.1. Comparison of basic characteristics of reported stimulating systems for freely moving small animals – part 1 (b). 

  Adbo et al. (2011) Perry et al. (2012) Forni et al. (2012) Zhou et al. (2012) Gad et al. (2013) Bagheri et al. 

(2013) 

This work 

Application Intraspinal 

microstimulation for 

locomotion recovery 

after SCI 

Intra-cochlear 

stimulation 

Deep brain 

stimulation 

Epidural spinal cord 

stimulation for 

locomotor recovery 

after SCI 

Epidural spinal cord 

stimulation for 

locomotor recovery 

after SCI 

Medically refractory 

epilepsy 

Epidural spinal cord 

stimulation for 

locomotor recovery 

after SCI 

Implantation site Electrodes and 

stimulator: In the 

grey matter of the 

cervical spinal cord 

(C6) 

Electrodes: Cochlea Electrodes: in the 

brain 

Electrodes: in the 

epidural space of the 

lumbosacral spinal cord 

(L2 and S1) 

Electrode array in 

the epidural space 

of the spinal cord, 

integrated 

multiplexer PCB on 

the vertebrae 

Electrodes: in the 

somatosensory area 

in the right 

hippocampus 

Active electrode 

array: in the 

epidural space of the 

lumbosacral spinal 

cord (L2 and S1) 

 Control electronics 

and laser source: 

subclavicular area 

Stimulator: 

subcutaneous 

pocket between 

scapulae 

Stimulator: clipped 

on the head of the 

rat, not implantable 

Stimulator: 

subcutaneously in the 

back of the rat 

Stimulator: external 

control box 

Stimulator: mounted 

on top of the head of 

the rat 

Stimulator: external 

hub (future version 

subcutaneous hub) 

Stimulator Passive custom 

stimulator using 

photodiodes, 

commercial control 

electronics 

Microcontroller and 

off-the-shelf 

components on a 

PCB 

Off-the-shelf 

components 

Microcontroller and 

off-the-shelf 

components on a PCB 

Off-the-shelf 

components on a 

PCB 

ASIC and a stack of 

mini-PCBs 

ASIC on the 

electrode array and 

microcontroller on a 

PCB 

Powering method Control electronics: 

battery, 

Microstimulator: 

laser pulses sent via 

optical fibre 

Omni-directional 

inductive link, 

energy stored in a 

capacitor 

Battery Battery Through wires Battery Through wires 

(future version 

battery) 

Current or voltage 

controlled 

Current (photodiode 

used in photovoltaic 

mode) 

Current, biphasic, 

charge-balanced 

Current Voltage Both Current Current 

Programmable 

after implantation 

Yes Yes, fully 

customisable 

Yes, via variable 

resistors 

Yes Yes Yes Yes, real time 

controlled 
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Table 2.1. Comparison of basic characteristics of reported stimulating systems for freely moving small animals – part 2 (a). 

  Dennis et al. (2003) Millard and 

Shepherd (2007) 

Harnack  et al. 

(2008) 

Ativanichayaphong 

et al. (2008) 

Arfin et al. (2009) Zhou et al. (2010) Young et al. (2011) 

Communication 

method 

Reed switch to 

initiate stimulation 

Pulsed magnetic 

field 

Reed switch 

susceptible to changes 

in electromagnetic 

field 

Wireless transmitter / 

receiver 

Wireless transmitter 

/ receiver 

N/A Wireless with host 

PC 

Size, mass 5.5 × 2.5 × 1 cm,  

19 g 

14 × 12 × 6 mm,  

2.5 g 

38.5 × 20 × 13.5 mm, 

13 g 

2.3 × 5 × 2.7 cm, 20 g 1.3 × 1.3 cm, 1.3 g N/A 3 boards (31 × 29 × 

7 mm, 27 × 24 × 6 

mm and 25 × 23 × 5 

mm) 

Electrode type Teflon coated 

stainless steel wire 

Platinum - iridium 

loop electrode array 

Working: iridium 

semi-microelectrode, 

counter: coiled wire 

(MP35N alloy) 

Recording electrode: 

tungsten, Stimulating 

electrode: not 

mentioned 

Teflon coated 

stainless steel wire 

Working: platinum 

foil and silicone 

rubber, counter: 

stainless steel foil 

Recording: screw 

electrodes, 

Stimulating: Teflon 

insulated stainless 

steel  

Number of 

electrodes and 

configuration 

2 used in a bipolar 

configuration 

2 used in a bipolar 

configuration 

A working and a 

counter electrode 

monopolar 

configuration 

2 used in a bipolar 

configuration 

(stimulating 

electrodes) 

4 pairs, bipolar 

configuration, one 

pair at a time 

A working and a 

counter electrode 

monopolar 

configuration 

4-microwire bundle, 

in a bipolar 

configuration 

Number of 

stimulating 

channels 

1 1 1 1 1 1 1 

Expected load 

impedance 

0.5 - 3 kΩ 14 kΩ 20 kΩ (for 600 µA 

current) 

N/A 10 kΩ (for 500 µA 

current) (5V voltage 

compliance) 

N/A 100 – 250 kΩ 

Animal model Rats Rats Rats Rats Birds Rats Rats 

Chronic 

implantation 

5 weeks 16 weeks 3 weeks No, acutely tested in 

anesthetised rats 

Not mentioned 16 days 2 weeks in 3 

animals, tested for 4 

hours in each of 

them 
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Table 2.1. Comparison of basic characteristics of reported stimulating systems for freely moving small animals – part 2 (b). 

  Adbo et al. (2011) Perry et al. (2012) Forni et al. (2012) Zhou et al. (2012) Gad et al. (2013) Bagheri et al. 

(2013) 

This work 

Communication 

method 

Wireless transmitter 

/ receiver 

Wireless transmitter 

/ receiver 

Variable resistors, 

accessible because 

the stimulator is not 

implanted but 

clipped on the head 

Wireless transmitter 

/ receiver 

12 wires Wireless transmitter 

/ receiver 

3 wires 

Size, mass Microstimulator and 

electrodes: 200 × 

700 µm2, 100-150 

µm thick, Control 

electronics: in order 

of cm 

Less than 3 cm3 15 × 28 × 27 mm, 

6.5 g 

33 × 24 × 8 mm, 

12.6 g 

Electrode array: 59 

mm × 3 mm, 

multiplexer PCB: 

10.3 mm × 33.2 mm 

22 × 20 × 15 mm2, 

12 g 

Electrode array: 34 

mm × 1 – 3 mm, < 

300 µm thick ASIC: 

RDM1: 2.944 mm × 

2.944 mm, RDM2:  

1.753 mm2 

Electrode type Gold contacts coated 

with PEDOT 

Electrode array, 

platinum rings on 

silicone rubber 

Teflon coated 

platinum-iridium 

wires 

Flexible circuit 

board with gold 

contacts 

Parylene-based 

electrode array with 

multiplexer PCB (12 

wires for 

communication) 

Flexible polyimide-

based 

microelectrode shaft 

arrays 

Flexible silicone-

based PtIr foil active 

array (3 wires for 

communication) 

Number of 

electrodes and 

configuration 

2 used in a bipolar 

configuration 

3 electrodes used in 

a bipolar 

configuration 

2 used in a bipolar 

configuration 

2 electrodes used in 

a bipolar 

configuration 

27 (array 9 × 3), 

either monopolar or 

bipolar configuration 

6 on each shaft, 

scalable 

13, in any 

configuration 

Number of 

stimulating 

channels 

1 2 1 1 1 64 (up to 256 by 

stacking more 

modules) 

1 

Expected load 

impedance 

N/A 10 kΩ (for 500 µA 

current) (5V voltage 

compliance) 

10 - 30 kΩ approx. 20 kΩ 4 - about 20 kΩ 30 kΩ up to 25 kΩ 

Animal model Rats Rats Rats Rats Rats Rats Rats 

Chronic 

implantation 

No, acutely tested in 

anesthetised rats 

5 months, electrodes 

failed after two 

weeks in most 

animals 

5 weeks No, acutely tested in 

anesthetised rats 

Yes, 5 weeks Yes, 2 months No, chronic in vitro 

tests 
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2.4 Novelty and contributions of this thesis 

To the knowledge of the author, there is original content in all the main research chapters 

(chapters 4 – 8). Chapters 1 – 3 serve in setting the basis and the theoretical background that 

accompanies this work, and their content is a composition of different literature sources. 

The list below summarises the main contributions and original work presented in this thesis: 

The passive electrode arrays presented in chapter 4 are novel. Despite the fact that the 

backbone of the fabrication method was previously established in [26], the details of the 

method described here (materials, fabrication flow and process parameters) are new, and the 

same is true for the design of the electrode array. To the author’s knowledge, this is the first 

time that electrode arrays made from silicone rubber and laser cut metal foil were developed 

and tested for epidural stimulation. Furthermore, the in vivo evaluation and the following 

failure analysis have been proven very important in increasing our understanding of the 

mechanics related to our application. This has helped us improve our (and our collaborators’) 

designs and processes, which later led to the implanted stable passive versions. These tests 

and analysis are also original work which has not been presented elsewhere. 

The ASIC presented in chapter 5 is the first ASIC developed to be implanted in the rat’s 

spinal canal, respecting the relevant size and power constraints. Although the circuit concepts 

of individual blocks have been previously described, their implementation in the selected 

technology is original. The architecture and system level circuit design is novel, tailored to 

the needs of our application, and advances the state of the art by combining three major 

advantages: (a) low power operation achieved by keeping the current generation off chip and 

avoiding clock implementation using asynchronously controlled digital blocks, (b) small size 

suitable for implantation, (c) communication via only 3 inputs for a rather high number of 

electrodes (13). The performance of the chip has been experimentally verified, and, apart 

from the active implants presented in this thesis, two different groups (ETHZ and IMM) are 

already in the process of designing electrode arrays with this as the main component. Its 

versatility makes it attractive for other applications as well.  

The individual silicon die thinning method that was developed and characterised in chapter 6 

has introduced an original setup to accurately set the final thickness of small ASICs. Silicon 

thinning is usually done at wafer level, where the equipment, as well as the handling and 

processing requirements are significantly different. This is the first documented effort to fully 

characterise such a process at die level. In addition, we have shown for the first time that 
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purely mechanical polishing can be used to provide a very smooth surface finish, without the 

need of chemical processing, and that the thinned chips remain electrically fully functional.  

The study presented in chapter 7 is novel, building up on a similar study described in [27]. In 

[27], the strength of the interconnects of metal foil on a gold substrate created by electrical 

rivet bonding was investigated via pull tests. In our work, similar tests were performed on 

standard aluminium ASIC pads, for different process parameter combinations (ball and hole 

sizes, and double and single bonds). Our findings suggested that different failure mechanisms 

apply in different cases, and that optimising the process can lead to stronger bonds through 

smaller holes, thus leading to a larger integration density. We have also proven that the 

process is suitable for bonding on thin ASICs, provided they are supported properly 

throughout the procedure. This has been proven very useful to gain a greater insight in this 

interconnection method and its limitations.  

Finally, the entire content of chapter 8 is also novel. The new fabrication method for the 

active implants is original, as is the design of the new arrays. The fabricated prototypes 

perform well in the electrical and mechanical tests. Although chronic in vivo evaluation is 

still lacking, in vitro results are promising. To the author’s knowledge, this is the first time 

that active electrode arrays, with electronics suitable for implantation inside the rat’s spinal 

canal, have been successfully developed and tested. 

List of original publications 

The research conducted during this work led to the following publications. 

Journal publications: 

1. V. Giagka, C. Eder, N. Donaldson, and A. Demosthenous, ‘'An implantable versatile 

electrode-driving ASIC for chronic epidural stimulation in rats,” IEEE Trans. Biomed. 

Circuits Syst., doi 10.1109/TBCAS.2014.2330859. 

Conference publications: 

1. V. Giagka, A. Vanhoestenberghe, N. Donaldson, and A. Demosthenous, “Evaluation and 

optimisation of the mechanical strength of bonds between metal foil and aluminium pads 

on thin ASICs using gold ball studs as micro-rivets,” in Proc. ESTC 2014, Helsinki, 

Finland, Sept. 2014. 

2. V. Giagka, N. Saeidi, A. Demosthenous, and N. Donaldson, “Controlled silicon IC 

thinning on individual die level for active implant integration using a purely mechanical 

process,” in Proc. IEEE ECTC 2014, Orlando, FL, USA, May 2014, pp. 2213 - 2219. 



 

72 

 

3. V. Giagka, C. Eder, V. Valente, A. Vanhoestenberghe, N. Donaldson, and A. 

Demosthenous, “A dedicated electrode driving ASIC for epidural spinal cord stimulation 

in rats,” in Proc. ICECS 2013, Abu Dhabi, UAE, Dec. 2013, pp. 469 – 472. 

4. V. Giagka, A. Vanhoestenberghe, N. Donaldson, and A. Demosthenous, “In vivo 

evaluation and failure analysis of an implantable electrode array for epidural spinal cord 

stimulation in paralysed rats,” presented at the IMAPS-UK Annual Conf. MicroTech 

2013 Showcasing Micro-Assembly, Cambridge, UK, Mar. 2013. 

5. V. Giagka, N. Donaldson, and A. Demosthenous, “An implantable stimulator system for 

neuro-rehabilitation in paralysed rats,” presented at the Young Researchers Futures 

Meeting - Neural Engineering, Warwick, UK, Sep. 2012. 

6. V. Giagka, A. Demosthenous, and N. Donaldson, “Towards a low-power active epidural 

spinal cord array controlled through a two wire interface,” in Proc. PRIME 2012, 

Aachen, Germany, Jun. 2012, pp. 247 – 250. 

7. V. Giagka, A. Vanhoestenberghe, N. Wenger, P. Musienko, N. Donaldson, and A. 

Demosthenous, “Flexible platinum electrode arrays for epidural spinal cord stimulation 

in paralyzed rats: An in vivo and in vitro evaluation,” in Proc. 3rd Annual Conf. 

IFESSUKI 2012, Birmingham, UK, Apr. 2012, pp. 52 – 53. 

Awards 

The work conducted for this thesis has been awarded the following prizes: 

1. 2013 Cullen Prize for the Best Doctorate Student Poster in the Department of 

Electronic and Electrical Engineering, “Towards an active implant for epidural spinal 

cord stimulation,” 25th April 2013, University College London, London, UK. 

2. Bronze Leaf Certificate; paper rated between the top 20% and top 30% best papers of 

the conference, in PRIME 2012 conference, “Towards a low-power active epidural 

spinal cord array controlled through a two wire interface,” 12th – 15th June 2012, Aachen, 

Germany. 

3. Best Poster Abstract in 3rd Annual Conf. IFESSUKI 2012, awarded by Odstock 

Medical Limited, “Flexible platinum electrode arrays for epidural spinal cord stimulation 

in paralyzed rats: An in vivo and in vitro evaluation,” 27th – 29th April 2012, 

Birmingham, UK. 

4. Best Poster Award runner-up in UCL Graduate School Research Poster Competition 

2011/2012, “Active implants: placing electronics in your spine,” 27th – 28th February 

2012, University College London, London, UK.  
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2.5 Summary 

This chapter started with a description of the application that set the aims of this work. To 

understand the mechanism involved when epidural stimulation enables recovery of volitional 

hindlimb locomotion, as well as to examine the effects of different stimulation patterns on 

gait, experiments on rats that have been given spinal lesions are performed by UZH. Their 

initial setup used wires as electrodes. To evaluate the effect of stimulation in different sites, 

implanting wires was no longer a feasible solution, and an electrode array was required. This 

should give independent access to all electrodes and allow the user to swiftly change all 

stimulation parameters in real-time, while featuring a small number of connections. The main 

goal of this work was to develop an electrode array suitable for chronic epidural electrical 

stimulation in rats.  

A summary of the work presented in this thesis was given in the next section of this chapter. 

The initial approach was to design and fabricate passive arrays, but in vivo tests showed that 

these were highly unreliable and that there was a need to reduce the number of connections. 

ASICs were developed to be embedded in the arrays, acting as electrode drivers, reducing the 

number of connections from 12 to 3. The new active prototypes have been fabricated and 

assembled, and electrically and mechanically evaluated. 

The work presented in this thesis is part of a fully implantable stimulating system which is 

under development at the moment and an overview of the envisioned arrangement was 

shown. On this basis, a review of previously reported systems specifically developed to be 

used in freely moving small animals has been presented. In these systems each of the 

subcomponents was implemented differently and these are compared in a detailed table. 

Finally, the novelty and the most significant contributions of this work in the field have been 

highlighted. 

  



 

74 

 

References 

[1]  A. Prochazka, and V. K. Mushahwar, “Spinal cord and rootlets” in Neuroprosthetics: 

Theory and Practice, K. W. Horch and G. S. Dhillon, Ed. Singapore: World Scientific 

Publishing Co. Pte. Ltd., 2007, pp. 786 – 806. 

[2] K. D. Wise, A. M. Sodagar, Y. Yao, N. M. Gulari, G. E. Perlin, and K. Najafi, 

“Microelectrodes, microelectronics, and implantable neural microsystems,” Proc. IEEE, 

vol. 96, no. 7, pp. 1184 – 1202, Jul. 2008.   

[3] J. Thelin, H. Jörntell, E. Psouni, M. Garwicz, J. Schouenborg, N. Danielsen, and C. E. 

Linsmeier, “Implant size and fixation mode strongly influence tissue reactions in the 

CNS,” PloS One, vol. 6, no. 1, pp. e16267, Jan. 2011. 

[4] V. Giagka, A. Vanhoestenberghe, N. Wenger, P. Musienko, N. Donaldson, and A. 

Demosthenous, “Flexible platinum electrode arrays for epidural spinal cord stimulation in 

paralyzed rats: An in vivo and in vitro evaluation,” in Proc. 3rd Annual Conf. IFESSUKI 

2012, Birmigham, UK, Apr. 2012, pp. 52 – 53. 

[5] V. Giagka, A. Vanhoestenberghe, N. Donaldson, and A. Demosthenous, “In vivo 

evaluation and failure analysis of an implantable electrode array for epidural spinal cord 

stimulation in paralysed rats,” presented at the IMAPS-UK Annual Conf. MicroTech 2013 

Showcasing Micro-Assembly, Cambridge, UK, Mar. 2013. 

[6] V. Giagka, A. Demosthenous, and N. Donaldson, “Towards a low-power active epidural 

spinal cord array controlled through a two wire interface,” in Proc. PRIME 2012, 

Aachen, Germany, Jun. 2012, pp. 247 – 250. 

[7] V. Giagka, C. Eder, V. Valente, A. Vanhoestenberghe, N. Donaldson, and A. 

Demosthenous, “A dedicated electrode driving ASIC for epidural spinal cord stimulation 

in rats,” in Proc. ICECS 2013, Abu Dhabi, UAE, Dec. 2013, pp. 469 – 472. 

[8] V. Giagka, C. Eder, N. Donaldson, and A. Demosthenous, ‘'An implantable versatile 

electrode-driving ASIC for chronic epidural stimulation in rats,” IEEE Trans. Biomed. 

Circuits Syst., doi 10.1109/TBCAS.2014.2330859. 

[9] V. Giagka, N. Saeidi, A. Demosthenous, and N. Donaldson, “Controlled silicon IC 

thinning on individual die level for active implant integration using a purely mechanical 

process,” in Proc. IEEE ECTC 2014, Orlando, FL, USA, May 2014, pp. 2213 - 2219. 



75 

 

[10] V. Giagka, A. Vanhoestenberghe, N. Donaldson, and A. Demosthenous, “Evaluation and 

optimisation of the mechanical strength of bonds between metal foil and aluminium pads 

on thin ASICs using gold ball studs as micro-rivets,” in Proc. ESTC 2014, Helsinki, 

Finland, Sept. 2014. 

[11] V. Giagka, N. Donaldson, and A. Demosthenous, “An implantable stimulator system for 

neuro-rehabilitation in paralysed rats,” presented at the Young Researchers Futures 

Meeting - Neural Engineering, Warwick, UK, Sep. 2012. 

[12] R. G. Dennis, D. E. Dow, and J. A. Faulkner, “An implantable device for stimulation of 

denervated muscles in rats,” Med. Eng. Phys., vol. 25, no. 3, pp. 239 – 253, Apr. 2003. 

[13] R. E. Millard, and R. K. Shepherd, “A fully implantable stimulator for use in small 

laboratory animals,” J. Neurosci. Methods, vol. 166, no. 2, pp. 168 – 177, Nov. 2007. 

[14] D. Harnack, W. Meissner, R. Paulat, H. Hilgenfeld, W.-D. Müller, C. Winter, R. 

Morgenstern, and A. Kupsch, “Continuous high-frequency stimulation in freely moving 

rats: Development of an implantable microstimulation system,” J. Neurosci. Methods, 

vol. 167, no. 2, pp. 278 – 291, Jan. 2008. 

[15] T. Ativanichayaphong, J. W. He, C. E. Hagains, Y. B. Peng, and J. -C. Chiao, “A 

combined wireless neural stimulating and recording system for study of pain processing,” 

J. Neurosci. Methods, vol. 170, no. 1, pp. 25 – 34, May. 2008. 

[16] S. K. Arfin, M. A. Long, M. S. Fee and R. Sarpeshkar, ‘Wireless neural stimulation in 

freely behaving small animals’, J. Neurophysiol., vol. 102, no. 1, pp. 598 – 605, Jul. 

2009. 

[17] Q. Zhou, Q. Zhang, X. Zhao, Y. Y. Duan, Y. Lu, C. Li and T. Li, “Cortical electrical 

stimulation alone enhances functional recovery and dendritic structures after focal 

cerebral ischemia in rats,” Brain Res., vol. 1311, pp. 148 – 157, Jan. 2010. 

[18] C. P. Young, S. F. Liang, D. W. Chang, Y. C. Liao, F. Z. Shaw, and C. H. Hsieh, “A 

portable wireless online closed-loop seizure controller in freely moving rats,” IEEE 

Trans. Instrum. Meas., vol. 60, no. 2, pp. 513 – 521, Feb. 2011. 

[19] A. Abdo, M. Sahin, D. S. Freedman, E. Cevik, P. S. Spuhler and M. S. Unlu, “Floating 

light-activated microelectrical stimulators tested in the rat spinal cord,” J. Neural Eng. 

vol. 8, no. 5, pp. 1 – 9, Oct. 2011.  



 

76 

 

[20] D. W. J. Perry, D. B. Grayden, R.K. Shepherd, and J. B. Fallon, “A fully implantable 

rodent neural stimulator,” J. Neural Eng., vol. 9, no. 1, pp. 1 – 7, Feb. 2012. 

[21] R. Shepherd, and J. Xu, “A multichannel scala tympani electrode array incorporating a 

drug delivery system for chronic intracochlear infusion,” Hearing Res, vol. 172, no. 1 – 

2, pp. 92 – 98, Oct. 2002. 

[22] H. Zhou, Q. Xu, J. He, H. Ren, H. Zhou, and K. Zheng, “A fully implanted 

programmable stimulator based on wireless communication for epidural spinal cord 

stimulation in rats,” J. Neurosci. Methods, vol. 204, no. 2, pp. 341 – 348, Mar. 2012. 

[23] C. Forni, O. Mainard, C. Melon, D. Goguenheim, L. Kerkerian-Le Goff, and P. Salin, 

“Portable microstimulator for chronic deep brain stimulation in freely moving rats,” J. 

Neurosci. Methods, vol. 209, no. 1, pp. 50 – 57, Jul. 2012. 

[24] P. Gad, J. Choe, M. S. Nandra, H. Zhong, R. R. Roy, Y.-C. Tai, and V. R. Edgerton, 

“Development of a multi-electrode array for spinal cord epidural stimulation to facilitate 

stepping and standing after a complete spinal cord injury in adult rats,” J. Neuroeng. 

Rehabil, vol. 10, no. 2, pp. 1-17, Jan. 2013. 

[25] A. Bagheri, S. R. I Gabran, M. T. Salam, J. L. P. Velazquez, R. R. Mansour, M. M. A. 

Salama, and R. Genov, “Masively-parallel neuromonitoring and neurostimulation rodent 

headset with nanotextured flexible microelectrodes,” IEEE Trans. Biomed. Circuits Syst., 

vol. 7, no. 5, pp. 601 – 609, Oct. 2013. 

[26] M. Schuettler, S. Stiess, B. V. King, and G. J. Suaning, “Fabrication of implantable 

microelectrode arrays by laser cutting of silicone rubber and platinum foil,” J. Neural 

Eng., vol. 2, no. 1, pp. S121 – S128, Feb. 2005. 

[27] M. Schuettler, C. Henle, J. S Ordonez, W. Meier, T. Guenther, and T. Stieglitz, 

“Interconnection technologies for laser-patterned electrode arrays,” in Proc. IEEE 

EMBC, Vancouver, Canada, Aug. 2008, pp. 3212 – 3215. 

  



77 

 

Chapter 3 

Electrodes theory 

This chapter offers a summary of the basic theory related to electrodes when these are used 

for stimulating purposes. It sets the relevant background one needs to be familiar with to 

appreciate the design and fabrication choices made throughout this work. It also offers an 

introduction to the main characterisation techniques and their significance. Some of them are 

subsequently used as an evaluation tool for the devices developed in this thesis. 

3.1 Electrodes, electrode – electrolyte interface and electrical 

equivalent circuit 

3.1.1 Electrodes 

The interface between the body and the electronic apparatus used to measure or inject 

currents or potentials is called an electrode. Electrodes perform a transducing function, 

converting the ionic current (carried by ions) in the body into electronic current (carried by 

electrons) [1]. 

Stimulating and recording electrodes 

Electrodes can be classified according to their use. Implantable electrodes can be divided into 

two basic categories: electrodes used for recording biopotentials, where there is a negligible 

current flow and electrodes used for current injection, where the current flowing through the 

electrode – electrolyte interface can be as large as milliamperes. 

Stimulating electrode configurations 

In a current injecting system, electrodes can be used in several different configurations.  

In a monopolar configuration, the current is injected via a single electrode (called the working 

electrode), while a second neutral electrode (called the counter or return electrode) of a 

(usually more than ten times) larger surface area is used to provide the return path for the 

current. The return electrode should be large enough so that the current density at its surface 

is very low so that the effect of current flow is negligible. According to [2], an ideal neutral 

electrode is an enormous spherical electrode infinitely far away and at zero potential. 
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In a bipolar configuration, two equal electrodes are used as the working and the return 

electrodes, while in a multipolar configuration, more than one electrode connected in parallel 

can be used for either part of the system. 

3.1.2 Electrode – electrolyte interface 

When an electrode is immersed in an electrolyte, even without any external voltage being 

applied, a local re-arrangement of charges across the interface occurs, forming a capacitive 

double layer and creating a potential difference between the electrolyte surrounding the metal 

and the rest of the solution, known as the half-cell potential, Ehc [1], or equilibrium potential 

[3]. 

When sufficient voltage is applied across a pair of electrodes immersed in an electrolyte, 

current flows between the two electrodes through the electrolyte. There are two main 

mechanisms through which charge is transferred at the electrode – electrolyte interface; either 

a transfer of electrons between the electrode and the electrolyte occurs through a Faradaic 

reaction, or a redistribution of chemical species in the electrolyte through a non-Faradaic 

reaction. Each of these mechanisms is represented by a different conduction pathway in the 

equivalent circuit that describes the electrode behaviour (Fig. 3.1) [3]. 

In a non-Faradaic reaction no actual electrons are transferred and the charge redistribution 

could be reversed, upon reversing the direction of the current. This can be modelled as a 

capacitor Cd whose value changes with the applied potential, the double layer capacitor, 

representing charge storage.  

In a Faradaic reaction, the transfer of the electrons is performed through the processes of 

oxidation and reduction. In oxidation, an electron is removed from the electrode that is driven 

positive while in reduction an electron is added at the electrode driven negative [3]. These 

reactions result in the formation of some products which either stay on the electrode surface, 

or diffuse away from it into the solution. In the first case the Faradaic reaction may be 

reversible while in the second it said to be irreversible. This phenomenon can be modelled as 

a Faradaic impedance [3].  

To complete the circuit equivalent, a resistance Rs should be included to model the effect of 

the electrolyte. 

When an electrode is polarised, i.e. its potential is forced away from the equilibrium 

potential, this potential difference is called the overpotential η. For small values of the 

overpotential, the Faradaic current is small, and current flows mainly through the capacitive 

branch, charging the double layer capacitance. As the overpotential increases, more and more 
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of the total injected current is a result of Faradaic processes. Electrodes with large total 

capacitance (large capacitance per area and/or large area) can store large amounts of charge 

with small overpotentials and little Faradaic current.  

As potentials in the electrolyte increase, two reactions set an upper and lower limit: reduction 

of water which results in the formation of hydrogen gas6, and oxidation of water which 

results in formation of oxygen7. This potential range is called the water window [3] and is 

defined as the potential range where electrolysis does not occur. Electrolysis is non reversible 

and, together with other irreversible Faradaic reactions that could be harmful for the tissue or 

the electrode, should be avoided. 

3.1.3 Response of electrode potential to stimulus waveforms 

As aforementioned, in neural stimulation, current controlled stimulation is usually the 

preferred stimulation method because the amount of injected charge can be directly 

controlled (as opposed to voltage controlled stimulation). In current controlled stimulation, a 

current source is used to apply the stimulus current pulse. The most common waveforms used 

in neural stimulation applications have been introduced in chapter 1, section 1.2.3.2 and the 

effect of these waveforms on the excitation of cells has been analysed. Here, we aim to 

investigate how the electrode potential responds to the monophasic and charge-balanced 

biphasic stimulus waveforms. 

When stimulation is achieved using a cathodic monophasic current pulse [Fig. 3.2 (a)], the 

double layer capacitance is initially charged through a reversible process and the electrode 

potential is reduced. As the potential becomes more negative, the overpotential increases, and 

                                                      
6 For a PtIr electrode in an electrolyte: 2H2O + 2e− → H2 ↑ + 2OH− [4]. 
7 For a PtIr electrode in an electrolyte: O2 ↑ + 4H+ + 4e− ← 2H2O [4]. 

 

Figure 3.1. Equivalent circuit to model the electrical characteristics of the electrode – electrolyte 

interface. Cd models the charge storage, Zfaradaic models the charge dissipation, Rs models the resistance 

of the electrolyte and Ehc represents the half-cell potential.  
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the fraction of charge delivered through Faradaic current (that changes exponentially with the 

overpotential) becomes more significant. After the end of the pulse, the circuit is kept open, 

and the charge stored at the double layer capacitance discharges through Faradaic reactions, 

reducing the overpotential exponentially, moving the electrode potential more positive until it 

goes back close to the equilibrium potential. If the next stimulus pulse arrives before the 

equilibrium potential is re-established, as is usually the case in neural stimulation where 

frequencies of 50 – 60 Hz are common, the potential starts from a more negative value than 

in the previous pulse, resulting in a larger portion of current being due to Faradaic reactions, 

gradually leading to a steady-state where all the charge transferred is due to Faradaic 

reactions. 

On the other hand, in a cathodic-first charge-balanced biphasic stimulation pattern [Fig. 3.2 

(b)], when the cathodic phase of the first pulse is over, an anodic phase reverses the charge 

stored by actively discharging the capacitance, causing the potential to move back to positive. 

Some of the injected charge of the previous phase though has gone into non-reversible 

reactions, and only a fraction of the charge has been stored in the capacitance. Therefore, the 

reversed pulse only needs a fraction of the injected charge to return the potential to its initial 

value. The excess charge causes the electrode potential to move more positive. Thus, when 

the cathodic phase of the next stimulus pulse arrives, the potential starts from a more positive 

value compared to the equilibrium potential. This value gradually becomes more positive and 

irreversible Faradaic reactions such as electrode corrosion may occur [3]. 

In an analysis presented in [3] is shown that the monophasic waveform leads to the greatest 

shift of the electrode potential away from the equilibrium potential, and the greatest 

accumulation of unrecoverable charge. These, being towards the negative direction cause 

reactions that can be harmful for the tissue. Based on the above, the cathodic-first charge-

balance waveform is generally preferred and is most commonly used today. However, it can 

still lead to a shift of the electrode potential, only at the positive direction, and the 

electrochemical reactions taking place (i.e. corrosion) could damage the electrodes. A third 

 

Figure 3.2. The response of the electrode potentials to the (a) monophasic and (b) charge-balanced 

biphasic stimulus waveforms (reproduced from [3]). OCP is the initial open circuit potential. 
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type of waveform, the cathodic-first charge-imbalanced waveform, where less charge is 

injected during the second phase of the pulse (previously discussed in section 1.2.3.2), 

promises to lead to the smallest potential shift away from the equilibrium, thus minimizing 

the damage to both the tissue and the electrode.  

3.1.4 Charge storage capacity (CSC) of electrodes 

The amount of charge that can be stored reversibly in an electrode defines the safe charge 

injection limit. This includes all the charge that can be restored from the double layer 

capacitance, pseudocapacitance 8  or Faradaic reversible reactions, and depends on the 

electrode material, size and shape, as well as the composition of the electrolyte9 and the 

stimulus waveform [3]. A large charge injection limit is necessary in electrical stimulation to 

limit the irreversible Faradaic reactions and their products which might be harmful for the 

tissue or the electrode. 

Platinum is the most well established electrode material and several studies have been 

conducted to determine its charge storage capacity within the water window. According to 

[7], the charge injection limits of a platinum electrode, when charge balanced biphasic 200 µs 

current pulses are applied, is in the range of 50 to 150 µC/cm2. Other values varying between 

35 µC/cm2 in [8] (involving different processes such as corrosion) and 350 µC/cm2 in [9], 

have been reported in the literature [5]. 

Table 3.1 discusses the reversible charge storage capacity for different metals commonly used 

for electrode fabrication. 

                                                      
8 For noble metal electrodes, primarily Pt and PtIr alloys, the faradaic reactions are confined to a 

surface monolayer, and these are described as pseudocapacitive reactions, although electron transfer 

still occurs [5]. 
9  Robblee et al. [6] have shown that in the presence of protein the dissolution rate of platinum 

decreases by an order of magnitude.  

Table 3.1 Reversible charge storage capacity for different metals (summary from [3] and [10]). 

Metal 

Reversible charge 

storage capacity 

(μC/cm2) 

Platinum 50 – 350 

Platinum-iridium alloys similar to Pt 

Iridium similar to Pt 

Iridium oxide 1200 – 3500 

Gold 20 

Stainless steel 40 – 50 
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3.2 Electrode characterisation 

Three of the most common techniques for electrochemical characterisation of electrodes are 

impedance spectroscopy, cyclic voltammetry and voltage transients. Each of the above offers 

insights regarding the electrode performance from different perspectives. Cogan in [5] offers 

a very good review of the subject, and below we summarise the basics of each technique to 

provide a handy reference to the reader as a tool to interpret the results presented later in this 

thesis. 

3.2.1 Cyclic voltammetry 

Cyclic voltammetry (CV) is a measurement used to obtain information on the presence and 

reversibility of electrochemical reactions on a test electrode (and, therefore, their charge 

storage capacity). Despite the fact that, for a specific material, these reactions are unchanged, 

the cyclic voltammogram trace can vary according to the geometric area and roughness of the 

electrode and the sweep rate. 

The test is performed using a three-electrode setup. A noncurrent carrying reference electrode 

is employed to reference all other potentials. During the measurement, the potential of the test 

electrode is swept cyclically, at a constant rate, between two potential limits, and current is 

flowing between the test electrode and an indifferent electrode. The rate of the 

electrochemical reactions taking place at the test electrode (forced by the potential sweep) is 

proportional to the current. 

 

Figure 3.3 Typical excitation signal for cyclic voltammetry – a triangular potential waveform with 

switching potentials at 0.8 and – 0.2 V versus saturated calomel electrode (SCE). 
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Fig. 3.3 shows the waveform of a typical excitation signal and Fig. 3.4 a typical cyclic 

voltammogram trace [11]. In these graphs, the potential of the test electrode is scanned 

initially negatively from 0.8 V to – 0.2 V, and then positively, back to 0.8 V. Different 

sections (a – k) in Fig. 3.4 correspond to the reduction (forward scan) and oxidation (reverse 

scan) reactions taking place during the process. Parameters ipc and ipa correspond to the 

cathodic and anodic peak current, whereas, Epc and Epa to the cathodic and anodic peak 

potential. For the establishment of the peak currents the baseline current has been 

extrapolated. This type of electrochemical characterisation was out of the scope of this work, 

therefore it is not further analysed here. However, cyclic voltammograms can offer an 

estimate of the CSC of the electrode, which can be calculated from the time integral of the 

cathodic current in a slow-sweep-rate CV over a potential range that is just within the water 

window [5]. 

 

 

Figure 3.4 Typical cyclic voltammogram (platinum electrode, area 2.54 mm2). Scan initiated at 0.8 

V versus SCE in negative direction at 50 mV/s. Reproduced from [11]. 
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3.2.2 Impedance spectroscopy 

Impedance spectroscopy can be used to obtain an insight regarding both the tissue and 

electrode properties. It is usually performed using a two-electrode setup where a sinusoidal 

voltage (or current signal) of small amplitude (10 – 50 mV) is applied between the two 

electrodes and the impedance (magnitude and phase) of the system is calculated by measuring 

the resulting current (or voltage). This is done over a broad range of frequencies, usually 

between several Hz up to 100 kHz. The amplitude of the excitation signal should be small so 

that a linear current-voltage response is obtained. 

Fig. 3.5 shows typical impedance magnitude spectroscopy traces for activated iridium oxide 

film (AIROF) microelectrodes under different conditions. The impedance magnitude 

measured at high frequencies is equivalent to the resistive contribution of the tissue, as, at this 

point, the impedance due to charge transfer at the electrode – electrolyte interface is 

negligible [Fig. 3.5 (a)]. Regarding the low frequency part, this is dependent on the 

availability of the H+ or OH- as counterions, thus, higher impedances can be recorded in 

unbuffered versus buffered electrolytes10, such as phosphate buffered saline (PBS), of the 

same conductivity, as illustrated in Fig. 3.5 (b). 

The shape of the phase trace can give some information regarding the nature of the material: 

in the lower frequencies part of the graph, the closer the phase angle is to -90° the stronger 

                                                      
10 Buffer solutions are used to keep the pH constant, as they exhibit a very small pH change when 

small amounts of strong acids or bases are added to them. They are aqueous solutions consisting of a 

mixture of a weak acid and its conjugate base, or vice versa. 

 

Figure 3.5. Impedance magnitude traces for AIROF microelectrodes in (a) different electrolyte 

conductivities but fixed phosphate buffer concentration, and (b) in PBS and unbuffered saline of 

similar ionic conductivities. The low-frequency charge-transfer impedance increases with 

decreasing buffer because of the reduced availability of H+ and OH- counterions. GSA is the 

geometric surface area of the electrode. Reproduced from [5]. 
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the capacitive element of the electrode. Fig. 3.6 shows examples of the impedance magnitude 

and phase traces for a smooth and porous TiN film. 

3.2.3 Voltage transients 

Voltage transient recordings during current controlled pulsatile stimulation are often used to 

estimate the maximum charge that can be safely delivered to the tissue. These are usually 

performed using a three-electrode setup when in vitro (a two-electrode setup, however, can 

also provide useful insights when in vivo). For the measurement, the stimulus current is 

injected between a test electrode and a large-area return electrode, while potentials are 

determined in respect to the third, noncurrent carrying reference electrode. A typical voltage 

transient trace is illustrated in Fig. 3.7.  

In Fig. 3.7 Eipp is the potential before the onset of the pulse, ΔV is the maximum voltage 

difference, while Va (which is referred to as access voltage) represents the ohmic voltage 

drop due to the contribution of the electrolyte, and manifests itself at the onset and end of the 

pulse. The Emc and Ema values correspond to the most negative and most positive maximum 

polarisation across the electrode – electrolyte interface11. These extremes are compared to the 

                                                      
11 Emc can be calculated from the equation: Emc = Eipp + ΔV − Va. 

 

Figure 3.6. Impedance magnitude and phase traces for a smooth and porous TiN film. The figure illustrates 

also the reduction in impedance realised with a highly porous electrode coating. Modified from [5].  
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reported water window for the respective material. When trying to estimate the maximum 

CSC of the electrode using voltage transient, one needs to take into account three important 

limitations:  

1. The electrode’s CSC is dependent on the current density. When the same amount 

of injected charge per phase is delivered using different current amplitudes and 

pulse widths via the same electrode geometry, the resulting Emc varies (it is larger 

for higher current densities). Therefore, for a complete characterisation, 

measurements should be made at each current density of interest.  

2. The Va at the onset of the pulse is not necessarily the same with that at the end of 

the pulse. In fact, these two values can be quite different [5]. Changes in the 

ohmic resistance of the electrolyte that appear during the course of the 

stimulation are taken into account when Va is measured at the end, rather than at 

the onset of the pulse (see the two indications for Va in Fig. 3.7). 

3. The voltage transient waveform is not temperature independent. In [5] a study 

using an AIROF electrode pulsed at 37 °C in PBS showed a decrease in the 

resistive part of the electrode – electrolyte interface, as well as the electrode 

polarisation, compared to what observed during pulsing at 20 °C, which led to an 

increase in the CSC. 

 

Figure 3.7. A voltage transient of an electrode in response to a biphasic, symmetric current pulse. 

Reproduced from [5]. 
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3.3 Electrode array technologies 

Very early in the research of electrical stimulation, metal wire electrodes [12] and glass 

micropipettes [13] were employed to record the neural activity extracellularly and by probing 

individual cells, respectively [14]. When the neuroprosthesis field started to grow, early 

stimulating electrode arrays were wire-based, but it was quickly understood that a better 

technology was needed. 

The development of fabrication processes for the microelectronics industry set the basis for 

the development of lithographically patterned electrode arrays [15] which very often included 

custom circuitry for processing, turning them into microsystems [14]. Fig. 3.8 shows the 

basic structure of a micromachined multielectrode probe.  

These probes consisted of a selectively etched substrate with conductive lines which are, top 

and bottom, insulated by dielectrics (such as polyimide, silicon oxide, silicon nitride or 

glass). The area of exposed thin film metal (gold, platinum, tungsten, tantalum, nickel) forms 

the electrode sites. Although several other materials were explored as substrates (including 

metals, glass, sapphire and polymers), silicon is the most widely used up to date for this type 

of probes, due to, among others, the fact that its processing is so well established. 

Another special type of silicon electrode probe is the Utah Electrode Array (UEA) [16]. This 

is a three dimensional (3D) structure (Fig. 3.9), as opposed to the previous silicon planar 

probes, with a high density (100) of penetrating shafts projecting down from a glass/silicon 

base. The tip of each shaft is coated with platinum to form the electrodes. 

 

    (a)           (b) 

Figure 3.8. The basic structure of a micromachined multielectrode probe (a) and some examples 

(b). Reproduced from [14]. 
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The above examples can be batch-fabricated and have been successfully used for acute and 

chronic studies. Currently, different versions of the UEA are commercially available by 

Blackrock Microsystems, Salt Lake City, Utah, USA.  

However, silicon is stiff and rigid and it does not allow the device to flexibly conform to the 

implantation site and move with it in the microscale. Alternatively, electrode arrays on 

flexible substrates have also been under research. The motivation behind this development is 

that the long term performance of such devices would be superior to that of silicon, due to the 

fact that their flexible nature would result in reduced trauma caused by the micromotion. 

The developments in this field are mainly focused on three substrate materials, namely 

polyimide, parylene, and silicone rubber. The arrays in this case are commonly (but not 

necessarily) planar structures, which consist of metal traces sandwiched between layers of 

polyimide or silicone rubber. Below we summarise some reported examples. 

Passive polyimide-based intracortical arrays were manufactured in [17] using standard photo-

lithographic complementary metal-oxide-semiconductor (CMOS)-compatible techniques on 

silicon wafers. These were either planar or bent into 3D shapes [Fig. 3.10 (a)]. They were 

either terminated in bond pads or connected via an integrated polyimide ‘cable’ which used a 

feed-through interconnect system for attachment of an external connector. Polyimide cuff 

electrodes for peripheral nerve stimulation were developed in [18] and are illustrated in [Fig. 

3.10 (b)]. These were fabricated on a silicon carrier and the thin metallisation (30 nm 

titanium, 300 nm platinum) was deposited by sputtering and patterned in a lift-off technique, 

while reactive ion etching was used to open the electrode sites. The planar devices were 

rolled into cuffs at 340 °C for 2 hours using a specially designed tool, and connected via a 

 

Figure 3.9. Scanning electron microscope (SEM) view of the Utah Electrode Array. The structure 

is 4.2 mm on a side and the electrodes are 1.2 mm in length. Reproduced from [16]. 
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plastic connector. In [19], micro-channel electrode arrays [Fig. 3.10 (c)] were microfabricated 

to aid peripheral nerve regeneration. Gold micro-electrodes and micro-channels of 

photosensitive polyimide were patterned directly on polyimide substrates and the device was 

then rolled into a 3D structure, fitting the peripheral nerve. 

Silicone processing can be done using dry etching, wet etching, laser ablation, casting and 

photocurable silicone. Dry and wet etching have been used for the development of 

microfluidic devices [20], but not for microelectrode arrays. Fabrication of silicone-based 

implants has been reported using casting [21], photocurable silicone [22], and laser ablation 

[23]. Fig. 3.11 illustrates some indicative examples. 

 

(a)                                                                           (b) 

 

(c) 

Figure 3.10. Flexible passive polyimide-based array bent into 3D shape for intracortical recording 

from [17] (a), polyimide cuff electrode for peripheral nerve stimulation from [18] (b), and 

polyimide micro-channel 3D array for peripheral nerve regeneration from [19] (c). 
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In addition to the above examples of passive flexible electrode arrays, some active devices 

have also been reported. The assembly of the microsystems can be performed with a variety 

of integration methods, and these are reported in detail in chapter 7. Fig. 3.12 presents some 

indicative prototypes.  

 

Figure 3.11. Cuff silicone rubber-based electrode (a), and multi-layer silicone rubber-based 

electrode array (b). Reproduced from [24] and [21], respectively. 

 

(a)                                                                             (b) 

 

(c) 

Figure 3.12. Hybrid cuff electrode with integrated multiplexer to reduce the number of cables for 

six stimulation tripoles to four (a), multi-channel sieve electrode with multiplexer electronics 

encapsulated in parylene C and silicone (b), and silicone rubber-based electrode array with 

integrated amplifier (c). Reproduced from [25], [26], and [27], respectively. 
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3.4 Summary 

This theoretical chapter aimed to familiarise the reader with the necessary background to 

understand electrodes and their properties. Starting by describing different electrode 

categories and configurations, we have next considered how electrodes behave into an 

electrolyte. We introduced the basic electrical model which has been suggested to describe 

the electrochemical reactions taking place on the electrode – electrolyte interface. We have 

also considered how the electrode potential is affected by the stimulus waveform during 

electrical stimulation. We briefly discussed the concept of charge storage capacity and 

presented the methods that are most commonly used for the characterisation of electrodes, 

namely cyclic voltammetry, impedance spectroscopy, and voltage transients during pulsatile 

stimulation. Finally, we have described the most common reported technologies used for 

electrode array fabrication.  
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Chapter 4 

Passive electrode arrays 

The development of this system in its final form is a result of several design decisions, each 

of which was based on the evaluation of previous results. As previously discussed, the main 

objective of this work was to develop an implantable system suitable for chronic epidural 

stimulation in paralysed SCI rats. In the early stages of this work, we tried to achieve this by 

designing and fabricating passive electrode arrays. Through this approach we managed to 

explore the limits of our technology, while, at the same time, gained invaluable insight into 

the challenges we would have to address. This chapter presents the development and 

evaluation of the passive prototypes, which were the starting point for the proposed active 

arrays presented in chapter 8. 

4.1 Materials 

4.1.1 Stimulating electrodes requirements 

In electrodes used for current injection, the current flowing through the electrode – electrolyte 

interface can be as large as milliamperes. The material used for these stimulating electrodes 

should therefore exhibit a charge injection capability large enough to safely deliver the 

desired current to the tissue. 

Generally, stimulating electrodes for chronic implantable systems should be made of a 

biocompatible material, mechanically suitable for the application. Furthermore, they should 

be able to safely inject sufficient charge to elicit action potentials and maintain their 

conducting and insulating characteristics stable throughout the intended period of use [1]. 

4.1.2 Selection of materials 

In ESCS the charge injection required to elicit neuron response is large due to the thick dura 

layer that insulates the neural tissues.  

As discussed in section 3.1.4 platinum exhibits a substantial charge storage capacity within 

the water window. For current pulses of 200 µs duration and 500 µA amplitude (according to 

the maximum values used by EPFL in their tests), the injected charge (𝑄 = 𝐼  𝑡) is 0.1 µC, 

and a minimum of 0.1 mm2 area is needed to safely inject this charge, assuming a limit of 100 

µC/cm2. 
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Other metals commonly used for electrode fabrication, such as gold and stainless steel exhibit 

much lower maximum charge storage capacity values. Iridium oxide exhibits significantly 

larger CSC, but it is much harder to handle than platinum. 

Platinum has also been shown to be well tolerated by the tissue [2]. Based on the above, 

platinum was our preferred material for the conductive parts of the electrode array. 

For the insulating substrate that covers the metallic parts which should not get in contact with 

the tissue we were in search for a material that would ideally adjust to the shape of the spinal 

cord and move and deform together with it. Silicone rubber, otherwise known as PDMS 

(Polydimethylsiloxane), has been extensively used in the fabrication of implantable 

electrodes due to the high flexibility it offers and its biocompatible nature (see section 3.3). 

Other materials like polyimide or parylene have also been used for the fabrication of 

electrode arrays for other applications in neural stimulation, but these are stiffer compare to 

silicones. Since there is considerable amount of experience in our lab in working with 

silicone rubber, this was a natural choice.  
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4.2 Methods 

Schuettler et al. [3] have established a fabrication procedure for flexible microelectrode 

arrays using silicone rubber and laser-patterned platinum foil. According to their method, 

platinum foil is applied on a medical grade silicone rubber substrate, shaped by laser-

patterning and then encapsulated by another layer of silicone. The electrode sites are then 

exposed by hatching the top layer rubber with the laser. 

This method offers the ability to fabricate electrode arrays without the need of expensive 

clean room facilities and reduces the required design-to-prototype time to less than a day. In 

our application, the optimum design of the array is itself part of the research, therefore, 

fabricating the array using a method that allows easy alteration of the design was a significant 

advantage. 

4.2.1 Laser cutting 

One of the main characteristics in this fabrication method is the patterning of the materials 

using a laser. An understanding of the basic phenomena taking place when cutting with a 

laser is therefore necessary to be able to optimise the procedure and analyse the results. The 

objective of this section is not to cover all the details and phenomena involved but present a 

brief overview of the background and main mechanisms that affect the procedure and, as a 

result, our choices. 

Radiation from a laser is a form of electromagnetic radiation associated with the energy 

coherently emitted during electrons’ transition from a higher to a lower energy level within 

an atom. The wavelength of a laser can vary between X-ray to infrared [4].  

An actual laser usually comprises two mirrors (the resonator or resonant cavity) and an active 

medium placed between them. The active medium is used to generate the beam and amplify 

its intensity, while photons travel along the axis of the resonator between the two mirrors. In 

order for the active medium to initiate the amplification, energy needs to be supplied to it 

(this process is called pumping). When the intensity of the signal is high enough, the laser 

beam comes out of the system either continuously over time (continuous wave lasers) or in 

the form of pulses (pulsed lasers). This beam is monochromatic, coherent, exhibits low 

divergence when focused and, apart from being a source of light, it is also a source of intense 

heat. Their ability to produce high energy concentrations is what makes lasers appropriate for 

cutting and drilling applications. In laser cutting the focused beam is directed onto the surface 

of the material and it heats it up rapidly, melting it and/or vaporising it. The molten material 

is usually blown away during the procedure. 
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When a laser beam hits a surface, the energy that is absorbed by the material is transformed 

into lattice vibrations, that is, into heat, and is transferred to the inner part by conduction. The 

absorptivity depends on both the material as well as on the wavelength of the laser beam: as 

wavelength increases, the absorptivity increases for insulators but decreases for metals. It also 

increases with increasing temperature for a given wavelength [4].  

Some of the characteristics of the laser beam, such as the peak power, the duration of the 

pulse, the pulse repetition rate (pulse frequency), can be adjusted. These affect the quality of 

the cutting in different ways; they can lead to smoother cutting lines, deeper, wider or 

narrower grooves. Another parameter that can be defined in our laser model is the speed that 

the laser scans the device-to-be-cut. Finding an optimum combination of these settings is a 

time-consuming, but necessary, procedure that needs to be performed separately for each 

material. 

Our laser is an Nd:YAG Class IV laser (Laservall S.p.A., Zona Industriale, 5/bis, 10020 

Donnas (AO), Italy) with a wavelength of 1064 nm (infrared), used in pulsed mode with a 

maximum repetition rate of 10 kHz, a fixed pulse duration of 8 ns and a maximum pulse 

energy of 500 µJ.  

4.2.2 Existing fabrication procedure 

A more detailed overview of the fabrication method by Schuettler et al. [3] is presented here, 

as this forms the basis of the altered procedure presented in the next section. 

A glass slide covered by cellophane tape is used as a carrier throughout the procedure. The 

cellophane tape is used as an intermediate layer between the glass carrier and the electrode 

array to ease the release of the array at the end of the fabrication process, while providing 

sufficient adhesion for handling. The insulating substrate of the array, made of one-part 

medical grade silicone rubber MED-1000 diluted with n-heptane, at a 1:1 mass ratio, is then 

spun on the carrier by spin coating. After the silicone rubber curing, which is accelerated 

either by immersing it in boiling water for at least an hour [3], or by placing it in a humid 

oven at 80 °C for 20 minutes [5], an 18 µm-thick platinum foil is placed on the silicone 

surface and pressed on by hand. The metal sticks to the silicone well enough to enable further 

handling, and the foil is shaped by the laser, forming the electrodes, tracks and contact pads. 

Any metal that is not needed is removed by hand using a pair of tweezers. A second layer of 

rubber is then spun over the surface of the metal. The cured silicone rubber is cut by the laser, 

exposing the electrode sites and the contact pads that need to be accessible. After shaping the 

perimeter with the laser, the electrode array is peeled off the carrier using tweezers. 
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Fig. 4.1 presents a step-by-step diagram of the fabrication procedure.  

4.2.3 The proposed fabrication procedure 

To fabricate the electrode arrays in our lab we needed to adjust the fabrication procedure due 

to our equipment, the small dimensions and the high track density we had to achieve. Below, 

we describe the new fabrication procedure, addressing each element individually, discussing 

the challenges we came across during each step, as well as the solutions we proposed. 

4.2.3.1 Glass carrier and release layer 

A standard microscope slide (76 mm  26 mm, Thermo Scientific, Saarbrueckener Strasse 

248, Braunschweig, D-38116, Germany) was used as a mechanical carrier as in [3].  

The use of Cellophane tape as a sacrificial layer proved impractical for our application: the 

removal of the array from the carrier proved to be quite challenging, as it required a lot of 

time and effort to keep the tracks intact. For the fabrication of the arrays we are using 

different materials (further discussed below) compared to [3] and we hypothesised that the 

difficulty we faced was probably due to this difference. Releasing the array is the final step of 

the fabrication procedure, and, by then, a lot of money and effort have already been invested 

in each array. Therefore, breaking or cracking any of the tracks, or even weakening them due 

to the force applied while pulling should be avoided. The use of alternative materials as 

intermediate layers was thus investigated. 

Release layer 

In our search for an alternative to cellophane tape as a release layer we tested polyimide foil, 

polytetrafluoroethylene (PTFE) tape, as well as poly4-styrenesulfonic acid solution (PSS). 

 

Figure 4.1. Step-by-step diagram of the existing fabrication procedure (reproduced from [3]). 
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Polyimide is a polymer with a characteristic orange/yellow colour. It can be easily found in a 

foil form and, as it was available in our lab, it was considered as a sacrificial layer. We 

noticed that peeling off the array from the polyimide layer was relatively easy, but the 

material’s heavy colouring interfered with the absorption of the laser light, causing burns on 

the polyimide and complicating the fabrication procedure. Therefore, this solution was 

quickly abandoned. 

PTFE, also known as Teflon, is a synthetic polymer, well known for its non-adhesive 

properties. It is white and solid at room temperature and can be found in a form of tape of 

different thicknesses. Experiments using PTFE as a sacrificial layer revealed that, if removing 

some excess metal by hand was necessary, pulling the metal would result in lifting the 

silicone rubber from the PTFE substrate rather than removing the metal from the silicone 

rubber. Therefore, PTFE did not provide sufficient adhesion, which was essential for the final 

steps of the fabrication. 

PSS (Sigma-Aldrich, 3050 Spruce St. Louis, MO 63103, USA), is a colourless-to-yellow 

liquid polyelectrolyte that is soluble to water, ethanol and methanol. It exhibits excellent 

film-forming and coating capabilities over a broad range of relative humidities [6]. 

Experiments using PSS as a sacrificial layer were successful, leading to an effortless release 

of the array from its carrier, when the structure is immersed in water.  

As the laser is used to cut the silicone rubber, heat is transferred from the laser to the PSS 

layer. We are unaware whether this heat transfer results in changing the properties of PSS. 

The water solubility of PSS after the treatment and the biocompatibility of the whole 

structure are two issues that need further investigation. 

Carrier preparation 

When preparing the carrier, a small quantity of PSS is deposited on the glass slide, ensuring 

that the liquid fully covers the slide. After several trials we found that spinning the slide on a 

spin coater (WS-400BZ-6NPP/LITE, Laurell Technologies, 441 Industrial Drive, North 

Wales, PA 19454-4150, USA) for 15 seconds at 600 revolutions per minute (rpm), followed 

by another 45 seconds at 2600 rpm, results in forming a uniform layer of the liquid PSS over 

the area of the slide. The material needs to be cured at 120 °C for 10 – 15 minutes on a hot 

plate before any further handling. 

Releasing the array 

After the end of the fabrication, the perimeter of the array is shaped by the laser and cut using 

a scalpel. The surrounding silicone rubber is removed and the structure is dipped into water. 
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The water-soluble PSS layer is dissolved and the array is separated from the carrier without 

pulling. This way the array remains flat and the metal is neither bent nor damaged. 

The use of PSS increases the automation and repeatability of the procedure, leading to more 

arrays being successfully fabricated by minimising the human error factor. On the other hand, 

it slightly increases the cost of the fabrication. We estimated that for each slide 10 g of the 

material are used, which cost around 2.3 GBP. The cost of the cellophane tape is negligible. 

4.2.3.2 The design 

A precise drawing (.dxf file) of the layout of the array is required as an input to the software 

that controls the laser, to define the cutting lines. Apart from the specifications related to our 

application, the practical limits of our fabrication procedure and our equipment should be 

taken into account during the design phase. A more detailed description of the produced 

designs is presented later in this chapter. For the drawings, the software QCAD Professional 

(available from RibbonSoft, GmbH, Stutzstrasse 14, 3818 Grindelwald, Switzerland) was 

used.  

4.2.3.3 Insulating material: silicone rubber 

Different types of silicones show different degrees of adhesion to the substrate, have different 

viscosities and might be slightly differently coloured, reacting differently to the laser light.   

Trying to investigate alternatives that would make the fabrication procedure easier, either by 

producing a structure that would not stick to the carrier too much, or by producing more 

repeatable results during laser hatching, we considered three different products (available 

from NuSil silicone technology, Carpinteria, CA, USA): MED-1000, a one-part, translucent 

silicone; MED-6015, a two-part, optically clear low viscosity silicone; and MED4-4220, a 

two-part, low viscosity translucent silicone. 

All the rubbers were mixed according to the specifications set by their datasheets ([7], [8] and 

[9]) (MED-1000 was diluted with n-heptane in a 1:1 mass ratio) and then spun onto a glass 

substrate using the spin-coater to form a uniform layer. Different silicone rubbers, due to their 

different viscosities resulted in different layer thicknesses (using the same spin coater 

parameters) (Table 4.1).  

We evaluated each of the different types of rubber by observing how the laser light is able to 

cut through them using several sets of different parameters. MED-6015 was quite difficult to 

cut because of the reduced energy absorption of the laser beam it shows due to its 

transparency. Cutting MED-1000 and MED4-4220 presented better reproducibility of results, 

dependent on the laser parameters. MED4-4220 was finally selected for this application. 
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Mixing the rubber 

The two parts of MED4-4220 are placed in a cartridge and mixed by spinning the rubber for 

2 minutes at 2700 rpm using a speed mixer (DAC 150 FVZ-K, Hauschild Engineering, 

Waterkamp 1, 59075, Hamm, Germany). In the speed mixer, a high-speed arm spins in one 

direction, while a basket rotates in the opposite direction, resulting in a homogeneous 

mixture.  

Spin coating 

The structure is inserted into the spin coater and a small quantity of the mixture is applied on 

the carrier using a caulking gun during a low speed dispense step (15 seconds at 200 rpm). A 

high speed step follows, during which the mixture is spun for 45 seconds at 2000 rpm to form 

a uniform layer.  

Curing 

The curing of the silicone rubber is accelerated by placing it in a preheated oven at 50 °C for 

1 hour. A tray full of water was place inside the oven during preheating thus increasing the 

humidity level. 

Laser parameters for silicone rubber cutting 

The laser parameters used to hatch the holes for the electrodes and the contact pads in the 

silicone rubber (MED4-4220), and to create the final shape of the array are shown in Table 

4.2. 

Table 4.2. Laser parameters for hatching and shaping the silicone rubber. 

  Hatching Shaping 

Power 41% 37% 

Shot Frequency 3500 Hz 40000 Hz 

Scan Speed 120 mm/sec 20 mm/sec 

Passes 50 25 

Filling Type Bidirectional cross lines No filling 

Filling Angle 0 - 

Filling Spacing 0.01 - 

 

Table 4.1. Measured layer thickness produced using different types of silicone rubber. 

Silicone Rubber Type Thickness 

MED-1000 (diluted) 102 µm 

MED-6015 44 µm 

MED4-4220 78 µm 

 



105 

 

4.2.3.4 Conductive material: platinum foil 

A 12.5 µm-thick platinum foil (Goodfellow Cambridge Ltd, Huntington, UK) is used as the 

conductive part of the array. The platinum, before being cut by the laser, is placed in a belt-

furnace at 850 °C, where the belt moves at 25 mm/min. This treatment softens (anneals) the 

material and relieves internal stresses, making it flatter and easier to handle, allowing us to 

laminate it on the surface of the structure. In addition, any existing organic residuals are 

removed, ensuring a better adhesion on the silicone rubber. 

For the first versions of the array, while optimising the design and the fabrication procedure, 

aluminium foil of the same thickness is used instead of expensive platinum. 

Laser parameters for metal cutting 

The parameters used for cutting the metal tracks, using either aluminium or platinum foil 12.5 

µm-thick, are given in Table 4.3. Cutting the platinum foil does not affect the silicone layer 

underneath as silicone is translucent, so the parameters required for cutting it are significantly 

different due to the difference in the absorptivity of the laser beam that these two materials 

present.  

Excess metal foil 

In [3], once the laser has cut the metal, any unwanted pieces are manually removed using 

tweezers. Due to the small dimensions of the array (in the micrometre scale), this becomes 

challenging, increasing the risk of damaging the array by tearing the metal or creating holes 

on the insulator. It is therefore obvious that the limits of the fabrication method depend also 

on the skills of the person fabricating the structure. Seeking to decrease the dependency of the 

process on the individual, as well as the possibility of human error, we tested the option of 

removing the excess metal using the laser. Indeed, by adding extra cutting lines in our design, 

we were able to successfully remove all unwanted metal by ablating it. This greatly 

automates the whole procedure, making it quicker and more repeatable. 

Table 4.3. Laser parameters for cutting 12.5µm-thick aluminium and platinum foil. 

  Cutting Al Cutting Pt 

  1st passage 2nd passage 1st passage 2nd passage 

Power 50% 52% 50% 50% 

Shot Frequency 17000 Hz 25000 Hz 17000 Hz 17000 Hz 

Scan Speed 100 mm/sec 13 mm/sec 20 mm/sec 30 mm/sec 

Passes 2 1 1 2 

Filling Type No filling No filling No filling No filling 

Filling Angle - - - - 

Filling Spacing - - - - 
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4.2.3.5 Alignment 

When preparing the array, the structure needs to be removed from the laser to allow further 

handling between different steps of the procedure. Cutting different layers based on one 

design (i.e. the laser-shaped silicone rubber layer and the metal layer) requires a good 

alignment to be preserved. At this stage, in our setup, this was achieved using a mould that 

tightly fitted the glass slide. A misalignment of about 40 µm between the different layers of 

the structure was expected when placing back the array under the laser. For our dimensions 

this misalignment can be tolerated. In this procedure, a test array using aluminium foil instead 

of platinum was always fabricated along with every new array on the same microscope slide, 

using the same laser settings. This way, the alignment was first tested on the test array, 

making sure that the two layers were properly aligned (the exact coordinates for the laser 

cutting are fed into the laser software and kept constant throughout the process). A newer 

setup, using two cameras, was later introduced which allowed alignment accuracies of 

approximately 5 µm. This eliminates the need for a test array and is further described in 

chapter 8. 

4.2.3.6 Reversed procedure 

In [3], the metal forming the electrodes and the contact pads on the array is exposed by laser-

hatching the silicone rubber from the top layer of the structure. To achieve that, the laser 

parameters should be such that not only the silicone is fully removed, but the metal 

underneath is left intact. Even if the parameters are carefully selected, the surface of the metal 

will be, to some extent, affected by the laser, in a way that it is not well controlled. When it 

comes to electrodes, the exposed surface is effectively the surface area of the electrode, 

which, among others, defines the electrode impedance. Although there are several other 

uncontrolled factors that may eventually have a larger impact on determining the impedance, 

it is desirable to avoid any laser ablation caused by rubber hatching, if possible. We therefore 

decided to reverse the fabrication procedure: the first layer of rubber spun on the carrier is 

hatched by the laser to form the holes required for the exposure of the electrodes and contact 

pads. At this stage, there is no metal laminated on the structure. The metal is then attached on 

the array and the laser is used to form the metal tracks, electrodes and contact pads. Finally, 

the next layer of rubber is spun. This final layer will be the bottom layer of our device.  

This approach (first introduced by Dr. Anne Vanhoestenberghe, while working in Germany) 

greatly simplifies the procedure: no special laser parameters need to be used other than 

hatching the silicone rubber on a glass carrier (Table 4.2). When trying new materials 

(different metals or silicone rubbers) this saves a lot of valuable time and effort. Another 

advantage of this reversed approach is that it minimises the risk of damaging the expensive 
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platinum while trying to remove the silicone rubber on top, at the last step of the procedure, 

resulting in a more cost and time efficient fabrication process. 

4.2.3.7 Summary of the proposed procedure 

A step-by-step summary of the new fabrication procedure is presented below: 

Step 1: A disposable layer is formed by spinning PSS on a glass slide. This will serve as 

sacrificial layer over the mechanical carrier. 

Step 2: After the PSS is cured, a layer of silicone rubber is spun on the carrier. 

Step 3: Once cured, the silicone rubber is hatched with the laser and the holes for the 

electrode sites and the contact pads are formed. This first rubber layer will eventually be the 

top layer of our device. 

Step 4: After the platinum is annealed, it is carefully laminated on the silicone layer using a 

paddle roller and the electrodes, tracks and contact pads are shaped by the laser. Any excess 

metal is also removed by the laser. 

Step 5: The final layer of rubber is then spun on top of the metal. 

Step 6: After curing, microholes are cut through the silicone rubber (for chronic implantation, 

see section 4.2) and the perimeter of the array is shaped by the laser and cut using a scalpel. 

Step 7: The whole structure is immersed into water and the array is removed from the carrier. 
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4.3 Design of the electrode array 

4.3.1 First design attempts 

The desired stimulation sites as well as the dimensions, derived from the anatomy of the rat, 

were indicated by our collaborators at UZH. The initial specification indicating the size of 

each electrode and the position of the array relative to the rat’s spinal cord is shown in Fig. 

4.2. According to this, the electrode array should include 16 round electrodes with a diameter 

of 200 µm each. 

As previously mentioned, apart from the specifications related to our application, the 

practical limits of our fabrication procedure and our equipment should be taken into account 

during the design phase.  

The radius of our laser beam is specified to be 30 µm in focus. The width of a line cut was 

measured to be approximately between 20 µm to 40 µm. These values are dependent upon 

the power, frequency and speed of the laser. Considering this, the minimum gap between two 

tracks should not be less than 40 µm. On the other hand, designing very narrow gaps could 

result in short-circuits between two adjacent metal tracks. In addition, if the gap is too 

narrow, when applying the top layer of rubber, air could be trapped between the tracks, 

risking the reliability of the array in chronic implantations. A minimum gap of 100 µm was 

therefore selected as a good compromise. 

Furthermore, the width of each track on the array is the result of a trade-off between the total 

desired width of the array, the number and shape of tracks, as well as the minimum spacing 

between them. Considering all these, we decided not to implement any tracks narrower than 

70 µm. 

 

Figure 4.2. 16-electrode array specification. The position of the electrodes relative to the spinal 

segments is shown. Dimensions on the figure are in mm. Each electrode has a diameter of 0.2 mm. 
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Each array comprises the main body, where the electrodes are located, a ribbon with tracks 

and a connector area, where the individual pads are placed, used to interconnect the array to 

the external stimulator. 

The maximum dimensions of the connector area that could fit in the implantation site was 

initially not specified, so two different designs were produced: each individual pad was sized 

320 µm × 230 µm in the first design, compared to 500 µm × 400 µm in the second one, 

resulting in a total connector area of 3.5 mm × 6.3 mm, and 7.2 µm × 10.1 µm, respectively 

(Fig. 4.3 and Fig. 4.4). The first design would be used only if the second was too large for the 

implantation site.  

The main disadvantage of the first design is the difficulty in soldering wires on such a limited 

pad area. Furthermore, the larger dimension of the second design offered the possibility to 

incorporate microholes (40 µm in diameter) on the non-exposed metallic part of the pads. 

These microholes allow the rubber to flow through them, forming a more stable connection, 

locking the metal foil in place. Fig. 4.5 shows a comparison between the designs of the first 

and second version pads. 

 

Figure 4.3. 16-electrode array design – design #1. The black lines indicate the metal, grey lines show 

holes through the silicone rubber, while red lines illustrate the electrodes and pads. 

 

 

 

Figure 4.4. 16-electrode array design – design #2. The black lines indicate the metal, grey lines show 

holes through the silicone rubber, while red lines illustrate the electrodes and pads. 
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Based on these two designs we fabricated two nonelectrical electrode arrays and sent them to 

UZH for a trial, acute implantation. These dummy arrays were fabricated using aluminium 

foil instead of platinum to reduce the production cost. 

Fig. 4.6 shows one of the fabricated aluminium arrays based on the second version of the 

design. The total thickness of the structure is less than 150 µm. 

4.3.2 Acute implantation of nonelectrical arrays 

This implantation, performed by UZH, was a first attempt to evaluate the suitability of the 

selected materials for our application in terms of mechanical integrity, flexibility and 

 

Figure 4.6. Fabricated dummy array, with Al foil, based on design #2. 

 

Figure 4.5. Small and large pads comparison: the red rectangle shows the exposed pad area. The 

actual metal area is larger, marked here by the grey lines. In the second design, microholes (of 40 µm 

diameter) are cut in the metal to allow the rubber to flow through them, fixing the metal foil in place. 



111 

 

stretchability. Platinum is in fact stiffer than aluminium, but the aim was to evaluate the 

design and to get a first impression whether the implantation would be feasible at this first 

stage. Immediately after implantation, the array was carefully removed and inspected to see if 

it had been damaged during the procedure.  

During the surgery, surgical sutures are used to form a loop to help the surgeon pull the array 

inside the bone along the spinal cord (Fig. 4.7). For chronic implantation, microholes on the 

silicone rubber, created during fabrication, allow the connective tissue to grow through the 

main body of the structure, stabilising it in its place. The connector part is screwed outside 

the vertebra. The array based on the second design, which was preferable in terms of 

fabrication, was successfully implanted (Fig. 4.8). Therefore, the first design was abandoned. 

The pictures from the implantation procedure presented in this section were taken by our 

collaborators in UZH. 

 

Figure 4.7. During the implantation a loop is formed to pull the array along the spinal cord. 

 

Figure 4.8. Successful implantation of dummy electrode array. 
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4.3.3 Implantation results and discussion 

Fig. 4.9 shows part of the main body of the electrode array after the acute implantation. 

Observing the 16 tracks running along the structure, we noticed that 3 of them were broken. 

The broken tracks were the ones located in the lower part of the array (the caudal part). We 

hypothesised that this might be a result of the implantation procedure: as previously 

mentioned, during the procedure, a loop is formed to pull the array inside the bone, along the 

spinal cord. The array is therefore slightly bent around the loop to enable the surgeon to pull 

it, and this might have caused the tracks to break. Another reason for the broken tracks might 

be that the amount of metal in this area is considerably less than towards the other end of the 

array (Fig. 4.6). When the array is pulled, the strain is concentrated in this area (Fig. 4.9), 

again causing the weaker tracks to break. We decided to address this problem in two ways: 

firstly, by changing the design, making the tracks towards this end of the array stronger, 

keeping approximately the same amount of metal along the array (i.e. equal stiffness along 

the whole length to prevent stress concentrations) and secondly, by adding a rubber tab at this 

end of the array to give the surgeon something to pull on without pinching the tracks. This tab 

is cut after the implantation.  

Regarding the size of the connector area, the length was found to be appropriate, and could 

even be increased in future versions, however we would ideally like to reduce its width.  

Another very important conclusion was that the stiffness of the metal did not allow the 

implant to flexibly bend around the spinal cord (Fig. 4.10).  Thus, the width of the main body 

of the array needs to be limited to 3.5 mm. To achieve that, instead of reducing the width of 

the tracks, making them even weaker, we decided to reduce the number of electrodes we use 

at this stage from 16 to 12. 

 

Figure 4.9. The array right after the implantation: 3 tracks, located towards the caudal part of the array 

are broken. Also, the picture illustrates that the lower part of the array is stretched more than the main 

body. 
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The new design that incorporates these changes is discussed in the next section. 

4.3.4 Redesign 

Based on the feedback from the acute implantation, we redesigned our array to meet the new 

specifications discussed in the previous section. The position of the 12 electrodes on the array 

was again indicated by UZH (Fig. 4.11).  

We increased the exposed area of each individual pad to 850 µm x 710 µm, to facilitate the 

soldering process. In design #3, we arranged the pads into two columns, as in the previous 

two design versions. Then, in a newer version, design #4, we kept the same increased pad 

 

Figure 4.10. Epidural array with longitudinal metal tracks, here shown subjected to bending when 

the rat extends its spine. 

 

Figure 4.11. 12-electrode array specification. Dimensions are in mm. The electrodes are numbered for 

reference. Electrodes 1, 6, 7 and 11 are rectangular in shape, while all the rest are round. UZH required 

the surface area of all electrodes to be 0.1 mm2. 
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size, but rearranged the pads into three columns, achieving a reduced total area. The two 

versions are shown in Fig. 4.12 and Fig. 4.13 to allow comparison. Changes discussed in the 

previous section, such as the increase of the amount of metal towards the caudal part of the 

array, the additional rubber tab and the reduced width in the main body of the structure have 

been incorporated in the designs. Design #4 was finally preferred. After discussion with our 

partners at UZH, we incorporated two different electrode shapes (rectangular and round 

electrodes) onto this new design to test their performance during stimulation. 

  

 

Figure 4.12. 12-electrode array design – design #3. The black lines indicate the metal, grey lines show 

holes through the silicone rubber, while red lines illustrate the electrodes and pads. 

 

Figure 4.13. 12-electrode array design – design #4. The black lines indicate the metal, grey lines 

show holes through the silicone rubber, while red lines illustrate the electrodes and pads. 
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4.4 Fabrication of first complete prototypes 

Based on design #4, the first prototypes using platinum foil instead of aluminium were 

fabricated. These prototypes, in order to be complete and ready for chronic implantation, had 

to be connected to a head connector. As previously mentioned, this connector is fixed on the 

head of the rat during the implantation and allows the communication of the array with the 

external stimulator which provides the stimulus current. 

Teflon-coated stainless steel wires (Cooner wire AS632, 9265 Owensmouth, Chatsworth, 

CA, USA) were soldered [10] on the platinum pads to interconnect the array to the head 

connector (12-pin micro plastic circular connectors, Omnetics Connector Corporation, 7260 

Commerce Circle East, Minneapolis, MN - 55432). A solder with water soluble flux was 

used for soldering (0.7 mm, Hydro-X, Multicore Solders Ltd., Kelsey House, Wood Lane 

End, Hemel Hempstead, Hertfordshire, HP2 4RQ, UK) together with orthophosphoric acid as 

a flux to remove oxidation from the materials. After soldering, the flux was carefully cleaned 

and the solder pad region was reinforced, by adding silicone rubber to make it thicker. This 

was to provide strain relief in this vulnerable place. Finally, the array was placed in a tank 

continuously flushed with deionised water, removing any residual ions.  

Fig. 4.14 shows the fabricated array attached to the head connector while a closer view of the 

main part of the array is shown in Fig. 4.15. Fig. 4.16 and Fig. 4.17 are detailed views of the 

electrodes and the contact pads. 

 

Figure 4.14. Complete view of the first platinum prototype array attached to a head connector. 
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Figure 4.17. Connector area detailed view: stainless steel wires soldered on the pads to interconnect 

the array with the external electronics. 

 

Figure 4.16. Platinum array detailed view: platinum tracks, microholes on the silicone rubber, as well 

as the different electrode shapes on the array are visible. 

 

 

 

Figure 4.15. Main body of the platinum array (total length: 38.3 mm, width: 3.5 mm (ribbon with 

tracks) and 8 mm (area with pads), total thickness: <200 µm). 
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4.5 In vivo evaluation  

4.5.1 Chronic implantation 

Two of these arrays were chronically implanted in SCI rats at UZH.  

The way the array is placed inside the spine is shown schematically in Fig. 4.18. As 

previously mentioned, the part of the array that is placed inside the bone is held fixed after 

the implantation by the connective tissue that grows through the microholes on the array, 

while the part that is placed outside the vertebra is fixed using surgical sutures. The 

movements of the rat cause the vertebrae to move with respect to each other. As a result, the 

two parts of the array (the one placed inside and the one placed outside the spinal column) 

might move in opposite directions, stretching the device. A ‘releasing loop’ is therefore 

formed during the implantation to provide the extra length needed when the two parts move 

away from each other.  

The two implanted arrays were not identically fabricated: array #1 was thicker (had one extra 

layer of rubber, 3 instead of 2) and was placed more rostrally compared to array #2. Due to 

this placement the releasing loop of the first array was significantly longer. 

The performance of the devices was monitored over a two-week period. The two arrays were 

initially implanted successfully and stimulation was achieved with all 24 electrodes. One day 

post implantation (PI) all the electrodes were still functioning. Measurements one week PI 

showed that array #2 no longer had any working electrodes, and only 3 were still working in 

array #1. Two weeks PI there were no working electrodes on either of the arrays. 

4.5.2 Voltage and impedance measurements 

To characterise the arrays we measured the impedance and recorded the voltage waveforms 

across the electrodes during pulsatile current stimulation, both in vitro (in normal or 

 

Figure 4.18. The array placed inside the spine. 
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physiological saline, 0.9% or 9 g/1000 ml solution of Na+Cl-) and in vivo (during 

implantation, 1 day PI, 8 days PI) [11]. Representative results for one of the arrays (array #2) 

are shown here. Array #1 presented a similar behaviour.  

Due to the fact that the electrodes in this system are recessed relatively to the top layer of 

insulation it is very common that air is trapped on their surface when immersed in saline. For 

in vivo tests this is not an issue as the air is gradually removed in the body. For the in vitro 

measurements care was taken to manually remove all air bubbles using a fine needle and a 

syringe. 

The electrodes on the array were named according to Fig. 4.11. Fig. 4.19 shows the 

impedance values measured at 1 kHz in our lab, and inside the animal, during implantation 

and 1 day PI. Fig. 4.20 shows the voltage waveforms recorded across the electrodes during 

biphasic stimulation (current pulses: 500 µA, 200 µs). The electrodes were used in monopolar 

and bipolar arrangements (for the monopolar case, the counter electrode was a stainless steel 

electrode of larger surface area, implanted subcutaneously in the rat’s body, far away from 

the array).  

 

Figure 4.19. Measured impedance values at 1 kHz for array #2. Columns 1 to 12 correspond to 

monopolar configurations (electrodes 1 – 12 of the array versus a bigger stainless steel counter 

electrode), whereas columns 3&9 and 3&11 correspond to bipolar measurements between electrodes 

3 and 9, and, 3 and 11, which exhibit the smallest and largest inter-electrode distance on the array, 

respectively.  
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The results show that the impedance of our electrodes in saline varies between 6.5 and 24 kΩ 

at 1 kHz. Rectangular electrodes (electrodes 1, 6, 7 and 11) have significantly higher 

impedance values in saline than round ones. We believe that this is due to a smaller surface 

area: rectangular electrodes were designed to have a 0.1 mm2 surface area.Round ones were 

0.125 mm2 instead. 

The voltage measurements suggest that a maximum voltage compliance of 18 V is needed to 

pass a current pulse of 500 µA and 200 µs between the two most distant electrodes on the 

array (electrodes 3 and 11). In the case of electrode 5 it was not possible to obtain a noise-free 

recording, therefore it is omitted in this figure. 

The shape of these waveforms suggests that there is a large voltage drop related with the 

resistance of the tissue. The plateau observed in the monopolar cases is an indication that the 

charge transfer is no longer of capacitive nature, but there could be some irreversible 

electrochemical processes taking place. These are unwanted and could be limited by 

increasing the electrode surface area. Nevertheless, the fact that these are more prominent in 

the monopolar rather than the bipolar cases, suggests that increasing the size of the counter 

stainless steel electrode, or even replacing it with a different material of larger charge storage 

capacity could be an easier solution to achieve safe stimulation.  

 

Figure 4.20. Recorded voltage waveforms across the electrodes during biphasic stimulation (current 

pulses: 500 µA, 200 µs) one day PI. 
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4.5.3 Failure analysis 

A detailed failure analysis was performed after explantation [12], and cracks on the platinum 

tracks were observed along the length of both arrays.  

Array #1 was explanted from the anaesthetised animal two weeks PI. Careful inspection 

under the microscope revealed cracks in several places along the array. Array #2 was 

explanted after sacrificing the animal four weeks PI. This array was inspected while still 

inside the body to avoid any extra possible damage caused by the explanation procedure. For 

both arrays the results were similar. The cracks were observed in approximately the same 

places along the arrays almost always in lines. Fig. 4.21 and Fig. 4.22 show the cracks 

marked with black Xs on array #2. 

 

 

Figure 4.21. Places on the array where cracks were observed after explantation are marked with 

black Xs. The cracks on the array tend to appear across the same line. 

 

Figure 4.22. The array placed inside the spine. Black Xs show the sites where cracks were observed. 
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Approximately 2 – 3 mm from the connector end (lines e and f, Fig. 4.21) the array is 

somehow curved inside the body (following the curvature of the animal’s back at this point). 

That curvature can be seen in Fig. 4.23 for array #1. The connector is placed lower than the 

ribbon with the tracks. In this area some cracks on the metal tracks can be observed (Fig. 

4.24). 

Approximately 11 mm from the connector end the releasing loop is formed (line h, Fig. 4.21). 

The releasing loop for array #2 is shown in Fig. 4.25 and Fig. 4.26 (top and side views, 

respectively). Multiple breaks can be observed at this point (Fig. 4.27). (This picture was 

taken under the microscope after the explanation of the array). 

 

Figure 4.23. Curvature of array #1 when placed in the body, due to the natural curvature of the 

animal’s back. 

 

 

Figure 4.24. Cracks on the curved tracks, array #2. 
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Figure 4.25. Releasing loop, array #2 (top view). 

 

Figure 4.26. Releasing loop, array #2 (side view). 

 

Figure 4.27. Multiple cracks on the tracks, releasing loop, array #1. 
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Then, approximately 16 mm from the connector end (line i, Fig. 4.21) the array is trapped 

below the vertebra (Fig. 4.28) which causes further cracks. This is the part where the array 

enters the spinal canal. We hypothesise that the sharp bending of the array at this point causes 

the breaks. 

For the part of the array that is located underneath the bone (lines j-m, Fig. 4.22) the cracks 

are again formed in lines, one next to the other. These lines are mainly observed where the 

amount of metal changes (lines j, k, l and m in Fig. 4.21).  

Fig. 4.29 shows some examples of the breaks on the tracks of array #1, appearing in lines or 

located right where the amount of metal on the array changes (right after the end of each 

electrode, marked with black lines on the pictures). 

 

Figure 4.28. Bending of the array when it enters the spinal canal, array #1, (a) and array trapped below 

the bone, array #2, (b). 

 

Figure 4.29. Breaks on the tracks appearing in lines (a), and where the amount of metal changes (b).  
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Fig. 4.30 shows the cracks on the bends near the pads on array #1. Generally, these angles are 

‘weak’ points in our design and we concluded that they should be avoided – replaced by 

curves - in any future designs. 

Two more facts observed during this analysis are that the tracks located towards the edge of 

the array are broken in more sites, probably because of the curvature of the spinal cord (Fig. 

4.10). Also, the tracks where the metal is wider do not break so often. 

  

 

Figure 4.30. Cracks on the angles, array #2. 
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4.6 Discussion and other approaches 

As previously mentioned, the two implanted arrays were not identically fabricated: array #1 

was reinforced with an extra layer of silicone rubber compared to array #2. The fact that all 3 

electrodes that were still working a week after implantation were on array #1 indicates that 

the extra layer of rubber possibly made it more reliable. In addition, the annealing of the 

platinum foil for easier handling has softened the material and has certainly reduced the time 

to failure. In any case, the fact that 87.5% of the electrodes were broken a week after 

implantation dictated at this point that the fabrication procedure and/or the materials used 

needed to be improved. The experiments planned in the timeframe of this project depended 

completely upon the availability of a device that would allow access to several stimulation 

sites. In parallel to the development of this technology, two more fabrication processes were 

developed by our collaborators, in an attempt to access as many sites as possible.  

4.6.1 Silicone-based array with silver-loaded silicone tracks by ETHZ 

More specifically, a silicone-based array with silver-loaded silicone tracks and gold 

electrodes was developed by ETHZ. In this process, the conductive silicone tracks are 

patterned by printing through masks made by wet etched copper foil, or by screen-printing 

for larger scale production. The electrodes are formed by sputtering and silver epoxy is used 

to connect Conner wires to the device. Fig. 4.31 shows some indicative pictures of the 

fabricated arrays. 

So far, arrays with up to 7 electrodes have been fabricated and tested. More electrodes were 

not possible due to size limitations (i.e. minimum track width). These arrays are very flexible 

and conform well to the shape of the spinal cord. However, in vivo tests revealed 

inconsistencies in the conductive pathways.  

Further tests suggested that tension on the Cooner wires induced by the animal’s movements 

was responsible for the temporary or permanent loss of electrical conduction. Despite the 

thick silicone encapsulation to rigidify the joint, pulling on the wires could still induce stress 

on the interconnection pads, deform them and increase the contact resistance. Moreover, 

bending of the arrays also resulted in deformation of the silver-loaded silicone tracks to a 

degree where they were not conductive any longer ([13] and [14]). These effects are expected 

to be more prominent when incorporating a larger number of electrodes on an array due to the 

smaller track widths. 
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4.6.2 Polyimide-based thin film arrays by IMM 

In a different approach, a polyimide-based array with gold tracks and electrodes was 

developed by IMM. The patterning of the circuitry is done via a lift-off process (using 

lithographic masks and subsequent electroplating) and its thickness can be adjusted over a 

wide range of 0.1 μm up to several μm. The total thickness of the device can also be varied 

from a few microns up to more than 100 μm. The device of Fig. 4.32 was in total 80 μm 

thick, with 13 5-μm-thick conductive lines running to an equal number of electrodes, 

featuring a total width of 3.2 mm. Similarly to the results presented in the previous section, 

three days after implantation of two of these arrays the animals showed no response to the 

applied stimulation. The explantation showed that a two-fold complete lateral rupture had 

occurred in the region of exit from the spinal canal due to the U-shape the device takes and 

the mechanical stress it is subjected to during the movement of the animals. The above have 

 

(a) 

 

(b) 

 

      (c)        (d) 

Figure 4.31. Electrode arrays developed by ETHZ: overview of the array (a), detailed view of the 

main array body where gold electrodes and conductive lines are visible (b), detailed view of a gold 

electrode (c) and of a pad connected to a Conner wire via silver epoxy (d). 
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led to the conclusion that the width of the array should be reduced as much as possible to 

avoid the damage. At the same time a more solid fixation of the wire interface inside the 

animal would be preferable [14]. 

A newer version of the polyimide arrays including only 6 electrodes allowed the reduction of 

the total width of the devices to 0.8 mm. In this version, the wire interface was sized 10 mm x 

14 mm. Mechanical tests (carried out by IMM) that induced strong bending of the array of 

 

(a) 

 

(b) 

 

 (c)       (d) 

Figure 4.32. 13-electrode arrays developed by IMM: overview of the array (a), detailed view of the 

main array body where gold electrodes and conductive lines are visible (b), detailed view of a gold 

electrode (c) and of Cooner wires soldered on the pads (d). The PCB at the end of the connector 

area serves as an intermediate layer which helps releasing the stress concentration away from the 

thin gold circuitry. 
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about +/- 60° showed that the 3.2 mm wide polyimide arrays of Fig. 4.32 broke laterally after 

only a few bending cycles, whereas the 0.8 mm ones lasted for much longer [15] (the exact 

number of cycles has not been made available by IMM). 

These arrays were successfully implanted and were fully functional for more than 8 weeks in 

the animal but there were some traumatisation effects as well as inflammatory responses 

observed during chronic implantation, mainly due to the size of the wire interface.  

It should be noted here however that the stable performance of this version of the arrays came 

also with an improvement in the implantation procedure (described in section 4.6.3). 

Further developments on the polyimide array led to an increase of the number of electrodes to 

8 (Fig. 4.33) and a simultaneous reduction of the size of the wire interface to 5 mm x 8 mm. 

This, although it improved the inflammatory responses, it did not eliminate the effect. Further 

increase in the number of electrodes should not increase the size of the interface. This cannot 

be achieved if the number of wires that connect the device to the head connector increases. 

4.6.3 Vertebral orthosis 

The early failure of all implanted arrays dictated the need for an improvement in the 

implantation procedure. Seeking for a method that would protect the array when in the body, 

a vertebral orthosis was introduced as a way to fuse the spine: a structure made of screws 

covered with surgical sutures and dental cement was used to fix the connector area of the 

array onto the bone. With this addition the surgeon managed to prevent relative movements 

of the device against the sharp edges of the bone, which are present after laminectomy and 

helped towards stabilising the performance of the arrays. Fig. 4.34 illustrates a summary of 

the new implantation procedure. Note that in the newer versions of the implants the connector 

area was located towards the caudal part. 

 

Figure 4.33. New design of polyimide 8-electrode array (picture from IMM). 
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Figure 4.34. New improved implantation procedure with the orthosis (picture from EPFL). 
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4.7 Proposed solution 

Despite all the efforts described in the previous section, at this point, no process would 

produce arrays that were stable enough for chronic implantation while giving access to the 

desired 12 sites.  

Nevertheless, from the previous section’s discussion it has become clear that smaller 

connector sizes as well as narrower arrays are most likely to survive longer. Reducing the 

number of connections would help us achieve these goals.  

To this end, we have decided to develop ASICs that can be embedded within the array, 

making it active. These act as electrode drivers while, at the same time, reduce the number of 

connections to 3 without compromising the versatility of the device.  

Two different layout versions of the driver (Fig. 4.35) have been designed, fabricated and 

tested, each leading to a different system layout, addressing the problem via different 

approaches. 

In the first version, RDM1, the whole driver is integrated into one ASIC which controls all 13 

electrodes (12 on the epidural array and one implanted subcutaneously, not illustrated here). 

This is placed at the end of the array outside the spinal canal [Fig. 4.35 (a)], while the 

epidural part passes through the laminectomy into the epidural space created by the 

neurosurgeon. This ensures that the ASIC can be securely fixed on the bone in a protected 

place within the orthosis, and can also have a larger total area. In this case, 12 long tracks still 

run along the array, but the number of wires needed to connect to the head connector is only 

3, thus making the size of the connector area much smaller and reducing the chance of 

infection. 

Towards a more delicate solution, we have developed a second version, RDM2, where three 

submodules, RDM2a, RDM2b and RDM2c [ASICs a, b and c, in [Fig. 4.35 (b)]], work 

together as one driver. Three smaller ASICs were designed, each driving 4, 4 and 5 

electrodes, respectively. These are placed on the main area of the electrode array, in the 

epidural space near their respective electrodes [Fig. 4.35 (b)]. The 5th electrode driven by 

RDM2c is the subcutaneous electrode which is not located on the array hence is not 

illustrated here. This version, has many advantages over the first. It allows modifications in 

the array layout that were not possible so far. These include wider, stronger, tracks, placed 

towards the middle of the array rather than the edges to avoid breaks due to the curvature of 

the spinal cord, as well as other design changes to ensure the same amount of metal along the 

array to avoid any weak points. In addition, in this approach the power dissipation is more 
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uniformly distributed. However, it requires much smaller and thinner ASICs to fit into the 3 

mm wide and 300 µm deep rat epidural space, and adds to the complexity of the implantation 

procedure. 

The details of each approach and the electronic design of the ASICs are discussed in the next 

chapter. The drivers were designed and laid out to match the specific requirements of the 

different fabrication processes. More details regarding the thinning of the chips and the 

assembly method are presented in chapters 6 and 7, respectively, while the new, active, arrays 

are discussed in chapter 8. 

  

 

(a) 

 

(b) 

Figure 4.35. The proposed layout of the implant in respect to the implantation site (top) and a 

sketch of the top view of the layout of the active array (bottom) for version RDM1 (a) and version 

RDM2 (b). In the top drawings, the electrode array is represented by the grey structure entering the 

spinal canal through the laminectomy. The electrodes are located in the implant’s main body, in 

contact with the spinal cord. In the bottom drawings, sketches of the top views were included to 

enhance the clarity by better illustrating the differences between the two versions. Grey circles and 

orange rectangles represent electrodes and ASICs, respectively. 
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4.8 Summary 

This chapter, which is the first chapter describing the work in the frame of this thesis, dealt 

with the details of the fabrication and evaluation of the first—passive—version of rat epidural 

electrode arrays. More specifically, we have selected to use platinum foil for the tracks, pads 

and electrodes and silicone rubber for insulation. The processing is based on laser cutting and 

the fabrication procedure was discussed in detail. The design of the arrays has also been 

presented. Prototypes were fabricated and evaluated by being chronically implanted in vivo 

for two weeks. Results regarding the mechanical properties of the arrays were not satisfactory 

as 87.5% of the electrodes failed within the first week. A detailed failure analysis revealed 

several cracks along the length of the arrays. These are believed to be due to the design as 

well the materials used and the fabrication and implantation processes. Two different 

approaches by our collaborators led to very similar conclusions, and, as a result, an improved 

implantation method was introduced. It is expected that the reliability of the arrays can be 

increased by reducing the number of interconnections, as well as implementing several other 

design changes. Towards these goals, we have developed ASICs to act as electrode drivers 

and reduce the number of necessary connections to 3, while allowing independent access to 

all electrodes. The design and testing of these ASICs are described in the next section. 

The following publications have resulted from the work described in this chapter: 

1. V. Giagka, A. Vanhoestenberghe, N. Donaldson, and A. Demosthenous, “In vivo 

evaluation and failure analysis of an implantable electrode array for epidural spinal cord 

stimulation in paralysed rats,” presented at the IMAPS-UK Annual Conf. MicroTech 2013 

Showcasing Micro-Assembly, Cambridge, UK, Mar. 2013. 

2. V. Giagka, N. Donaldson, and A. Demosthenous, “An implantable stimulator system for 

neuro-rehabilitation in paralysed rats,” presented at the Young Researchers Futures Meeting - 

Neural Engineering, Warwick, UK, Sep. 2012. 

3. V. Giagka, A. Vanhoestenberghe, N. Wenger, P. Musienko, N. Donaldson, and A. 

Demosthenous, “Flexible platinum electrode arrays for epidural spinal cord stimulation in 

paralyzed rats: An in vivo and in vitro evaluation,” in Proc. 3rd Annual Conf. IFESSUKI 

2012, Birmingham, UK, Apr. 2012, pp. 52 – 53. 
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Chapter 5 

Electrode-driving ASIC 

In vivo testing of the fabricated electrode arrays presented in the previous chapter revealed 

the need to reduce the number of wires and/or tracks running along the implant. Our goal is to 

reduce the number of connections without sacrificing the number of electrodes, but 

simultaneously maintain a high flexibility in terms of possible configurations. More 

specifically, all the electrodes of the array should be able to be individually addressed, giving 

the user the freedom to engage one or more electrodes for either the cathodic or the anodic 

phase of the stimulation, forming monopolar, bipolar, or even multipolar configurations. This 

flexibility is important as it enables testing of different stimulation parameters and concepts. 

We therefore proposed the use of ASICs to be embedded on the array, hence the electrode 

array becomes ‘active’.  

Placing electronic drivers close to the electrodes is not a new concept ([1] – [8]). Although 

this list is not exhaustive, it includes some indicative systems, giving an overview of what has 

been reported so far. In the majority of these systems, an external hub is connected to the 

driver chip via a number of wires, usually between 7 and 5. These are used to send data, 

control information, synchronisation pulses, and power to the chip at the same time. The 

authors in [7] have used inductive coupling to wireless communicate with the implantable 

stimulator chip. The amplitude of the stimulus current is conventionally generated on chip by 

integrated current digital-to-analogue converters (DACs) (with the exception of [4], where 

the stimulus generator chip is stacked on the output stage chip, and [8] where an external 

control current is used to generate the stimulus one), while the timing of the stimulation can 

be controlled either on chip, using dedicated timers [2] or integrated clocks, or be assigned 

off chip ([1], [4], and [6]). Also, random-access memory (RAM) has been used to store the 

chosen stimulation patterns locally, to minimise the information sent by telemetry when a 

larger number of electrodes needs to be addressed [2]. In these systems, the electrodes can 

either be selected in any configuration, usually using a dedicated DAC for each electrode, or 

in predefined configurations, such as tripoles [5]. They are normally powered using voltages 

of 10 V or higher, to allow for stimulation in cases where the load impedances are larger, or 

high currents are required (in [8] where small current amplitudes are needed ±2 V are 

sufficient). In [4], charge pumps are used in the output stage to generate the required ±9 V. 

Extra functionality, such as recording of the neural activity has been incorporated in [6]. The 

authors in [8] use on-chip rectifiers to generate an internal DC supply from the external AC 

one. The final size of the chips is between 4.8 mm2 to 27.3 mm2, and the power consumption 
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is in the range of 450 µW up to 30 mW, depending on the number of channels and the 

functionality. 

There is also a variety of implantable stimulating systems for use in rats ([9] – [19]) (a more 

extensive literature review has been presented in chapter 2), but almost all of them are 

designed for implantation in parts of the body where size is not of such concern, and they are 

also mostly intended for acute experiments. To the best of the author’s knowledge there are 

only three other currently reported systems aiming to stimulate the rat’s spinal cord. In ([14] 

and [17]) the number of electrodes used is limited to two. More recently, an epidural 

electrode array was reported in [19]. This features 27 electrodes which are driven bipolarly by 

an external control box connected via 12 wires to 10 implanted multiplexing chips 

implemented by discrete off-the-shelf components on a 10.3 mm  33.2 mm PCB. 

The electrode driver discussed in this chapter is capable of driving 13 electrodes (12 on the 

epidural electrode array and 1 implanted subcutaneously), through one channel (i.e. one 

independent current source), in any possible configuration, while communicating via only 3 

wires. One or more electrodes can be selected as cathodes or as anodes for each stimulus 

pulse, allowing full flexibility. The timing of the stimulation is controlled off-chip, so that no 

power-consuming on-chip clock is required. In addition, to keep the power dissipation low in 

the epidural region, we have chosen to separate the current source from the driving circuitry, 

keeping the generation of the amplitude of the stimulus current also external to this ASIC.  

As introduced in chapter 2, this ASIC is part of a fully implantable stimulating system we are 

currently developing to be used in freely moving animals in the future (Fig. 2.3).  

In the following sections of this chapter, we describe the complete design details of the driver 

and present the simulated performance of some of its blocks ([20] and [21]) and the 

experimental evaluation with measurements that verify its performance [22]. We also discuss 

here some details of the first (non-implantable) version of the hub. The miniaturisation of the 

hub into an implantable component is still ongoing work and some ideas related to it are 

discussed in chapter 9.  

The rest of this chapter is organised as follows: section 5.1 sets the specifications of the 

system. Section 5.2 presents the system design from the point of view of both its layout and 

its operation. Circuit details of the driver supported by simulation results are presented in 

section 5.3. Design details of the first version of the hub are discussed in section 5.4. Section 

5.5 presents measured results, and section 5.6 concludes the chapter with a discussion and a 

comparison. 
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5.1 System specifications 

5.1.1 Area and power considerations 

Apart from the flexibility in electrode configurations and the limited number of inputs, the 

electrode driver needs to fulfill several other requirements. The fact that it is to be integrated 

on the electrode array poses tight area and power constraints. The epidural space of the rat 

spinal cord is only 3 mm wide and 300 µm deep [23]. Larger implants are not suitable for 

epidural implantation.  

When electronics are placed in the body, heat dissipation must be taken into account during 

the design phase. According to studies that have been performed on animals, a maximum of 

40 mW/cm2 (or 400 µW/mm2) chronic heat flux can be tolerated for implantable devices, as 

this has been shown to lead to less than 1 °C temperature increase of the surrounding tissue 

[24]. Chronic temperature increases larger than this have been shown to have a harmful effect 

on the health of the tissue ([25], [26], and [27]). The values mentioned above refer to in vivo 

studies in lung and muscle tissue of calves [27], and are also supported by results derived by 

a computational model of the human head [25]. They are expected to be slightly different for 

different implantation sites and perfusion rates. The total heat flux tolerated by the tissue will 

depend on the final size of the integrated circuit and the layout of the whole implant. Keeping 

in mind the maximum allowable power dissipation per area, our approach was to minimise 

the power consumption using low power design techniques. 

Based on the above, our design choices aimed at achieving a good trade-off between the often 

conflicting goals of small area and low power consumption without compromising 

performance and functionality. 

5.1.2 Stimulus waveform requirements and interleaved stimulation 

The system was designed to deliver rectangular monophasic or biphasic constant current 

pulses ([28] – [29]), up to 1 mA amplitude (in this application a resolution step of 10 µA is 

sufficient [30]), to high impedance loads (there is a 25 V available voltage compliance), at 

repetition rates of up to 100 pulses per second (pps). Table 5.1 summarises the main 

characteristics of the desired stimulus waveform this ASIC was designed to deliver. This is a 

single channel system and all the stimulus waveform parameters (amplitude, duration, delay) 

can be independently selected for each phase.  
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In the scenario where pulses of different characteristics need to be delivered to different 

electrodes, as it is often desired in ESCS, this system is capable of interleaved stimulation; 

the time between two successive pulses allows other pulses with independently controlled 

characteristics to the same or different groups of electrodes. Since all pulses are generated 

from the same source the stimulation period is either the same for all patterns, or a multiple of 

the smallest. This concept is illustrated in Fig. 5.1. 

  

 

 

Figure 5.1. The concept of interleaved stimulation: a number of different stimulation patterns can be 

applied from one channel. Each pattern can be directed to a different group of electrodes, have 

different current amplitude, pulse width and interphase delay, but the stimulation period is either the 

same for all patterns, or a multiple of the smallest.  

Table 5.1 Stimulus waveform characteristics. 

pulse shape rectangular, monophasic or biphasic 

current amplitude up to 1 mA 

pulse duration 100-300 µs 

stimulation 

frequency 
5-100 Hz 

interphase delay multiple of 1 µs 
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5.2 System design 

5.2.1 System layout 

When implantable electronics are being designed the final layout is often dictated by the 

implantation site and must also comply with the restrictions posed by the implantation 

procedure. To evaluate the suitability of this implant for chronic implantation two different 

system layout concepts were considered that led to the development of two different versions 

of the ASIC, RDM1 and RDM2, respectively. These concepts, together with their advantages 

and challenges have been previously discussed in section 4.7 and Fig. 4.35. 

5.2.2 ASIC operation 

In both versions of the ASIC the operation and circuit design is essentially the same, differing 

only in the number of electrodes. Therefore, the next sections are common for both RDM1 

and RDM2.  

The block diagram of the electrode driving ASIC is shown in Fig. 5.2. Two input wires (Vin 

and the negative supply rail VSS, set here to 0 V) are used to deliver the power, control data 

for the selected electrodes and timing information for the stimulation. The externally 

 

 

Figure 5.2. Functional block diagram of the electrode driving ASIC (RDM1). 
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generated stimulus current, Iin, is delivered by the third wire. 

To achieve arbitrary selection of any of the electrodes on the array, each is connected to two 

high voltage (HV) switches in the output stage block, one anodic and one cathodic (Fig. 5.3). 

Thus, by setting its respective switches on or off, each electrode can be used either as an 

anode, cathode or not used at all for a specific pattern, allowing the formation of multi-

electrode configurations. This topology very conveniently allows the reversing of the 

direction of the current for the second stimulus phase without using an extra current sink. 

The necessary data for the control of these switches are sent to the ASIC as a 32-bit digital 

word via input Vin in the form of a train of pulse width modulated (PWM) voltage pulses. The 

form of the expected word at the input is shown in Fig. 5.4. 

Fig. 5.5 shows waveforms during the system’s transient operation. Initially, Vin is raised to 5 

V to charge an on-chip storage capacitor in the energy storage block. The rest of the system is 

 

Figure 5.3. Output stage topology. A0-12 and C0-12 indicate the anodic and cathodic switches, 

respectively and El0-12 the electrodes (El1-12 are electrodes on the array, El0 is the subcutaneous one 

- see also page 130). 

 

Figure 5.4. Structure of control word expected at the input. 4 ‘1’ bits prepare the data demodulation 

block for the reception of the control data. The next 26 bits indicate the state of the switches and 2 

‘0’ bits provide the clocking information to load last bit and trigger error checks. 
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powered by the charge on this capacitor. The increasing voltage across it (VDD) indicates that 

the system has been turned on, causing the power-on-reset (PoR) block to reset the logic. 

Vin is continuously monitored throughout the operation. A negative step to Vss indicates that a 

bit is being sent. To respect our low power requirement we decided not to implement any 

clock on this system. Therefore, the data demodulation block and the digital unit operate in 

an asynchronous manner, only processing data as they arrive at the input. This allows us to 

externally define the rate at which the data are sent. In this design, rates of up to 0.5 MHz can 

be used to ensure complete recharging of the capacitor after the reception of each bit. 

A monostable in the data demodulation block, triggered by the falling edge of Vin, produces a 

pulse of a predefined width. The inverted output of the monostable is used as an extracted 

clock (clk). Its falling edge provides some clocking information to manage the operation of 

the digital unit, while its rising edge is used to sample the input and demodulate the received 

data. 

After the ‘1111’ sequence (allocated for resetting) is detected, 26 control bits are stored 

serially inside the data storage block. These are followed by two zero bits (dummy bits used 

to operate the logic) that indicate the end of the control word and trigger error checks. These 

 

Figure 5.5. Signal flow from the time when the system is powered on and for a full biphasic cycle. 

Iin is switched on and off briefly before and after the delivery of each phase, but the exact timing is 

not important. Clocking information is only available during data transmission. Signals U1 and U0 

are produced by the mode selection block, and indicate the current operating mode according to the 

bottom right table. The control data in this example define C0 = ‘1’, A0 = ‘0’, C12 = ‘0’ and A12 = 

‘1’ and disable electrodes 1 – 11 (see Fig. 5.4). 
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safety checks ensure that no electrodes have both their switches on simultaneously and that 

there is at least one anode and one cathode for each stimulation pattern. If an error is detected, 

all switches are kept off and no stimulation occurs. 

After the whole 32-bit word has been sent, the system is ready to start the delivery of the 

stimulus current. When Vin is next pulled ‘low’, the output stage is updated and the current Iin 

is directed to the electrodes. The absence of a clock means that there is no accurate timing 

control on this ASIC. Therefore, the timing of the stimulation is externally defined by pairs of 

zero bits sent at the beginning and end of each stimulus phase. In this way, the accuracy of 

the pulse duration is not compromised. 

After the end of the first phase, during the interphase delay, all the switches are kept off, 

leaving the electrodes floating [28]. At the onset of the second phase, the state of the stored 

bits defining the current stimulation pattern is reversed for the delivery of the reverse pulse to 

the participating electrodes. Electrodes that did not participate in the first phase are kept 

disconnected from the system the whole time. After the end of the second phase, all 

electrodes are connected to the reference potential (0 V), so that any remaining charge is 

passively removed [29] (the passive discharge lasts until the next pulse is delivered). The 

system is now ready to receive the new control word for the next pattern asynchronously, 

whenever this is available at the input. 

Throughout this flow, the mode selection block keeps track of the operating mode (data 

reception and demodulation, first stimulus phase, interphase delay, second stimulus phase) 

and manages the output stage, by its 2-bit output signal (U0 and U1). 
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5.3 Circuit design 

5.3.1 Technology and transistor models specifications 

A 0.18-µm CMOS HV technology (XFAB XP018) was selected for the integrated circuit. 

Cadence was used for all simulations of the analogue parts, as well as mixed signal 

simulations. The digital part was written in Verilog, compiled, elaborated in NCLaunch, 

simulated in Simvision, synthesised in RTL Compiler, and optimised, laid out and routed in 

Encounter Digital Implementation System.  

Table 5.2 shows the values of low and high voltages used across the design. VN refers to the 

voltage at node N in Fig. 5.3, where high voltages of up to 30 V can appear during 

stimulation due to the externally supplied stimulus current. 

Transistor models included in the design kit provided by the foundry were used. Table 5.3 

shows the specifications of the selected resistor and capacitor devices. The transistor models 

used for this design and the associated specifications are shown on Table 5.4.  

Table 5.2. Voltages used across the design. 

Input lines 

VN Up to 30 V 

Vin 5 V 

Vss 0 V 

 

Table 5.3. Resistors and capacitors technology specifications. 

Description 
Device 

name 

max 

Vterm-

bulk (V) 

max 

Vterm1-

term2 (V) 

resistance / 

capacitance 

5.0 V NWELL2/PSUB (STI 

terminated) rnw5 0.0, + 5.5 - 1080 Ω/□ 

High-ohmic N-doped POLY1 

resistor (non salicided) rnp1h ± 60 - 6.7 kΩ/□ 

POLY1/metal1/metal2/metal3 

capacitor csandwt3 ± 60 ± 40 0.13 fF/µm2 

 



 

 

1
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Table 5.4. Technology and transistor models specifications. 

Description 
Device 

name 

max VGS 

(V) 

max VGB 

(V) 

max VGD 

(V) 

max VDS 

(V) 

max VDB 

(V) 

max VSB 

(V) 

max VBsub 

(V) 

max 

VDpsub (V) 

max VSpsub 

(V) 

5.0 V low 

power NMOS ne5 ± 5.5 - ± 5.5 ± 5.5 ± 5.5 ± 5.5 - - - 

30 V HV 

NMOS nmmb ± 5.5 ± 5.5 
- 30.0,  

+ 5.5 
± 30.0 

0.0,  

+ 30.0 

0.0,  

+ 30.0 
- - - 

40 V lateral n 

DMOS nedc ± 5.5 - 
- 35.0,  

+ 5.5 

0.0,  

+ 35.0 
- - - 

0.0,  

+ 35.0 

0.0,  

+ 35.0 

5.0 V low 

power PMOS pe5 ± 5.5 - ± 5.5 ± 5.5 - 5.5, 0.0 - 5.5, 0.0 0.0, + 5.5 - - 

30 V HV 

PMOS pmmb ± 5.5 ± 5.5 
- 5.5,  

+ 30.0 
± 30.0 - 30.0, 0.0 - 30.0, 0.0 

0.0,  

+ 30.0 
- - 

40 V lateral p 

DMOS pedc ± 5.5 - 
- 5.5, 

 + 35.0 
 - 35.0, 0.0  - 35.0, 0.0   

0.0, 

 + 35.0 
- - 

 



 

147 

 

5.3.2 Energy storage block 

In order to deliver both power and data through 2 lines (Vin and VSS) the storage capacitor 

needs to be able to store the necessary charge long enough to power the system while Vin is 

kept low (for a maximum of 1.5 µs, when sending ‘1’ bits). Simulations taking into account 

the maximum instantaneous and average charges drawn from a 5 V supply during the 

transient operation of the system suggested that a 271 pF capacitor would be sufficient. The 

gate capacitance of a 5 V PMOS was used, which occupies a 0.1 mm2 die area. Higher 

voltage transistors could not be used due to their limited capacitance per area. A Schottky 

diode connected between Vin and the capacitor to prevent reverse current causes a voltage 

drop of about 0.3 V (smaller than p-n diodes). The simulated maximum voltage across the 

capacitor is 4.7 V, and during the operation of the system it can be as low as 4.3 V. 

5.3.3 Data demodulation block 

In the data demodulation block [Fig. 5.6 (a)], the monostable constantly monitors Vin.  

In this monostable topology [31], a current source (Isource) and a current sink (Isink) are used to 

charge and discharge a capacitor (C). They are implemented by current mirrors that copy and 

scale the current produced by an on-chip current reference. The rise and fall of the voltage 

across C causes two analogue inverters to toggle their outputs at different switching points, 

one low (VL, for MHp, MHn, reached at tlow) and one high (VH, for MHp, MHn, reached at thigh) 

and, so defining the duration of the produced pulse. 

Initially, the falling edge of the Vin is used to drive the output of the monostable high, while 

simultaneously it initiates the charging of C via Isource. When the voltage across C becomes 

larger than VL, the output of the low-switching-point inverter turns low, so the output of the 

monostable is kept high. The voltage across C keeps increasing, until it reaches VH when the 

output of the high-switching point inverter turns low and resets the D flip-flop, disconnecting 

Isource and connecting Isink, which initiates the discharging of C. When the voltage across C 

falls below VL, the output of the monostable turns low, hence: 

𝑡𝑚𝑜𝑛𝑜𝑠 =  2𝑡ℎ𝑖𝑔ℎ − 𝑡𝑙𝑜𝑤    (5.1) 

The monostable output is maintained low until the next falling edge of Vin. 
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At the end of the monostable pulse, Vin is sampled by FF3, the input data are demodulated and 

the output of this block (shr) is transferred to the data storage block. The signal clk is used as 

a clock for the digital unit. The monostable was designed to produce an 800 ns pulse, to 

distinguish between short (250 ns) and long (1.5 µs) pulses, that indicate a digital ‘0’ or a 

digital ‘1’, respectively, according to the scheme illustrated in Fig. 5.6 (b). 

The correct operation of this block assumes the complete discharge of the capacitor before a 

new pulse is triggered. If this is not the case, the initial voltage stored in the capacitor will be 

greater than zero, and thigh will be shorter, resulting in a smaller pulse width. The monostable 

needs 2𝑡ℎ𝑖𝑔ℎ  to complete a full charge-discharge cycle. This value defines a maximum 

frequency that the monostable can be triggered, so, in our application, a maximum frequency 

of the input signal: 

𝑓𝑚𝑎𝑥 =  
1

2𝑡ℎ𝑖𝑔ℎ
       (5.2) 

which, in this design, was set to 𝑓𝑚𝑎𝑥 =  1.43 𝑀𝐻𝑧. 

 

(a) 

 

(b) 

Figure 5.6. Circuit schematic of the data demodulation block (a), and timing diagram of the 

demodulation scheme (b). 
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5.3.4 Digital unit 

The digital unit was designed in Verilog. It comprises three dynamic logic blocks that 

complement each other. Fig. 5.7 shows how substructures in the digital unit communicate 

with each other. The reset block uses counters to monitor consecutive ‘1’s received at the 

input and detect the reset sequence. The reset signal it produces is different from the PoR 

signal, and it only resets the digital unit, not the whole ASIC. 

The data storage block is directly connected to the output of the data demodulation block. It 

includes two 26-bit registers; one serial-input parallel-output register, Reg1, to store the 

demodulated data, and one parallel-input parallel-output register, Reg2, to control the output 

stage. Reg2 is necessary as the output stage should only be updated after the complete control 

word has been received and when the stimulation is ready to begin. A counter is used to 

manage the loading of the demodulated bits into Reg1. This counter addresses the flip-flops 

using the Gray code to minimise the number of transitions. The simulated average power 

consumption of the block was reduced by 33% when Gray code was used as opposed to serial 

loading. 

The data loaded on Reg2, as well as the time when these will be loaded, are managed by the 

mode selection block. This block uses counters to monitor the input pulses, counting 26 clock 

cycles after the reset sequence. Once all 26 bits have been loaded, the loading stops until the 

 

Figure 5.7. Connections between the substructures of the digital unit and the output stage. 
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register is reset by the reset block. Some extra logic is also included in this block to set Reg1 

to all zeros (through output e) in case an error is detected in the control word, preventing 

undesirable stimulation. The combined value of its output bits (U0 and U1, Fig. 5.5), that 

indicate the operating mode of the system, is used for the communication with Reg2. 

5.3.5 Output stage and current reference block 

The circuit schematic of the output stage block is shown in Fig. 5.8. This analog block 

includes details of the implementation of the switches of Fig. 5.3, as well as their control 

circuit. For the cathodic switches, 30 V NDMOS transistors were chosen (MC0–12). These are 

controlled by voltages produced by the digital unit (VC0–12), connected directly at their gate 

terminal. DMOSs were selected as simulations showed that an increased speed could be 

achieved with significantly smaller devices, compared to conventional HV transistors. For the 

respective 30 V PDMOS transistors (MA0–12) used as anodic switches, a voltage controlled 

topology would be too complex due to the wide variations of the voltage at node N (in the 

range of approximately 2.3 V up to 25 V, dependent on the load at the output and the 

stimulus current). For this reason, 5 µA current mirrors acting as current sinks are used to 

 

Figure 5.8. Circuit details of the output stage block and its control. An on-chip current reference 

(M1 – M8) generates the reference current Iref which is then copied and scaled up (CM1 – CM3) to 

create the biasing current Ib for each anodic switch. Voltages VA and VC are the respective outputs 

of the digital unit that define the role of the specific electrode. Diode connected transistors MD1 and 

MD2 are used as a level shifter. The current at the input is the sum of all the individual biasing 

currents (Ib0–12) plus the total stimulus current Istim. 
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establish the necessary voltage drop across resistors (Rb0-12) to turn the anodic switches on 

[32]. Rb0-12 were implemented using a high-ohmic non-salicided resistor, each occupying an 

area of 178 μm2. 

A current reference (M1 – M8) generates the only bias current Iref (500 nA) on this chip, while 

a set of current mirrors is used to copy Iref (CM1_0–12) and scale it up to 5 μA (CM2_0–12). 

Current Ib is set by an NMOS cascode current mirror implemented using HV devices (CM3_0–

12) to interface the 5 V transistors with the HV line. We chose to scale up the current using 

CM2, which is made of low voltage PMOS transistors, rather than CM3. This choice requires 

10 times more current drawn from the on-chip capacitor, but leads to a considerably smaller 

area. Voltages VA0–12 (outputs of the digital unit) define whether the respective anodic switch 

is on or off, by turning on and off the whole current mirror structure for the specific electrode. 

The correct operation of CM3 requires that the voltage at node N is at least 2.3 V. To ensure 

that we had to shift the voltage at node C to above 0 V. We used the two diode connected 

transistors, MD1 and MD2, to shift it to 2.3 V during stimulation, consuming zero extra power 

from the 5 V supply, but at the expense of a reduced output voltage swing. 

Fig. 5.9 shows post-layout simulation results of how a change in the supply voltage affects 

the performance of the analogue blocks that generate the reference and the biasing currents. 

Fig. 5.10 shows the distribution of the amplitude of the current Ib from a 100-point Monte 

Carlo post-layout simulation. Its mean value is 4.95 µA, with a standard deviation of 

0.41 µA. In this design, the stimulus current is a result of Iin minus the sum of all Ib. In the 

worst case, when 12 electrodes are used as anodes, this sum adds up to 12×Ib. The maximum 

current error is less than 10 µA in 95% of the cases. It should be noted, however, that this 

current error is an offset which can be compensated for by increasing the input current. A 

more detailed analysis regarding how this affects the charge balancing is included in section 

5.6.  

 

Figure 5.9. Simulated amplitude of reference and biasing currents when VDD is swept from 4 V to 

approximately 5.2 V.  
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Figure 5.10. Monte Carlo post-layout simulations of the amplitude of the biasing current Ib (mean 

4.95 µA, standard deviation 0.41 µA). Process and mismatch variations were taken into account. 
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5.4 Non-implantable version of the subcutaneous hub  

The first version of the ‘subcutaneous hub’ of Fig. 2.3 was implemented as a non-implantable 

platform by Dr. Clemens Eder. The hub provides the stimulus current and controls the ASICs 

according to the user’s commands sent via a graphical user interface. Fig. 5.11 shows its 

block diagram. In this version, bidirectional data transfer between the host personal computer 

(PC) and the hub is achieved via a universal serial bus (USB) port, which also provides a 5 V 

power supply. The hub can send operational parameters such as the supply voltage status 

back to the host, which will be useful for monitoring the battery voltage after implantation in 

future versions. The host can communicate the stimulation parameters to the MSP430FR5739 

microcontroller, which interprets the data and generates the appropriate bit sequence Vin, as 

well as the programmed current. 

A programmable voltage is generated by the AD7524, an 8-bit multiplying DAC which is 

operated in voltage mode. The 2.5 V reference voltage (‘Ref’ in Fig. 5.11) is connected to 

one of the DAC’s output terminals and the other output is grounded. The divided voltage of 

the internal R2R ladder network can then be accessed from a third terminal. This arrangement 

is preferred in this single-supply setup, as the output does not need to be inverted. 

The DAC’s output voltage is then converted into a current by an improved Howland current 

source (Fig. 5.12). In this design ([33], [34]) the output current is  

𝐼𝑜𝑢𝑡 =
1

𝑅
𝑉𝐴 +  

1

𝑅𝑜
 𝑉𝑜𝑢𝑡      (5.3) 

where 𝑉𝑜𝑢𝑡 is the voltage across the load 𝑅𝐿(not shown here) , and  

𝑅 =
𝑅1 𝑅𝑀 (𝑅3 + 𝑅4)

𝑅1 (𝑅4 + 𝑅𝑀)+ 𝑅4 𝑅2
      (5.4) 

 

Figure 5.11. Block diagram of the hub. A graphical user interface provides an environment for the 

user to insert the stimulation parameters. These are transferred from the host PC to the hub, through 

a USB, which, in turn, controls the operation of the ASIC via its 3 outputs. 
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and 

𝑅𝑜 =
𝑅𝑀 (1 +

𝑅4
𝑅𝐿

)

(𝑅4 + 𝑅𝑀)

𝑅3
 − 

𝑅2
𝑅1

      (5.5) 

 

The output current gets independent of the variations on the load as long as the values of the 

resistors follow the equation: 

𝑅2

𝑅1
=  

𝑅𝑀+ 𝑅4

𝑅3
       (5.6) 

Selecting R1 = R2 = R3 = R4 + RM, the relationship of Iout versus VA becomes: 

𝐼𝑜𝑢𝑡 =
1

𝑅𝑀
 𝑉𝐴       (5.7) 

Its operational amplifier of the improved Howland source has to be supplied by up to 28 V 

from a single supply and its common-mode input must include the 0 V rail. The high voltage 

supply is generated by an LMR64010 boost converter, which features output voltages up to 

40 V and an efficiency of about 75 % with the chosen input and output settings. Since the 

current drawn is less than 1 mA, the efficiency drops. As a result of the short duty cycle, the 

dissipated power of the converter would not cause a significant increase in the temperature 

inside the implant. 

Note that the source does not continuously supply a current, but only at times when the ASIC 

connects the source between the chosen electrodes in either stimulation phase. The opamps of 

the Howland current source have to recover from saturation as fast as possible after the 

source has been switched to the selected electrode pair. These criteria are fulfilled by the 

 

Figure 5.12. Improved Howland current source schematic. 
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chosen OPA2140, which features a short overload recovery of 600 ns, and a fast large-signal 

settling time of 1.6 µs. 

Fig. 5.13 shows the fabricated hub. The respective GUI, created in Visual Studio, is 

illustrated in Fig. 5.14. 

 

Figure 5.13. Photograph of the fabricated non-implantable version of the hub. 
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Figure 5.14. The GUI through which the user can control the stimulation on the host PC. The user can select the number of patterns for interleaved stimulation – with a 

maximum of 5 limited by the GUI software – and the frequency (repetition rate) at which they are applied. All stimulus parameters can be independently defined for each 

pattern. The correspondence of the electrode positions (L2R – S1L) to each of the ASICs outputs (El0 – El12) can be preset for each version, RDM1 and RDM2, in the 

two tabs, IC2v2 and IC2v1, respectively. The ‘Enable Auto Test’ check box allows the user to start a testing sequence that sends a biphasic current pulse to all electrodes 

sequentially, using the electrode in the ‘Anode’ field as a counter electrode. The stimulus current is monitored by sensing the voltage across a sense resistor. In case no 

current is detected a failure is registered. This provides a useful tool to check the functionality of the system both before and after implantation and is further described in 

section 8.6.1. The design of the GUI was based on a previous version produced for this application by James Cohen. 
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5.5 Experimental results 

A microphotograph of the fabricated RDM1 ASICs is shown in Fig. 5.15 (a). Fig. 5.15 (b) 

shows the three submodules of RDM2 together with a slightly larger chip which was 

fabricated in the same run with some test structures to evaluate the performance of individual 

blocks.  

 

(a) 

 

(b) 

Figure 5.15. Microphotograph of RDM1 (a) and the three submodules of RDM2 together with the 

test structures chip (b). 
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We kept the area occupied by the core of the ASICs less than 0.36 mm2 to be compatible with 

both versions. The total area of each version was adapted to the specific requirements of the 

integration procedure of the ASIC on the electrode array. Large custom designed ESD pads 

were used in both cases to facilitate assembly. Thus, RDM1 features a total area of 2.944 mm 

× 2.944 mm, while each of the submodules of RDM2 is 1.753 mm2 (see section 5.6). Table 

5.5 shows the silicon area breakdown. 

Table 5.6 shows the average power dissipated by the system, and eventually converted into 

unwanted heat dissipation, during different operating modes. In these calculations, we 

exclude the power used for the stimulation. Only the 500 nA current reference is constantly 

on, and a number of current mirrors also draw currents of up to 5 µA each from the 5 V 

supply when on. The data demodulation block, together with the digital unit operate with a 

very small duty cycle during the delivery of the biphasic pulse and they mainly consume 

power when transitions occur. According to our simulations, in a full biphasic stimulation 

cycle, delivered at the maximum rate of 100 pps, with two 250 µs long pulses and a 100 µs 

interphase delay, the mean power consumption of the system is not more than 114 µW in the 

worst case. 

A PCB platform was used for the testing of both versions of the system. Thirty ASICs were 

tested in total, 15 RDM1 and 15 RDM2, all of which were fully functional. 

A current source (6221, Keithley) was used to accurately produce the input current (Iin). An 

arbitrary waveform generator (TGA12104 100MHz, TTi), was programmed to produce the 

selected voltage waveform for the input of the system Vin (including the pulse width 

Table 5.5 Area breakdown. 

Subcircuit Area (µm2) 

Energy storage block 108800 

PoR 4828 

HV switches (and their 

control)a 
12485 

Digital unit 44000 

Data demodulation block 10863 

Current reference 667 

Current mirrors and level 

shifter 
5528.5 

 

a For each electrode 

 

Table 5.6 Average dissipated power. 

Operating mode 

Average 

dissipated 

powera (µW) 

Stand-by 13.5 

Data reception 

and demodulation 
42.5 

Stimulation 
minb 61.8 

maxc 336.8 

meand     (worst 

case) 
114 

 

aStimulus current not taken into account, b1 anode, 
c12 anodes, dSimulated throughout the full 

biphasic stimulation cycle (at 100 pps) 
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modulated control data as well as the timing of the stimulation). Transient results were 

plotted on a mixed-signal oscilloscope (MSO-X 2024A 200MHz, Agilent Technologies). 

Both versions of the system were tested with different loads, various current amplitudes and 

against several stimulation parameters and all chips had a very similar response. 

5.5.1 Performance for various loads / current amplitudes 

First, to evaluate the ability of the ASIC to accurately drive different loads, purely resistive 

loads (between 2 kΩ and 25 kΩ) were connected between the output pads. 

Fig. 5.16 shows the current waveform that flows between the cathode and the anode of the 

system during a biphasic pulse for various current amplitudes (100 µA, 500 µA and 1 mA) 

when an 18 kΩ load is connected between them. For this test a single pair of outputs 

alternately perform as anode and cathode in a full biphasic cycle. The results suggest that the 

desired current is accurately delivered in both phases. Similar results were observed for 

different loads as low as 2 kΩ and for all 30 tested chips. Small deviations from the expected 

current are observed in the individual anodic (cathodic) currents in a multi-anode (cathode) 

stimulus pattern, due to the different impedances of the HV switches among different outputs. 

For a nominal current of 500 µA, we measured a mean amplitude of 500.28 µA, with a 

standard deviation of 4.69 µA. These values were derived from 195 measurements among 

same-chip, as well as different chips. 

 

 

Figure 5.16. Recorded current waveforms through a resistive load (18 kΩ) for different injected 

current amplitudes. The results validate that the correct current amplitude flows through the load 

each time and that pulses are symmetrical. Similar results were observed for different loads. 
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A maximum rising time of 1.4 µs was measured when high currents were delivered to high 

loads, which compares relatively well to the simulated value of 0.9 µs. Measured falling 

times were typically 10 times lower. 

Magnified views of the rising and falling edges of the pulses are illustrated in Fig. 5.16. The 

imperfect rectangular shape of the pulses, caused by the stray capacitances when switching 

the current at the beginning and end of each stimulus phase, results in a negligible charge 

error between the two phases. In fact, the maximum remaining charge across any pair of 

electrodes after a full biphasic cycle was measured to be -0.223 pC (or < 0.0001%) (average 

of 64 cycles, the sign here indicates that slightly more charge is injected during the first phase 

of the pulse). This is when the maximum current (1 mA) is delivered to the load, for 250 µs, 

where the nominal injected charge in each phase is 250 nC. 

5.5.2 Interleaved stimulation 

Fig. 5.17 illustrates the transient operation of the system during interleaved stimulation. 

Control data and timing information for four different stimulus patterns are sent successively 

at the input Vin, each at a 50 pps. For these patterns, different current amplitudes, pulse 

widths and interphase delays were set and the correct operation was validated for all settings. 

All outputs were connected via 18 kΩ resistors to a common node. The recorded current 

waveforms through outputs 0, 1 and 2 are plotted. For pattern a, 2 outputs (1 and 2) formed 

the cathode group and 4 others (0, 3, 5 and 7) formed the anode group. Thus, the amplitude of 

the current that flows through each of the anode resistors is half that which flows through the 

cathode resistors. This is in contrast to pattern b, where a 3-resistor cathode and a 3-resistor 

anode are used. In pattern c, the control word that was sent to the ASIC did not define any 

electrode as a cathode, thus, the error prevention mechanism of the digital unit detects this 

and no stimulation occurs for this pattern. In pattern d, output 0 does not participate in the 

stimulation, therefore there is zero current flowing through it. More details of the settings 

used for all patterns are shown in Table 5.7. The terms ‘expected cathodic’ and ‘expected 

anodic’ current correspond to the stimulus current amplitude that is expected to flow out or 

into each individual cathode and anode, respectively. In this context, the input current is the 

current required at the input of the ASIC to ensure the desired stimulus amplitude at the 

output. This is the sum of the total expected cathodic current amplitude and the current 

needed to bias the anodic switches, in each phase. 

5.5.3 Other results 

To evaluate the operation of the sub-blocks of this system, some test structures were added to 

a test chip fabricated together with RDM2 [see Fig. 5.15 (b)]. From this chip, we were able to 
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measure the voltage across the storage capacitor used to power up the ASICs. According to 

our measurements, this voltage varies between 4.17 V and 4.62 V, which agrees well with the 

 

Figure 5.17. Transient operation of the system during interleaved stimulation; four patterns (a, b, c 

and d) are successively sent, indicated by time intervals in the figure. Recorded waveforms of the 

voltage applied at the input of the system, and the current through El0, El1, and El2, are illustrated. 

The specific settings used for each pattern are explained in Table 5.7. 

Table 5.7 Settings for the different patterns used in Fig. 5.17. 

Pattern Cathodes Anodes  

Pulse 

duration    

(µs) 

Interphase 

delay (µs) 

 Current amplitude (µA) Loadb (kΩ) 

Inputa 
Expected 

cathodic 

Expected 

anodic 

Each 

electrode 

Total 

cathodic 

Total 

anodic 1st 

phase 

2nd 

phase 

(a) El1, El2 
El0, El3, 
El5, El7 

300 100 820 810 400 200 18 9 4.5 

(b) 
El0, El2, 

El4   

El1, El3, 

El5   
250 150 765 765 250 250 18 6 6 

(c) 
no 

cathodec 

El0, El2, 

El4   
250 20 780 780 0 0 18 

non 

applic.c 

non 

applic.c 

(d) 
El2, El4, 
El5, El9, 

El10, El12 

El1, El3, 
El6, El7, 

El8,El11 

200 20 780 780 125 125 18 3 3 

aThe input current amplitude is calculated from the desired amplitude of the cathodic pulse plus the current needed to bias 

the anodic switches. The values in this table are calculated so that balanced biphasic pulses are delivered though the selected 

group of electrodes. 

b18 kΩ resistors were connected to each output pad instead of electrodes for this test. The expected total anodic and cathodic 

load seen at the output varies for each pattern according to the number of anodes and cathodes, respectively. 

cThis pattern is to illustrate that no stimulation occurs when an error is detected in the control bits sequence. 
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simulated results. We were also able to measure the width of the pulse produced by the 

monostable block. Results from 15 chips, graphically illustrated in Fig. 5.18, show that the 

average duration for all chips is 880.5 ns (as opposed to the targeted 800 ns), with a standard 

deviation of 56.5 ns. This difference is of no importance in this implementation, as the 

monostable is used to distinguish between 250 ns and 1.5 µs pulses. 

5.5.4 Testing with electrode arrays 

To verify the correct operation of the system with a realistic load, the chips were tested with 

the electrode array of Fig. 4.32 in normal saline. Normal saline has a conductivity of ~15 

mS/cm which, in the frequency range of 0 – 10 kHz, matches the conductivity of the human 

cerebrospinal fluid [35]. Stainless steel wires connected the electrode array to the interface in 

our setup. 

Impedance measurements using an impedance analyser (6500B, Wayne Kerr Electronics) 

were taken prior to the experiment to verify that all electrodes were functional. The array was 

immersed in unbuffered saline in a beaker together with a return electrode for monopolar 

tests. The return electrode was the 1 cm exposed end of an insulated stainless steel wire. 

Typical recorded impedance traces for monopolar and bipolar configurations, from two 

arrays, are plotted in Fig. 5.19. Measured standard deviations from all electrodes in both 

arrays (at 1 kHz) were in the order of 0.8 kΩ and 0.65 kΩ for the monopolar and the bipolar 

case, respectively. 

Fig. 5.20 demonstrates the capability of this ASIC to drive a realistic load by showing the 

recorded voltage [Fig. 5.20 (a)] and the respective current [Fig. 5.20 (b)] waveform between 

the cathode and the anode of the system when the maximum current (1 mA) is delivered to 

the load. In this test we used only one of the electrodes on the 12-electrode array as the 

 

Figure 5.18. Average measured monostable pulse width from each of the 15 tested chips. The error 

bars indicate the minimum and maximum pulse widths measured from each chip. 
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cathode in a monopolar configuration, to test the system with a higher impedance load. When 

more electrodes are used, they appear in parallel, reducing the total load impedance. For the 

waveform of Fig. 5.20 (b), a 1 kΩ resistor was connected in series with the electrodes and the 

voltage across it was recorded and translated into current. At point 3 all electrodes are shorted 

 

Figure 5.19. Typical impedance magnitude and phase traces recorded when the electrodes on the 

array were used in monopolar (blue) and bipolar (red) configurations. 

 

(a) 

 

(b) 

Figure 5.20. Recorded voltage (a) and current (b) waveform between the anode and the cathode of 

the system when 1 mA is delivered to the load. For this test, one electrode on the array was used as 

the cathode in a monopolar configuration. 
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to the reference potential and any small charge mismatch between the two phases is passively 

discharged (see discussion). The almost linear change of the recorded voltage during the two 

stimulus phases in Fig. 5.20 (a) suggests a very strong capacitive nature for these electrodes, 

supported by the close to -90° phase in the low frequency part of the impedance spectroscopy 

phase trace in Fig. 5.19. A 1.7 kΩ resistive contribution of the electrolyte is anticipated, as 

suggested by the high frequency part of the magnitude trace in Fig. 5.19. This would 

correspond to a 1.7 V voltage drop at the onset of the stimulus pulse, which agrees well with 

the plotted values for Va in Fig. 5.20 (a). The voltage difference between point 1 and 2, in 

Fig. 5.20 (a), corresponds to the maximum polarisation voltage across the electrode-

electrolyte interface. When voltage transients are recorded using a 3-point setup (where a 

large-area return electrode is used and potentials are referenced to a non-current-carrying 

reference electrode) [36], both potentials at points 1 and 2 are expected to be between the 

established minimum and maximum potentials (for the specific material) beyond which 

electrolysis is likely to occur. This potential difference is the water window and for gold is 

suggested to be around 1.8 V [37]. Direct comparison between the extreme potentials would 

not be valid, as there was no reference electrode in our setup. We could nevertheless, relate 

the potential difference ΔVp of Fig. 5.20 (a), which is approximately 1.7 V, to the reported 

water window, and assume that this waveform would not translate to unsafe stimulation. In 

the discussion above we need to consider the contribution of the return electrode in our setup; 

although this was larger in area compared to the working electrode, it appears in series and 

contributes to the recorded trace. Fig. 5.20, together with Fig. 5.19, suggest that electrodes 

with even higher impedance magnitudes could be accommodated by this system, as only a 

total voltage headroom of 5.8 V is practically required in this case (out of the available 25 V 

compliance) to deliver the maximum current to the load. 

5.5.5 Testing with the subcutaneous hub 

The performance of the whole programmable voltage to current conversion chain in the hub 

 

Figure 5.21. Performance of the programmable V/I conversion chain in the hub. 

 



 

165 

 

was tested by Dr. Clemens Eder and is shown in Fig. 5.21. The DC output currents were 

measured using a 10 kΩ load and a precision ammeter (6485 picoammeter, Keithley) for all 

possible input codes. The response is linear, the two missing codes for differential 

nonlinearity (DNL) larger than 1 can be tolerated for this application. This first, non-

implantable, version of the hub was successfully used to deliver the information to the ASIC 

supplied through the GUI of Fig. 5.14. 
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5.6 Discussion and conclusion  

The decision to keep the generation of the stimulus current external to this ASIC was to 

satisfy our low power and area requirements and has two advantages. Any extra circuitry 

needed for the implementation of the programmable current source and any additional 

voltage required by the current generator to satisfy variations in loads is within the hub where 

the area and power specifications are not so tight. In a future implementation of the hub, 

feedback could be introduced to inform the system about the expected load impedance and 

generate only the necessary drive voltage, avoiding unnecessary power consumption. 

The layout of this ASIC was developed to be compatible with two different electrode array 

designs. Since manual bonding is necessary, large custom designed pads (300 µm × 300 µm, 

300 µm gap for RDM1 and 150 µm × 150 µm, 100 µm gap for RDM2) were incorporated. 

The off-chip tracks will be insulated by PDMS, which must adhere to the passivation layer on 

the chip to provide sufficient protection [38]. These dimensions finally dictated the size of the 

ASICs. The core occupies only 4% of the total die area for RDM1 and less than 20% in each 

version of RDM2. In future versions, the size of the ASICs could be scaled down, by using an 

automatic bonder that would allow for smaller pads. 

When the number of anodes differs from the number of cathodes, the required total bias 

current Ib (Fig. 5.8) for each phase is provided by adjusting the injection current. Differences 

in the individual currents Ib0-12 from the expected 5 µA value though, could mean that a 

different amount of charge could be injected between the two phases. Unfortunately, due to 

the layout of the chips, we did not have access to these currents, therefore it has not been 

possible to measure their amplitudes. Nevertheless, our Monte Carlo post-layout simulations 

(taking into account both process and mismatch variations with parameters provided by the 

foundry) have shown that the mean value of Ib is 4.95 µA with a standard deviation of 0.41 

µA (Fig. 5.10). In addition, simulated results when VDD is varied from 4 V to 5 V (the 

measured VDD agrees well with these limits) showed that the nominal amplitude of Ib is in the 

range of 4.85 µA – 4.95 µA (Fig. 5.9). Based on the above, we do not expect Ib to be less than 

4 µA in any case. That suggests a maximum error of 1 µA for each anode. In the extreme 

case, when 12 electrodes are used as anodes, this could add up to a maximum of 12 µA, all of 

which need to be injected through the single cathode. In this case, as far as charge balancing 

across the cathode is concerned, there will be a difference of 11 µA between the first and 

second phase of the pulse flowing through the cathode. For pulses of 250 µs, that would lead 

to a 2.75 nC residual charge at the end of each cycle. The practical current amplitude values 

for this 12-electrode extreme scenario fall in the range of 400 µA – 1 mA. This translates to a 

100 – 250 nC total charge in each phase, corresponding to a 2.75% – 1.1 % mismatch error, 
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which is within the limits of other designs, when only active discharge is employed ([39] – 

[40]). Even if smaller currents were to be used though, the present system is still able to 

passively further minimise most of the remaining charge by shorting all electrodes to the 

reference potential after each cycle [see Fig. 5.20 (b), point 3]. The degree to which this 

shorting is effective, apart from the initial imbalance, depends on the electrode discharge time 

constant and the time available for discharge, which is ample in this case since this is a low 

frequency application (maximum 100 pps). 

Regarding the driving capabilities of these chips, despite the results of Fig. 5.20 (b), the 

situation could be very different in a chronic state. Connective tissue is expected to grow 

around the electrode array after implantation and the conductivity around the electrodes is 

will decrease [41]. In vivo testing is needed to verify that stimulation can be induced in the 

Table 5.8 Performance and comparison table. 

    [9] [10] [11] [12]4 [13] [This work] 

Technology 3-µm 2-µm 1.5-µm 0.8-µm 0.6-µm 0.18-µm 

Number of inputs 5 8 not specified not specified 5 3 

Number of electrodes 16 8 8 4 12 13 

Number of channels1 16 1 1 1 4 1 

Electrodes 

configuration 
any monopolar monopolar 

monopolar 
and bipolar 

tripolar any 

Pulse duration 

any, 
externally 

defined 

4 - 512 µs, 4 µs 

resolution 
up to 1 ms 

any, 
externally 

defined 

2 - 1069 µs, 

exponential 

any, 
externally 

defined 

Current amplitude 

± 254 µA,     

2 µA 
resolution 

up to ±126 µA, 

2 µA resolution 

up to 120µA 

or 600 µA,  

6-bit 

resolution 

1.6 – 167.2 

µA 
1, 4, or 8 mA 

up to 1 mA, 

externally 

defined (+ up 

to 60 µA for 

biasing) 

Power supply ±5 V ±3 V ±6.5 V 3.3 V 18 V 5 V 

Voltage compliance2 10 V 6 V 13 V 13.6 V 18 V 
adaptable, up 
to 25 V 

Expected load 

not specified 
(tested with 

6.8 kΩ) 

not specified 
(tested with 10 

kΩ) 

up to 10 kΩ up to 100 kΩ up to 2 kΩ up to 25 kΩ 

Die area 

core 

11 mm2 

2.9 mm2 
approx5.    

2.5 - 3 mm2 

approx5.     

5.3 mm2 
6.4 mm2 < 0.36 mm2 

total 4.8 mm2 4.84 mm2 8.38 mm2 27.3 mm2 
68.67 mm2 / 
1.753 mm2 

Power 

consumption 

stand-by 80 µW 

   
30 µW 13.5 µW 

average3 not specified 450 µW 500 µW 51.37 mW 30.11 mW 114 µW 

1Independent current sources, 2Voltage available at the output to accommodate for the stimulation of different loads and 

current amplitudes, 3Stimulus current not included in calculations, 4Output stage chip, 5Not specified in the publication, 

estimate from the microphotograph, 6Values refer to RDM1 and each module of RDM2, respectively. 
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chronic state. Nevertheless, we expect these load variations to be accommodated as this ASIC 

allows for a maximum of 25 V output voltage compliance, to account for the increased load 

impedance.  

To conclude, Table 5.8 summarises some of the most important characteristics of this work in 

comparison to previously reported designs. The ASIC presented here features the smallest 

core size and power consumption and the lowest number of driving input wires. 
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5.7 Summary 

In this chapter, we have described the complete design details of the electrode-driving ASICs 

developed to be embedded on the electrode array and presented the experimental evaluation 

with measurements that verify the performance. We have also discussed some details of the 

first (non-implantable) version of the hub. 

The ASIC can deliver up to 1 mA fully programmable monophasic or biphasic current pulses, 

to 13 electrodes selected in any possible configuration. It also supports interleaved 

stimulation. Communication is achieved via only 3 wires. The current source and the control 

of the stimulation timing have been kept off-chip to reduce the heat dissipation close to the 

spinal cord. The ASIC was designed in a 0.18-µm high voltage CMOS process. Its output 

voltage compliance can be up to 25 V. It features a small core area (< 0.36 mm2) and 

consumes a maximum of 114 µW during a full stimulation cycle. The layout of the ASIC was 

developed to be suitable for integration on the epidural electrode array, and two different 

versions have been fabricated and electrically tested. Results from both versions were almost 

indistinguishable. The performance of the system has been verified for different loads and 

stimulation parameters. Its suitability to drive a passive epidural 12-electrode array in saline 

has also been demonstrated. 

The following publications have resulted from the work described in this chapter: 

1. V. Giagka, C. Eder, N. Donaldson, and A. Demosthenous, ‘'An implantable versatile 

electrode-driving ASIC for chronic epidural stimulation in rats,” IEEE Trans. Biomed. 

Circuits Syst., doi 10.1109/TBCAS.2014.2330859. 

2. V. Giagka, C. Eder, V. Valente, A. Vanhoestenberghe, N. Donaldson, and A. 

Demosthenous, “A dedicated electrode driving ASIC for epidural spinal cord stimulation in 

rats,” in Proc. ICECS 2013, Abu Dhabi, UAE, Dec. 2013, pp. 469 – 472. 

3. V. Giagka, A. Demosthenous, and N. Donaldson, “Towards a low-power active epidural 

spinal cord array controlled through a two wire interface,” in Proc. PRIME 2012, Aachen, 

Germany, Jun. 2012, pp. 247 – 250. 
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Chapter 6 

Thinning of small ASICs 

The small ASICs of RDM2 were developed to be placed close to their respective electrodes, 

inside the spinal canal [see Fig. 4.35 (b)]. Standard thickness ASICs (around 500 μm) cannot 

be embedded on this array, as the final thickness of the device would make it unsuitable for 

implantation. To adhere to the maximum 300 μm thickness specification, the thickness of the 

ASICs would need to be in the range of 80 – 100 μm. To this end, we have developed and 

characterised a method to manually thin down individual dice while accurately controlling 

the final thickness. This chapter is dedicated to the description of the equipment and the 

materials used. We present our custom made setup, the results we obtained, and discuss the 

challenges faced during the thinning process. 

6.1 Background 

The total thickness of the active layers of an ASIC may comprise a total thickness of 5 – 10 

µm, depending on the complexity of the design. Nevertheless, the typical thickness of 

fabricated chips is in the order of 500 µm – 1 mm. This extra material, which mainly serves 

as mechanical support, can be removed after processing to create thinner devices. Chips with 

functional structures thinner than 25 µm have been reported [1]. 

Several techniques for silicon back-thinning have been developed from a combination of 

different mechanical and chemical processes. Most commonly, grinding, lapping or polishing 

are used for the removal of the major part of the material, usually followed by a stress-relief 

step, where dry etching, wet etching or laser chemical etching are employed for the removal 

of the last 10 – 100 µm of silicon, to reduce the backside damage caused by the previous 

coarse step and ensure a smooth surface finish ([2] – [4]). 

In nearly all the efforts described above, the problem of silicon thinning is dealt at a wafer 

level. This approach has several advantages when mass production is required. It allows the 

processing of all the ASICs on a wafer simultaneously, saving huge amounts of time and 

effort, and consequently, money. On the other hand, there are cases where this approach is 

not suitable. This includes multi-project wafers where different devices share the same wafer 

but only some of them need thinning, or applications where devices of different thicknesses 

are required. Also, in some cases, existing ASICs might need to be thinned after they have 

been separated from the wafer and post-processed. In these cases, a procedure that deals with 

the thinning of individual die is necessary—and could also be cheaper. 
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Although thinning of individual die is not a new concept there does not seem to be an 

established procedure based on quantitative results. In most of the reported cases ([5], [6]), 

the thinning procedure has been treated as the means towards another goal, therefore, it has 

not been reported in detail together with the difficulties one faces along the way. The small 

dimensions of individual dice, pose some quite different challenges compared to wafer level 

thinning. Specifically, the mounting and handling requirements of individual dice are 

radically different compared to wafer level thinning and accurately predetermining the final 

thickness is not straightforward. Some of these issues are discussed in [7], where mechanical 

thinning of Gallium Arsenide dice is demonstrated. 

In wafer level processes, several methods have been developed to control the final thickness. 

In [2], the dicing-by-thinning concept was introduced, where the depth of dicing grooves, 

which have been dry-etched at the front side of the wafer, defines the final silicon thickness, 

after the chips have been separated. In [4], the authors tried to control the thinning locally, 

using the signal obtained from an optical beam induced current, which varies depending on 

the remaining silicon. 

Here, seeking to reliably process our fabricated chips to achieve the required thickness for our 

application, we aimed to establish and characterise a procedure that allows easy and 

controlled post-separation thinning of individual dice featuring areas as small as about 1 

mm2. The procedure is based on mechanical thinning only. No extra automated equipment is 

used other than the main device, a commercial grinder-polisher. Quantitative results of the 

thickness and surface roughness of the ASICs were obtained and a systematic approach was 

followed in order to achieve repeatable results with this purely manual method. In this 

section, we present these results while discussing the issues one faces when small devices are 

thinned without access to more elaborate equipment [8]. 
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6.2 Materials and methods 

Integrated circuits (1324 µm x 1324 µm) were laser-cut from a wafer which was back-lapped 

by the foundry to an initial thickness of roughly 500 µm. 

High precision polyvinylidene fluoride carbon fibre reinforced tweezers (Ideal-Tek SA, 

Balerna, Switzerland) were used for handling in order to prevent damaging the ASICs. The 

material can be used at a constant temperature of up to 150 °C, it is electrostatic discharge 

(ESD) safe and suitable to use with very scratch-sensitive components. Each ASIC to be 

thinned is attached on the setup using Crystalbond 509 (SPI Supplies / Structure Probe, Inc). 

Crystalbond 509 is a reversible mounting adhesive that melts at 121 °C, with a viscosity at 

flow point of 6000 cps, and is soluble to acetone. A nozzle head in combination with a 

vacuum system were transformed to a custom manual pick and place setup, to handle the 

thinned dice during bonding and de-bonding.  

A commercial grinder-polisher is used for the thinning (EcoMet 250, Buehler, Düsseldorf, 

Germany) (Fig. 6.1). The device accepts diamond lapping films (diamond particles resin 

bonded to polyester film) (8 inch, UltraPrep, Buehler, Düsseldorf, Germany), that come in 

eight different abrasive sizes for coarse to fine grinding. For this work, films with a grit size 

of 6 µm, 3 µm and 1 µm were used. These abrasive films are held in place on the polisher by 

 

Figure 6.1. The polishing device. A glass platen is used to ensure a flat surface. Diamond lapping 

films are held on the glass platen by water tension. Samples are mounted on a tri-point polisher kit, 

which is manually held against the abrasive surface of the film. Polishing is performed while the 

glass platen rotates at a constant speed, set by the user. Water is used to remove residues 

throughout the process. 
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water tension. After the lapping film is firmly attached on the glass surface of the polisher, it 

is carefully cleaned with a wet tissue and water is used to keep the film wet throughout the 

procedure. This helps remove residues created during the process and leads to a more uniform 

result. The sample is attached on a mount, which, in turn, is securely fixed on a tri-point 

polisher kit (holder). The holder [Fig. 6.2 (a)] has two adjustable spacers, adjusted to keep the 

sample flat against the surface of the lapping film whatever its thickness. These spacers are 

manually adjusted with a resolution of 50 µm. Samples are mounted on the holder, which is 

held by hand against the abrasive surface of the film. Polishing is performed while the glass 

platen rotates at a constant speed, automatically set by the user. 

These spacers are manually adjusted with a resolution of 50 µm. Samples are mounted on the 

holder, which is held by hand against the abrasive surface of the film. Polishing is performed 

while the glass platen rotates at a constant speed, automatically set by the user. 

We performed experiments with two different setups. In the first one, the blue mount, 

supplied by the polisher’s manufacturer [illustrated in Fig. 6.2 (b)], is used. The ASIC is 

mounted on a silicon substrate [Fig. 6.2 (b)], which serves as a carrier and is, in turn, attached 

on the mount.  

Attempts to control the final thickness of the ASIC using this setup presented a high 

variability (results are presented in the next section). To address this we used our own custom 

made mount of Fig. 6.2 (c). This is made of polytetrafluroethylene (PTFE), otherwise known 

 

    (a)      (b)              (c) 

Figure 6.2. Tri-point polisher kit (holder) (a), mount that comes with the polisher (b), and custom 

made PTFE mount (c). The mount is inserted in the holder with the backside of the IC facing down 

for polishing. The two adjustable spacers on the holder are used to keep the sample flat against the 

surface of the lapping film. The small ICs are visible in both (b) and (c). 
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as Teflon, with a brass threaded bar in its center where the chip is directly mounted. The 

screw has a pitch of 200 µm and allows adjustment of its z-position to control the amount of 

silicon that protrudes outside the cavity and will be removed. This can be done under a 

microscope during sample preparation. When the silicon surface has reached the same level 

as the mount, thinning slows down, as PTFE is also polished but at a considerably slower 

rate. Nevertheless, so far, after our experiments, no signs of worn PTFE are yet visible. 

A comparison of the kinematics related to the first and second setup is graphically illustrated 

in Fig. 6.3. 

 

  

 

Figure 6.3. The kinematics of the thinning in the first (top) and second (bottom) setup. By adjusting 

the z-position of the brass threaded bar in the second setup, the final thickness of the ASIC can be 

better controlled. 
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6.3 Results and discussion 

6.3.1 Thinning rates 

In the first set of tests, to evaluate the thinning rate of each lapping film 8 – 10 samples were 

polished with each film at a constant speed (30 rpm) using the setup of Fig. 6.2 (b). The 

thickness of the ASICs was measured before and after the polishing. 

Fig. 6.4 shows the variability of the measured thinning rates for the all the thinned samples. It 

should be noted that, although placed in a common graph, these samples are not the same for 

each film, so direct comparison among them would not be sensible. As illustrated here, finer 

films exhibit lower thinning rates and a much smaller variation. 

The extreme low value observed in case of sample 6_8 (sample 8 polished with the 6 µm-

film) indicates that the abrasive ability of the lapping film has deteriorated a lot, so the film is 

close to its lifetime limit. For samples 6_9 and 6_10, a brand new, previously unused film 

was used, and the measured value was inside the range we had already defined from samples 

 

Figure 6.4. Measured thinning rates for lapping films of 6, 3 and 1 µm grit. Coarser films exhibit a 

larger variation. 

Table 6.1 Average thinning rates. 

Lapping 

film 

Average thinning 

rate  

(µm/min) 

Lowest thinning rate 

(used in Fig. 6.5) 

(µm/min) 

6 µm 27 11.8 

3 µm 19.6 5.4 

1 µm 4.2 2.1 
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polished using the previous film. Unfortunately, it has not been possible to accurately 

measure the amount of silicon that can be removed with each lapping film before there is a 

noticeable change in its abrasive rate, but it is estimated that coarser films could be used for 

more than 4500 revolutions. The average thinning rates for each lapping film are summarised 

in Table 6.1 (together with the lowest thinning rates we recorded for each film, used later for 

calculations in Fig. 6.5). 

6.3.2 Control of the final thickness 

After the polishing rates for each film were determined, more samples were prepared using 

the same setup [Fig. 6.2 (b)] and polished using a predetermined set of parameters (3 

consecutive steps with descending grit size films for a predefined time and speed). We 

calculated the anticipated amount of removed material at the end of the processing based on 

the selected parameters. Fig. 6.5 shows how the measured results deviate from the expected 

ones. For each sample, the first (black) column indicates the expected amount of removed 

silicon, as calculated using the average removal rate for each film times the polishing time. 

The second (red) column illustrates the measured results. Samples 11 – 16 were polished on 

the old, used films, therefore, the difference between the expected and measured results is 

quite large. Actually, when the anticipated amount of removed silicon is calculated using the 

lowest recorded thinning rates for each film, (Fig. 6.5, third (grey) column), the results match. 

The lowest recorded thinning rates for each film used in these calculations are those in the 

 

Figure 6.5. Comparison between measured (red) and expected amount of removed silicon as 

calculated from the average thinning rates for each lapping film (black) (using the first setup). 

Samples 11 – 16 were polished on old, used films. The third, grey, column that has been included 

for these samples is an estimation of the expected amount of removed silicon when the lowest 

recorded thinning rates for each film are used in the calculations. From sample 19 onwards a new, 

unused set of films was introduced.  
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third column of Table 6.1. This is an indication that the film has reached its lifetime limit and 

needs to be replaced. A new set of films was introduced, starting from sample 19.  

During this manual process, several factors, such as the force that the user applies on the 

holder and the amount of water used during the procedure, cannot, unfortunately, be 

accurately controlled and, thus, affect the repeatability of the results. Fig. 6.5 suggests that 

the final thickness can be predicted with an accuracy in the range of about 30 – 85 µm. This 

variability is quite high, when targeted thicknesses could be in the range of 70 – 100 µm. We 

therefore performed a new set of experiments using our own, custom made setup of Fig. 6.2 

(c), described in the previous section. 

A set of 8 samples was thinned using this setup to a targeted thickness of 80 µm. Again, a 

sequence of 3 steps was used (6 µm film for 10 minutes, 3 µm film for 5 minutes, and 1 µm 

film for > 7.5 minutes until the end of the procedure, all at 30 rpm). Measured results of the 

final thickness of each sample are graphically illustrated in Fig. 6.6. The mean thickness was 

79.8 µm, with a standard deviation of 9.2 µm. As the results suggest, using this second setup 

we have managed to better control the final thickness of the chips. This method though, does 

not allow precise control over the amount of material that is going to be thinned by each 

individual step, unless the z-position of the threaded bar is readjusted under the microscope 

between steps. 

 

 

Figure 6.6. Measured thickness of each of the 8 samples thinned using our own custom-made 

mount of Fig. 6.2 (c). Results have a mean value of 79.8 µm, with a standard deviation of 9.2 µm. 
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An example of an individually thinned ASIC after it was de-bonded from its substrate is 

illustrated in Fig. 6.7. 

6.3.3 Total thickness variation 

One of the main challenges of a manual thinning process is the limited control over the total 

thickness variation that appears across each thinned ASIC. The two adjustable spacers of the 

holder in Fig. 6.2 (a) that need to be manually adjusted to keep the sample flat against the 

surface of the lapping film, introduce an uncertainty to the procedure. Gradients that appeared 

across the chips mainly depended on aligning the 3 points of contact of the holder at the 

beginning, or in between the procedure steps. This problem was more prominent in the first 

setup, mainly due to the third point of contact being the very small ASIC (1 mm2). Visual 

inspection was not sufficient to achieve a total thickness variation in the range of less than 30 

µm. Fig. 6.8 (a) and 6.8 (b) show an example of the profile of an IC measured before and 

after the thinning using the first setup. The profile in this case is between the ASIC and the 

substrate and was recorded using a stylus profilometer (DekTak XT).  

In the second setup we have tackled this problem by using the PTFE mount as the third point 

of contact, which, due to its larger area, made the alignment easier. Fig. 6.8 (c) and 6.8 (d) are 

profile recordings of the ASICs on the PTFE mount before and after the thinning and 

illustrate that a flatter profile can be achieved. 

Nevertheless, even in this case, the measured average gradients, after the chips were de-

bonded, were roughly 10 µm. That is mainly due to the uncertainty that the Crystalbond layer 

adds to the procedure; although the Crystalbond is liquid at high temperatures, its viscosity, 

when used in undiluted form, is higher than one would want for this application. In fact, 

when the material melts and the ASIC is placed on top of it, even if force is applied to push 

 

Figure 6.7. A 1.3 mm2 ASIC, individually thinned down to 80 µm with our setup. 
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the ASIC against the silicon substrate during bonding, the thickness of the adhesive layer can 

vary from one edge of the IC to the other. This can lead to uneven polishing. Similar issues 

have been reported in [7]. We have found that Crystalbond diluted in acetone can provide 

sufficient retention levels for this application, while being much less viscous. Another 

potential solution would be the use of a uniform thickness double-sided adhesive film, but 

preliminary experiments held by the author using the 1.5 mil thick X4 retention level DGL 

film from Gel-Pak, USA, indicated that a higher retention level would be necessary as the 

adhesion of the gel to the substrate was not enough for this application. 

6.3.4 Surface roughness 

Typical measured surface roughness values after treatment with different polishing foils were 

in the order of a hundred nm down to below ten nm, for films of 6, 3 and 1 µm. Using finer 

films even smoother surfaces can be achieved. Fig. 6.9 shows an atomic force microscopy 

 

(a)        (b) 

 

(c)        (d) 

Figure 6.8. Recorded surface profiles; chip on substrate before (a) and after (b) thinning using the 

first setup; and before (c) and after (d) thinning using our custom made setup. 
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(AFM) image of the surface topology of a sample polished with a sequence of 6, 3, 1 and 0.1 

µm lapping films. It reveals a surface roughness of 1.75 nm. 

Although mechanical tests (ball-ring, 3-point and 4-point bending tests) are needed for proper 

characterisation of mechanical stability of the ASICs, it has been extensively reported in the 

literature that there is a strong correlation between the surface topology of an ASIC and its 

mechanical strength, with smoother surfaces presenting greater strength ([1], [2] and [9] – 

[11]). These results indicate that purely mechanical polishing with a small grit size film can 

act as a “stress-relief” step, as very smooth surfaces can be achieved. This suggestion 

eliminates the need for potentially slow and expensive etching processes, and all the 

difficulties that these include in terms of handling and protecting the active area, when 

thinning is done on ASIC level. 

6.3.5 Electrical testing 

To verify that no damage is caused by the procedure, one of our electrode driving ASICs was 

thinned down to 100 µm and was found fully operational in electrical tests. 

  

 

Figure 6.9. AFM image of the surface topology of a 10 µm x 10 µm area of a typical sample, 

polished with a sequence of 6, 3, 1 and 0.1 µm lapping films. (Surface roughness: 1.75 nm). 
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6.4 Summary 

In this chapter, a method for silicon thinning in individual die level has been developed and 

characterised. We have used only mechanical polishing to avoid the need to protect the active 

area of the small devices from chemicals. Commercial equipment was initially employed. 

Attempts with the first setup produced uncontrollable results regarding the final thickness of 

the chips. Hence, we have introduced our own custom made addition to the setup that helps 

controlling the final thickness by allowing only a set amount of the silicon to be removed. 

With this second setup, and for a targeted thickness of 80 μm, we have managed to achieve a 

mean value of 79.8 μm, with a 9.2 μm standard deviation. We have also improved the mean 

total thickness variation across a chip from 30 μm to 10 μm. A very smooth surface can be 

achieved with our method, when small grit size films are used (surface roughness value of 

1.75 nm). Finally, we performed electrical tests on thinned ASICs and found that these were 

fully functional. 

The following publication has resulted from the work described in this chapter: 

1. V. Giagka, N. Saeidi, A. Demosthenous, and N. Donaldson, “Controlled silicon IC 

thinning on individual die level for active implant integration using a purely mechanical 

process,” in Proc. IEEE ECTC 2014, Orlando, FL, USA, May 2014, pp. 2213 - 2219. 
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Chapter 7 

Integration 

The expected lifetime of an implant varies according to the application from several hours, 

when it is intended for acute experiments, to up to decades. When electronics are integrated 

on implantable devices the connections need to provide both good electrical and mechanical 

stability to prevent implant failure throughout its lifetime. Below, we review some of the 

most common assembly techniques used in the microelectronics industry. This will give the 

reader the necessary background to appreciate the challenges associated with each technique 

that led to our selected method for this application. 

7.1 Bare die assembly techniques 

7.1.1 Wire bonding 

Wire bonding is the most popular method used to electrically interface ASICs to standard 

packages via a thin gold or aluminium wire. Aluminium is less expensive, but gold is 

resistant to oxidation and corrosion [1]. Alternatively, copper, silver, and palladium wires 

could be used. The selection of the wire material depends on the substrate materials as well as 

the selected bonding mechanism. Wire bonding can be performed via three mechanisms: 

ultrasonic bonding, thermocompression bonding, or thermosonic bonding. In ultrasonic 

bonding, where aluminium wire is most commonly used, the bonding wedge leads the wire 

onto the pad and firmly clamps it there, while ultrasonic vibration (20 – 60 kHz) is applied 

[1]. The cold bond between the wire and the pad metallisation is formed by the combination 

of pressure and ultrasonic vibration. In thermocompression bonding, the bond pad is heated 

to an elevated temperature (approximately 300 – 400 °C). Gold wire is most common for 

thermocompression bonding. A capillary is used to hold and lead the wire. A ball is formed at 

the end of the wire by heating it with a spark. The first bond is a ‘ball bond’, while the second 

a ‘stitch bond’. A disadvantage of this method is the possible formation of purple plague, a 

gold–aluminium intermetallic compound, which is formed at about 345 °C. It has a 

characteristic purple colour, is brittle and causes unreliable joints [2]. Thermosonic bonding 

is also performed at elevated, but lower, temperatures, in the order of 100 – 150 °C. This is 

enough as bonding is assisted by ultrasonic vibration. Again, a ball at the end of a—usually—

gold wire is used for the formation of the ball bond. Fig. 7.1 (a) and Fig. 7.1 (b) graphically 

illustrate the ultrasonic and thermocompression/thermosonic wire bonding procedures, 

respectively. The long wire loops used in this process though introduce some additional 

resistance, capacitance and inductance to the system, which can spoil the electrical 
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performance, especially in high frequency applications. Nevertheless, wire bonding creates 

reliable bonds and is still extensively used in the field of microelectronics packaging. 

7.1.2 Tape automated bonding 

Tape automated bonding (TAB), is another ASIC assembly technique, where metallised (gold 

deposited on copper) polymer tapes (30 – 75 µm thick) are used to interconnect the die to an 

external package. The ASIC pads are first bumped (gold or tin, copper and solder (Sn/Pb) are 

most commonly used) and thermocompression bonding or thermosonic welding is used to 

form the joints between the ASIC pads and the inner leads (beams) of the polymer tapes. In 

thermocompression gang bonding all connections are formed simultaneously, while in single 

point thermosonic bonding, connections are made in a serial fashion. Similar processes can 

be used for the bonding of the outer leads of the tapes to other substrates [4]. 

7.1.3 Flip chip bonding 

In flip chip bonding or controlled collapse chip connection (C4), dice are flipped with their 

active face down and bonded directly to the substrate. The pads of the chip are initially 

bumped (usually with solder, metallic stud bumps or compliant polymer bumps) and all 

connections are made simultaneously. Thermocompression, thermosonic and reflow 

processes can be used, together with (isotropically or anisotropically) conductive adhesives. 

The latter form a mechanical contact, rather than a metallurgical bond. Usually underfill 

 

    (a)       (b) 

Figure 7.1. Ultrasonic (a) and thermocompression/thermosonic (b) bonding procedures (reproduced 

from [3]). 
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encapsulants are used to reduce mechanical stress on the interconnections and protect them 

from environmental effects [4]. With flip chip bonding the ASIC bond pads can be placed 

anywhere on the surface of the die without the risk of creating shorts, in contrast to wire 

bonding and TAB where pads are mainly placed in the periphery. This results in smaller die 

area for the same number of connections. In addition, the short length of connections 

achieved with flip chip bonding leads to an improved electrical performance (connections 

exhibit lower resistance, capacitance and inductance compared to the two previous methods) 

[4]. Finally, it also offers the advantage of faster and more automated bonding, since all 

connections are made simultaneously. 
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7.2 Electronics on flexible substrates 

The aforementioned methods are the main assembly processes used when ASICs are 

interfaced to standard packages. In a hybrid system though, as the one discussed in this work, 

the integration needs to be performed on a flexible substrate where the mechanics are 

different and high temperatures (like the ones used for thermocompression bonding) could be 

an issue, as they could be above the substrate’s melting point. Most of these processes 

described above have been adjusted for use on flexible substrates while at the same time 

some other processes have been developed. In the discussion below, the most important of 

them are briefly described. The purpose of the following section is to provide an overview of 

the available technologies and their performance, rather than to exhaustively list all reported 

efforts. 

7.2.1 Wire bonding 

Gold wire bonding onto flexible polymeric substrates has been reported in an early work [5]. 

Several substrate materials were considered, namely, polyimides, thermoplastics and PTFE. 

Wire bond pull tests indicated that all the materials were suitable for wire ball bonding. Also, 

temperature cycling and thermal shock tests on wire bonded polyimide substrates, which 

were encapsulated with commercial encapsulants, showed no increase in the resistance.  

Gold wire bonding has also been used to create flex tape ball grid arrays in [6] where a 

flexible copper/polyimide tape, which acts as the interconnect circuit, is laminated on a 

nickel-plated copper heatspreader base. The ASIC is placed inside a cavity formed in the 

package, and it is gold wire bonded to the tape traces. Solder balls on the tape are used to 

further interconnect this package, while the ASIC and wire bonds are protected with 

encapsulation. The final package is stiff and cannot be less than 1.4 mm thick mainly to 

ensure appropriate heat spreading. 

7.2.2 Flip chip bonding 

Flip chip bonding has been extensively used on flexible substrates in several variations. 

Reflow soldering and thermocompression processes have been reported in [7] and [8] where 

thin dice (50 µm) have been flip chip bonded on the (Ni and Au platted) Cu metallisation of 

either polyimide or liquid crystal polymer (LCP) films. Although these processes have shown 

a high degree of reliability after thermal cycling, the challenge to dispense the underfill 

without allowing the material to flow on top of the very thin die, adds to the complexity of 

the procedure. 
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Polymeric adhesives are also very popular for flip chip bonding on flexible substrates as they 

can eliminate the need for underfill. Isotropically conductive adhesives (ICA), anisotropically 

conductive adhesives (ACA) and nonconductive adhesives (NCA) and paste (NCP) have 

been reported ([9], [10], [11], [12], [13]). In these techniques, the adhesive acts as the 

interconnection medium between the bumped chip and the substrate, while at the same time 

protects the contacts and provides mechanical support. 

ACAs contain fine conductive metallic particle fillers, which are trapped between the 

interconnection areas and in the z-direction to form electrical connections. In [9], a series of 

tests (aging, constant humidity, thermal cycling, humidity cycling, shear, vibration and shock 

tests) have been carried out on modules assembled using ACA flip-chip bonding and results 

indicated that under optimum process conditions high reliability joints can be achieved. In 

[10] thinned chips (150 µm) were flip chip bonded onto flexible substrates using ACA films. 

The substrate consisted of metal layers and a laminating adhesive and was 75 µm thick. [12] 

and [13] used NCA and NCP with thermocompression and thermosonic flip chip bonding of 

gold bumps on copper on flexible substrates. It is suggested that ultrasonic power is 

important to remove some of the NCP off the copper surface and create the metallurgical 

bonds, which increase the bonding strength. 

Transfusion flip chip bonding has also been reported on flexible substrates [14]. In 

transfusion bonding ductile Sn-based solid solution joints are produced by liquid phase 

transfusion of chemically or galvanically compound-coated contact areas. This is different to 

conventional soldering processes, which produce joints based on intermetallic formation. 

This intrinsically overcomes a problem appearing in cases where small solder volumes are 

used, which, in conventional soldering, could lead to weak intermetallic formation after 

cooling. Some of the advantages of this technique are that it is flux-free and the fact that it 

can be performed in temperatures (~139 °C) that are well below the melting points of 

conventional Pb-containing solders. This suggests that this process could be well suited for 

integration onto temperature-sensitive flexible substrates. 

7.2.3 Electroplating 

The authors in [15] have developed a procedure to electrically integrate thinned chips into 

polyimide substrates simply by electroplating Au. A cavity is formed into the polyimide 

structure and benzocyclobutene (BCB) is used as an adhesive to attach the die inside the 

cavity. The chip is then coated with another layer of polyimide and laser processing is 

employed to expose the bond pads. Pattern platting is used to electroplate the metallisation (a 
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7-µm-thick Cu layer). This process forms the traces as well as makes the contacts to the 

ASIC pads. A similar procedure has been described in [16]. 

7.2.4 Other approaches 

In [17] conductive paste was used to fill laser micromachined trenches and vias to connect the 

Cu bumped ASIC pads to the conducting lines of a polyimide substrate. 

When thick film rather than thin film is used options could include soldering, which provides 

reliable results although it would probably not be suitable for very fine pitches [19]. 

Parallel-gap welding has also been reported [19]. In this method two parallel electrode 

contacts are pressed together against the metallic pieces to be welded. This is done with a 

defined force. Then, current, generated through capacitive discharge, flows through the 

pieces, generating heat (I2R), which welds the two parts. 

In laser welding the joint is created from thermal melting induced by the laser beam, which 

acts as a concentrated heat source. Either a continuous or a pulsed laser beam could be used 

according to the application. Laser welding can be used to weld dissimilar materials with 

very different thicknesses (ratio 50:1) [20]. 

Another interesting approach is the microflex assembly technique, developed by Beutel et al. 

In this process, also referred to as electrical rivet bonding, conductive tracks are 

thermosonically bonded on a substrate using gold ball studs through via holes, as microrivets. 

All the materials are biocompatible, and no extra expensive equipment is necessary other than 

a wire bonder, which makes this process very appealing. The reported electrical and 

mechanical properties of the bonds are satisfactory and the process is stable and with a high 

yield. For these reasons, this is our selected assembly procedure for this application. Hence, 

the next section dives into a more detailed description of the procedure and describes the 

characterisation tests that have been reported so far. Following these, we present our own set 

of tests that were designed to investigate the maximal force that can be applied before the 

joint failure when bonding on standard ASIC aluminium pads. 
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7.3 Electrical rivet bonding 

7.3.1 Description of the procedure and previously reported 

characterisation tests 

As briefly introduced in the previous paragraph, in electrical rivet bonding, a wire bonder is 

used to interconnect a metal foil to a substrate by a gold ball, acting as a microrivet. The 

microrivet is inserted through a hole on the foil surface and connects the two pieces 

mechanically and electrically. This is very similar to the first step of thermosonic ball-stitch 

wire bonding, where a ball stud is placed on the ASIC pad (Fig. 7.1 (b), step 4). In this case 

though, rather than forming a loop (Fig. 7.1 (b), step 5), the gold wire is cut after the first 

bond. Another ball is automatically formed at the end of the wire, and the device is ready for 

the next ball bond. 

So far, microflex has been used for the assembly of some systems, but it is still very new and 

more studies are needed to fully characterise it. More specifically, in [21], [22], and [23], 

flexible polyimide ribbon structures were interconnected on 500 nm thin Au pads (with 10 

nm Cr adhesion layer) on a silicon wafer. The flexible structures were 13 μm thick in total, 

and they consisted of 300 nm thin Au tracks (again with 10 nm Cr adhesion layer) 

sandwiched between 2 layers of polyimide. In that work the substrate pads were 100 μm x 

100 μm, with 200 μm pitch. The authors used a 25 μm gold wire to bond through 50 μm via 

holes on the flex structures. The gold stud created with their parameters (temperature of 140 

°C, ultrasound power of 2 at 60 kHz, bond time of 2.2 (bonder specified units), bond force of 

50 cN) was slightly larger than the via holes. They subjected their devices to electrical, 

thermal and mechanical tests. More specifically, they performed 4-wire resistance 

measurements before and after temperature cycle, thermal shock, biased temperature and 

humidity, high temperature operational life and induced (horizontal and vertical) vibrations 

tests and their results indicated that the bonds were reliable. In fact, only 2 failures occurred 

out of 336 connections, while no significant increase in the resistance was observed during 

any of the tests. In [24], the same group of authors reported on bonding on even smaller areas 

(95 μm x 37 μm) with finer pitches (98 μm), through 30 μm via holes, using the same 

bonding parameters. They have also reported on bonding onto 1.5 mm thick aluminium 

substrate to emulate standard ASIC pads, and similar tests yielded similar results; no 

significant changes in resistance during temperature cycling, temperature shock and exposure 

to high humidity. A significance increase of resistance though was observed after exposure to 

high temperature of about 300 °C [25]. An interesting variation in the procedure was 

presented in [26], where two Au bumps, one on top of the other were used for the 
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interconnection. A first array of bumps was bonded on the substrate and then the via holes in 

the flexible structure were aligned on top of the bumps. Once ready, a second gold ball was 

bonded on top of the first to join the surfaces. In this case, the gold bump was 60 μm, and it 

reached the substrate through a 50 μm via. At the surface of the via, the hole on the polyimide 

was slightly larger (70 μm) to ensure a larger metallisation area (500 nm Au or Pt) was 

accessible for the interconnection. 

In [19] the microflex technique has been investigated for the interconnection of laser 

patterned 12.5 μm platinum foil tracks, sandwiched between two layers of silicone rubber, 

onto screen printed gold tracks on an alumina substrate. The mechanical strength of the 

interconnections was recorded after pull tests. Results were compared to similar tests using 

parallel-gap welding, laser welding, and soldering. Their results suggested that soldering and 

parallel-gap welding could create quite strong joints (average maximal stress before failure 

1.4 N and 1.1 N, respectively, although, for soldering, only 2 joints out of the 10 were weaker 

than the sample beam used for the pull test). Laser welding was found to be difficult to 

control for parts with different heat capacity. Their microflex related results showed that 0.75 

N was the average maximal stress before the joints failed. In 8 of the 10 cases though, the 

failure occurred due to failure of the sample beam around the hole. 

7.3.2 Bonding on standard aluminium pads 

So far, the maximal force before the joint failure has only been investigated for 

interconnection on gold tracks. However, standard ASICs normally come with aluminium 

pads. Although a gold layer can be electroplated, this requires extra processing. No reported 

results are yet available of pull tests on standard Al pads. Trying to further investigate the 

mechanical limits of this technology, we ran a series of pull tests using different parameters 

to record the maximum force (stress) the interconnection can stand in each case. In these 

tests, we were concerned with the effect of the different design parameters on the bond 

strength, and more specifically the size of the gold ball and the size of the holes on the foil.  

7.3.2.1. Materials and equipment 

Flat stainless steel pull samples were designed with different characteristics. The samples 

were laser cut from a 12.5 μm thin stainless steel foil (Advent Research Materials, Eynsham, 

Oxford, England, UK). The samples were designed to resemble the ones used in [19] to ease 

comparison between results. Fig. 7.2 shows the modified design used for our tests.  
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For the bonds we used a thermosonic wire bonder (4524 Ball Bonder, Kulicke & Soffa). Its 

ultrasonic system operates at 60 kHz. Apart from the temperature, which, for this study was 

always set to 150 °C, there are four more bonder-related configurable parameters; bonding 

power (P), time (T), force (F) and ball size (BS). All these can be controlled by dials ranging 

from 0 to 10, between minimum and maximum settings.  

 Bonding Power (P): This is the amount of ultrasonic energy applied to the bond (the 

ultrasonic vibration amplitude). This machine was operated in the low setting scale 

(according to the device specification this is 1.3 W, however it is not specified 

whether this value refers to the maximum). The ultrasonic power amplitude must be 

sufficient to break the oxide surface and create a clean metallic interface, but not too 

high to avoid rupturing the wire by causing fatigue at the capillary – wire junction 

[2].  

 Bonding Time (T): This is the amount of time that the ultrasonic power and force are 

applied and varies between 10 – 120 ms (again, no more details are available in the 

device documentation, so, we cannot directly relate these to the dial settings). The 

duration of the ultrasonic pulse should not be too long as there is a risk of breaking 

loose a bond that has already been created [2].  

 Bonding Force (F): This is the force applied to the wire while ultrasonic energy is 

being applied and could be in the range of 20 – 120 cN. Enough force should be 

available to ensure good contact between the bonding surfaces. If the force is too 

great the wire is subjected to high stress and deformation. 

Changing the above parameters normally affects the strength of the bond, while it also 

changes the geometry of the ball stud. More specifically, increasing the ultrasonic power 

and force, leads to ball studs that are thinner, flatter and larger in diameter. Smaller studs 

could be insufficient for bonding through larger holes, while for larger studs it could be 

impossible to reach the substrate through smaller holes. 

 

Figure 7.2. Sample design (dimensions are in mm). The diameter of the bonding hole (h) was 

varied for our tests.  
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Our tests were performed using a 30 μm (diameter) gold wire (AW-7, Kulicke & Soffa). Our 

capillary (KS-41488-C210-R24, Kulicke & Soffa) is from toughened alumina, has a 90 ° 

inner cone angle and was selected to accommodate smaller ball sizes. It produces bonds with 

a 74 – 102 µm diameter. 

7.3.2.2 Methods 

As our ultimate goal is the integration of thin ASICs on an active implant, we first 

investigated whether we could safely use any combination of parameters for bonding on thin 

silicon substrates. We therefore ran a maximum settings test, where we maximised the power, 

time and force and created bonds on the pads of thin dice. 

Next, since we aimed to estimate the effect of the track geometry on the reliability of the 

joints, we ran a power-time-force optimisation test to fix the set of wire bonder parameters 

used for bonding our samples on the substrate. This was necessary to select reasonable 

settings for the hole sizes that we wanted to test. We set the BS setting at 3.5 and excluded 

very large P, T and F settings as they would result in quite large bond diameters. We 

arbitrarily selected two different values for each of the 3 (P, T, and F) configurable 

parameters, 4.5 and 2, and tested all the 8 combinations. We tested 3 bonds for each triplet 

(P-T-F) and repeated all the tests for each of the 5 selected hole sizes (37 µm, 46.5 µm, 60 

µm, 75 µm and 82 µm), in total 120 bonds. All bonds were performed on an Al-on-glass 

substrate with the stainless steel samples described previously, and the evaluation of the 

results was based on optical observation under the microscope. 

 

Figure 7.3. Device used for the pull tests. 
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In the next step, we measured the strength of the bond that we could achieve with different 

combinations of ball and hole sizes. For this test, we bonded the sample of Fig. 7.2 onto 

standard Al pads of processed ASICs and recorded the maximum force required to break the 

bond using the device of Fig. 7.3. A small metal hook was inserted through the 0.7 mm hole 

on the sample. The sample was then pulled vertically away from the substrate and the 

maximum force applied before the joint failed was recorded on the gauge. We evaluated a 

total of 112 double gold bonds (vertically aligned one on top of the other) with combinations 

of 5 different hole size and 5 different ball size settings, and then 20 single bonds, using the 

best 2 setting pairs, for comparison. 

7.3.2.3 Results and discussion 

Maximum settings test 

Our results indicated that when the ASICs are securely clamped during the procedure any of 

the settings can be increased without any risk of fracturing the die. Thus, the rest of the tests 

were conducted on ASICs with standard thickness (~500 μm). 

Power – Time – Force settings test 

Results indicated that low power settings were not sufficient to produce reliable bonds and 

that lower time settings are preferable. We noticed that for the 37 µm hole none of the 

settings would result to a successful bond, as the ball stud seems to be too big for this hole 

size. Bonding through the 46.5 µm and 60 µm vias was only possible with the larger power 

setting, while 75 µm and 82 µm vias were always possible to bond through, although the 

latter were a bit too large for the ball stud diameter and would result into very weak bonds. 

Based on these results, we set the P-T-F settings to 4.5, 2 and 4.5 respectively for the next 

test. 

Double bond ball – hole size test 

Table 7.1 shows the measured results of the average maximum stress for each combination. 

These pull tests were run on double (vertically aligned) gold bonds: initially, a gold stud is 

bonded on the ASIC pad. Then, the hole of the sample is aligned on top of the 1st stud and a 

2nd gold stud is formed on top, which fixes the sample in place [see Fig. 7.4 (a)]. We have 

recorded average values as low as 9.6 cN, and, as high as 60 cN, for different parameter 

combinations. The grey areas indicate that no reliable bonds were possible (the ball stud was 

either too large or too small for the hole size), thus we did not run pull tests for these 

combinations. 

Results are also graphically illustrated in Fig. 7.5 as a bar chart to highlight the trend. The 

green line represents the mean bond strength from all bonds for each hole size. As expected, 
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larger holes, provide larger contact areas with the substrate and generally result in stronger 

bonds. The effect of the size of the ball stud is not negligible, and needs to be optimised for 

the hole size to produce reliable bonds. 

Overall, the above results indicate that finding the right combination of ball and hole sizes, 

could lead to strong bonds even with smaller holes. That means that miniaturisation of the 

interconnections size is possible, without necessarily compromising the bond strength. 

 

        (a)                                   (b) 

Figure 7.4. Side view of gold bonds (yellow) [double in (a) and single bond in (b)] connecting a 

metal track (black) onto an aluminium pad (grey). 

Table 7.1 Average maximum force recorded at joint failure for different BS and h combinations. 

 

  Hole diameter h (measured) (µm) 

 
  37 46.5 60 75 82 average 

Ball size  
(BS 
setting) 

2 9.6 11.5       10.6 

2.8 13.8 15.3 33.6 18.6 11.3 18.5 

3.5   25.2 28.7 26.4 43 30.8 

4.2   24.2 28.2 59.7 52.2 41.1 

5.5   15.2 16 33.9 40 26.3 

average 11.7 18.28 26.6 34.7 36.6 
  

 

Figure 7.5. Average maximum force recorded at joint failure for different BS and h combinations. 

The green line represents the mean bond strength from all bonds for each hole size. 
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Two different failure mechanisms were identified when bonding was not possible, relating to 

the grey areas of Table 7.1; too small studs cause the sample to lift off the substrate, around 

the ball stud, while the stud stays on the ASIC pad; too large studs would not go through the 

hole to bond to the substrate. In this case the gold stud stays mainly attached on the sample 

around the hole, fills the hole, but would not go through it to create connection to the 

substrate. 

For already bonded samples, the pull tests indicated that the main failure mechanism was that 

the top stud was separated from the bottom, while the bottom stud was still firmly attached to 

the aluminium substrate (Fig. 7.6). The issue of samples ripping before the bond failed, as 

reported in [19] was never observed here with our stainless steel samples. 

The above observation is despite the fact that a gold-gold bond should be stronger than an 

aluminium-gold bond. In addition, comparing the recorded values with those reported in [19] 

(for a single gold ball on a gold substrate) the maximum force was slightly lower in our tests. 

We hypothesise that this is most likely due to (a) the smaller contact area between the two 

gold surfaces, which, in our tests, is limited by the hole size, and (b) the fact that in [19] each 

sample was connected via 3 holes. 

Single bond ball – hole size test 

Based on the observation of the failure mechanism of bonded samples after the pull tests, 

which showed that the two vertically aligned gold balls were separated from each other, we 

ran another set of tests using only a single gold stud to compare the recorded bonding 

strength. In this case, the sample is aligned on top of the ASIC pad, and a single bond alone is 

used to fix it in place [see Fig. 7.4 (b)]. For this test we selected the two combinations that 

 

Figure 7.6. ASIC pads after the pull tests. The bottom gold stud remains firmly attached on the pad 

surface, while the top stud has been separated from it during pulling of the sample. 
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had led to the strongest bonds in the previous test (BS: 4.2, h: 75 and 82 μm) and tested 10 

bonds for each. All the other parameters were kept unchanged. 

With the 82 μm hole only 5 out of the 10 bonds were strong enough to run pull tests on, and 

the average recorded bond strength was 38.8 cN. For the remaining bonds the hole was larger 

than the ball stud. Hence, as expected, in all (but one) cases of successfully bonded samples 

the sample lifted off the substrate around the ball stud, while the stud stayed on the ASIC pad 

(Fig. 7.7). This is different from the situation presented in Fig. 7.6 where the two gold studs 

were separated, the first stud staying attached to the ASIC pad, while the second one was still 

attached to the sample. 

In contrast, for the 75 μm hole, we were able to test 9 out of 10 bonds and recorded an 

average bond strength of 52.1 cN. Here, the bonds were stronger and the failure mechanism 

was different: the gold stud was separated from the Al pad after pulling (Fig. 7.8). 

It should be noted though that in the above analysis, the strength of the bond could have been 

affected by two parameters: the size of the Al pads, and the potential misalignment of the 

bonds. 

 

(a)      (b) 

 

(c) 

Figure 7.7. Bonded sample with a single bond (a), ASIC pad with gold stud after pull test (b), 

sample hole h after pull test (c). In (c) there is no gold ball is still attached on the sample, while the 

sample is still intact. 



 

205 

 

The size of the Al pads that was used in these tests was comparable to the size of the gold 

stud [see Fig. 7.7 (b)]. That was to investigate the bond strength in cases where the 

integration density is an issue. That could have, in some of the cases, limited the area of 

aluminium-to-gold contact. When more space is available and larger ball sizes are used, this 

contact area could be larger, potentially leading to stronger bonds. 

Furthermore, any misalignment of the gold bonds relative to the sample holes [as was the 

case in Fig. 7.8 (b)] could have led to slightly weaker bonds. 

The above indicate that, as was also pointed out in [19], this technology is actually stronger 

than these results suggest, but optimisation of the process parameters is required to achieve 

the best results with regards to the bonding strength. 

 

(a)           (b) 

Figure 7.8. ASIC pad after pull tests where the gold stud has been lifted from the substrate (a), and it 

is still attached on the sample (b). 
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7.4 Summary  

This chapter began with an introduction on the main bonding processes used in the 

microelectronics industry, followed by an overview of the main reported assembly techniques 

on flexible substrates. The rest of the chapter presented our study, in which we investigated 

the reliability of the interconnections of metal tracks on standard Al ASIC pads via electrical 

rivet bonding. We have run pull tests on samples connected using one or two gold bonds, 

using different ball and hole size combinations and we have identified different failure 

mechanisms. Average bonding strength values between 9.6 cN and 60 cN have been recorded 

for the different combinations. The strongest bonds were created through a 75 µm hole using 

a 4.2 ball size setting. Our results indicated that optimising the process can lead to stronger 

bonds through smaller holes, thus leading to a larger integration density. Finally, the process 

is suitable for bonding on thin chips as long as they are properly supported during bonding. 

The following publication has resulted from the work described in this chapter: 

1. V. Giagka, A. Vanhoestenberghe, N. Donaldson, and A. Demosthenous, “Evaluation and 

optimisation of the mechanical strength of bonds between metal foil and aluminium pads on 

thin ASICs using gold ball studs as micro-rivets,” in Proc. ESTC 2014, Helsinki, Finland, 

Sept. 2014. 
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Chapter 8 

Active electrode arrays 

In vivo testing of the passive electrode arrays (chapter 4) revealed the need to reduce the 

number of connections. In chapter 5 we have presented the design and electrical testing of the 

electrode driving ASICs that were developed to communicate via 3 wires. Chapter 6 dealt 

with the thinning process which is necessary for RDM2 (see Fig. 4.35), and chapter 7 

evaluated the mechanical properties of the selected assembly process.  

Bringing all these together, this chapter describes the fabrication and evaluation of the new 

active arrays. It elaborates on the selection of the materials, the new design and the modified 

fabrication method. In the last section of the chapter, we describe the electrical and 

mechanical evaluation of the prototypes and discuss the results. Finally, another prototype of 

the RDM1 version, fabricated by IMM using gold tracks and polyimide, was subjected to the 

same tests and results are presented here for comparison. 

8.1 Materials 

In our previous attempt, annealed platinum foil was used to form the conductive tracks, 

electrodes and pads of the array. The softened metal was torn in less than two weeks during 

in vivo tests. Seeking an alternative, possible candidates include stainless steel and platinum 

iridium (platinum is often alloyed with iridium, which is a much harder metal, to increase the 

mechanical strength). Both metals have been previously used for implants, they exhibit good 

mechanical properties in comparison to pure platinum, and are known to be well tolerated by 

the tissue [1]. Stainless steel is both strong and flexible, and, at the same time, cheap and easy 

to handle. However its reversible CSC is limited to about 40 – 50 µC/cm2. Platinum-iridium 

is also stronger than platinum, and exhibits a large CSC (alloys of platinum with 10 – 30% 

iridium have similar CSC to pure platinum [2]). It is, nevertheless, more expensive. For this 

version we have selected to evaluate both stainless steel (12.5 μm, Advent Research 

Materials, Eynsham, Oxford, England, UK) and hard platinum iridium (Pt80/Ir20, 12.5 μm, 

Goodfellow Cambridge Ltd, Huntington, UK) foil.  

MED4-4220 silicone rubber was again used for insulation (see chapter 4). 

The ASICs for RDM1 were used as received from the foundry (approximately 1 mm thick). 

For RDM2, all chips were laser cut to have round – instead of rectangular, sharp – corners to 

prevent tearing the silicone rubber. They were then processed – using the method discussed 

in chapter 6 – to a 100 µm final thickness. 
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8.2 Active electrode array design 

According to what has been discussed in section 4.7, we have evaluated both proposed 

implant layouts of Fig. 4.35. For RDM1, we developed electrode arrays using stainless steel 

foil. For RDM2, we chose platinum-iridium foil. Details of both designs are presented below. 

The extra rubber tab (section 4.3.3), still present in this version, is not shown here. 

8.2.1 RDM1 

Fig. 8.1 shows the design of the first version of the active implant (RDM1). The connector 

area is now at the caudal part, reflecting changes to the implantation procedure introduced by 

EPFL. In this design, the width of the main array body has been kept roughly the same with 

the passive version, but the size of the connector has been significantly reduced. This is a 12-

electrode array and the 4 pads at the connector area are used to connect the 3 inputs needed 

for the operation of the ASIC and the return subcutaneous electrode (used during monopolar 

stimulation) which is also controlled by the chip. The chip is located close to the pads and it 

will be placed inside the area protected by the orthosis. 

8.2.2 RDM2 

Fig. 8.2 shows the design of the second version of the active implant (RDM2). This layout 

features four long tracks of increased width (approximately 200 μm each) for greater 

strength. Simultaneously, this comes with a greatly reduced width of the ribbon of cables to 

less than 1 mm, to comply with previous observations. 

 

Figure 8.1. Active electrode array design – RDM1 version. Black lines indicate the metal, grey 

lines the overall shape of the array. The blue rectangle corresponds to the ASICs and red lines 

indicate the openings on the silicone rubber. 

 

Figure 8.2. Active electrode array design – RDM2 version. Black lines indicate the metal, grey 

lines the overall shape of the array. The blue rectangle corresponds to the ASICs and red lines 

indicate the openings on the silicone rubber. 
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8.3 Fabrication and microassembly 

The active devices are more complex compared to the passive ones and their fabrication is 

more challenging. Hence, several steps of the procedure presented in chapter 4 had to be 

adapted to meet the requirements of the new designs. Since the fabrication of RDM2 is more 

demanding, we describe the steps based on this version. The process is similar for RDM1.  

The proposed fabrication method of the active array comprises three main processes: (I) 

fabrication of the passive part of the device, (II) integration of the ASICs, and (III) final 

encapsulation. In turn, each process comprises several different steps. Below, we first review 

the basic flow of the procedure and then explain the details of the distinct processes. Some 

steps are further elaborated in the last part of this section. 

8.3.1 Fabrication summary 

The flow of the basic processes is summarised below: 

I. Fabrication of the passive part of the device (top-layer-first approach):   

 Formation and shaping of the top silicone rubber layer. 

 Lamination of metal and shaping of the conductive lines, pads and 

electrodes. 

 Formation and shaping of the bottom silicone rubber layer. 

II. Integration of the ASICs onto the passive array: 

 Bumping of the thin dice. 

 Alignment and assembly onto the passive array. 

III. Final encapsulation: 

 Bottom layer. 

 Top layer. 

8.3.2 Fabrication flow 

Fig. 8.3 graphically illustrates the three processes of the complete fabrication flow, and their 

discrete steps, which are discussed below.  

8.3.2.1 Fabrication of the passive part of the device 

The fabrication steps of the main passive body of the device [Fig. 8.3 (I)] were explained in 

detail in chapter 4, and are summarised here for completeness, together with the 

modifications that were later introduced. 



 

214 

 

In Fig. 8.3 (Ia), a layer of PSS (orange) is deposited on a glass slide (light grey). The glass 

slide serves as the mechanical carrier throughout this part of the flow, while the PSS is a 

sacrificial layer, allowing us to release the device when we need to, without damaging it. A 

 

Figure 8.3. Schematic representation of the complete fabrication flow: fabrication of the passive 

part of the device (I), ASICs integration (II), and final encapsulation of the device (III). 
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layer of silicone rubber is first deposited where the openings for the electrodes, pads and 

holes for the chips are formed [Fig. 8.3 (Ib)]. This is done by cutting the perimeter of these 

openings with the laser, rather than completely hatching (removing) the rubber at this point. 

The fact that cured rubber will be present during the formation of the second rubber layer 

helps to prevent the uncured rubber from flowing into the holes. The unwanted rubber can be 

removed by hand after the assembly of the device has been completed to expose the 

electrodes and pads. 

In [Fig. 8.3 (Ic)] the metal foil (dark grey) is next carefully laminated on the silicone surface 

using a paddle roller. The laser forms the electrodes, tracks and contact pads according to the 

specific design. The metal cutting is performed in two stages. First, the tracks close to the 

chip are shaped. The excess metal is removed by hand and Kapton tape (yellow) is attached 

on the already cut metal surface. This is necessary to hold the tracks in place during further 

handling. Next, the rest of the metal is shaped and any excess metal is again removed by 

hand. 

The second layer of silicone is then spun initially uniformly along the surface of the device, 

but post processed to keep the top surface of the Kapton tape free [Fig. 8.3 (Id)]. The removal 

of the unwanted silicone is done by hand while it is still uncured using a surgical blade. 

During this step, the narrow gaps between the metal tracks should be filled with silicone to 

ensure complete electrical isolation from each other. Air could be present in the form a 

bubble in the silicone and this will be a potential weak point for the final implant. Thus, after 

 

Figure 8.4. After the metal tracks have been shaped and sandwiched between the two silicone 

layers, open ‘windows’ remain in the silicone where the ASICs will be placed. The part of the 

tracks that run above the ASICs is accessible from both sides at this stage to allow the bonding 

process to take place. 
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mixing, the silicone is inserted for a couple of minutes in the vacuum centrifuge (spun at 500 

rpm at 60 mbar pressure) to remove any trapped air. 

After the second layer has been successfully formed, the device is released from the substrate 

and the silicone that was present where the ASICs are to be placed is removed [Fig. 8.3 (Ie)]. 

At this stage, both sides of the metal tracks close to the ASICs are accessible for bonding 

(Fig. 8.4). 

8.3.2.2 Integration of the ASICs onto the passive array 

The integration of the ASICs on the rest of the device [Fig. 8.3 (II)] presents the following 

challenges: the ASICs need to be positioned in specific places, so that they are well aligned to 

the rest of the device, and they need to stay fixed there securely during bonding, but easily 

released after that to avoid damaging the (yet unprotected) bonds. 

 

         (a) 

 

         (b) 

Figure 8.5. Alignment stage used during the integration process; stage clamped on the wire bonder 

(a), and detailed view of the stencil fixed on the base of the stage (b). The three RDM2 ASICs and 

the extra alignment marks are visible. 
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To deal with the alignment issue, a dedicated stage has been designed [Fig. 8.3 (IIa) black 

structure, and Fig. 8.5]. The structure comprises a base and a top stencil. The base is made 

from aluminium and can be clamped on the wire bonder where it can be heated up to the 

desired temperature. The stencil is made from stainless steel foil (80 μm thick) and contains 

holes for the ASICs (slightly larger than them). In addition, extra alignment marks and 

threaded holes have been included, to ease the optical alignment of the different parts and 

ensure stable fixation, respectively. 

During the bonding process, the ASICs are securely attached (a more detailed discussion on 

this is presented later) on the alignment stage [Fig. 8.3 (IIb)] and gold studs are formed on the 

pads [Fig. 8.3 (IIc) and Fig. 8.6]. 

Next, the array is aligned on top of the ASICs so that the holes on the metal tracks are placed 

directly on top of the first gold stud [Fig. 8.3 II(d)], and a second gold stud is formed through 

the hole [Fig. 8.3 II(e)], acting as a microrivet (as in chapter 7) which connects the two parts 

electrically and mechanically (Fig. 8.7). The array is then released from the stencil [Fig. 8.3 

(IIf)]. 

At this point, the 3 ASICs are bonded on the passive device but both their top and bottom 

surfaces are exposed. Fig. 8.8 shows the main body of the active device once the 3 ASICs 

have been integrated on it.  

 

Figure 8.6. Gold studs have been formed on the surface of the ASIC pads. This figure also 

illustrates the rounded – rather than rectangular, sharp – corners of the die formed by laser cutting 

to avoid tearing the insulation during chronic implantation. 
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8.3.2.3 Final encapsulation 

To complete the fabrication process the ASICs need to be encapsulated in silicone rubber. 

The encapsulation ensures that the conductive parts are isolated and are not in contact with 

the tissue, and it also provides mechanical support to the bonds, resulting in a more reliable 

device. 

 

Figure 8.7. ASIC bonded on the array. Connecting metal tracks and electrodes are visible here. 

Two of the ASIC pads, although bumped, do not need to be contacted in this case. 

 

Figure 8.8. Detailed view of the main body of the active array once 3 ASICs have been bonded on 

it. The metal surrounding the structure, contains alignment marks (holes) and it is removed once 

the fabrication has been completed.  
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Bottom encapsulation 

To keep the thickness of the device within the desired limits and to ensure no air bubbles are 

formed during the encapsulation stage – this would compromise the lifetime of the implant – 

we have designed a mould to be used specifically in this part of the process [Fig. 8.3 (IIIa) 

(blue), and Fig. 8.9]. This contains 3 pockets for the ASICs which are filled with uncured but 

vacuum centrifuged silicone before the active structure is placed on top (with the backside of 

the chips inside the pockets). It is made of Teflon, so that the silicone can be easily removed 

from it after curing. Three metal stripes are used to fix the device in place through the 

threaded holes. After curing, the array is very easily removed from the mould without 

pulling. 

Top encapsulation 

In the final step, the electrodes are covered with Kapton tape for protection, and some extra 

silicone is deposited using a fine nozzle to cover the top surface of the chips and the spun to 

get uniformly distributed. Curing it under pressure prevents bubbles from forming during the 

cure. 

8.3.3 Further fabrication related details 

The previous two sections presented a summary and a more detailed explanation of the 

complete fabrication flow. To keep these sections clear, we have omitted some fabrication 

related details. The aim of the current section is to elaborate more on these processing steps 

and discuss several details that have not been dealt with previously.  

8.3.3.1 Silicone rubber processing 

Throughout the process, mixing, spinning and curing of the silicone rubber is done as 

described in chapter 4, section 4.2.3.3, while for the preparation of the carrier, the steps 

described in section 4.2.3.1 are followed.  

Shaping of the silicone rubber is performed using our laser and the parameters of Table 8.1. 

 

Figure 8.9. Encapsulation mould. 
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8.3.3.2 Metal foil processing 

Shaping of the metal foil is performed using our laser and the parameters of Table 8.2. 

8.3.3.3 Alignment 

We adapted the process to take advantage of a new alignment setup that had been introduced 

for the laser in our clean room. This is based on optical alignment and it is capable of greater 

accuracy (approximately down to 5 – 10 μm) compared to our previous setup. Two cameras 

are placed in the laser chamber pointing at different sites. The cameras are connected to a PC 

and two alignment marks (crosses) are cut by the laser on an aluminium stripe laminated 

along the length of one of the carrier’s edges. The carrier is then moved using a 

micromanipulator stage so that each cross is visible through one camera, and fixed in place. 

The position and orientation of the crosses are marked using the software that controls the 

cameras. These on-screen marks are used to guide the placement of the carrier at the exact 

same position after different processing steps throughout the procedure. 

8.3.3.4 Integration 

Die attachment 

The bonding of the ASICs requires that the dice are very well attached on the substrate during 

the procedure [Fig. 8.3 (IIb)]. This, although it might be straightforward for larger devices, is 

a very challenging task for small dice. Clamping is not an option and the retention level that 

Table 8.2. Laser parameters for cutting 12.5µm-thick stainless steel and PtIr foil. 

  Stainless Steel PtIr 

  

 

1st passage 2nd passage 

Power 40% 40% 40% 

Shot Frequency 4000 Hz 4000 Hz 4000 Hz 

Scan Speed 2.1 mm/sec 2.1 mm/sec 7.5 mm/sec 

Passes 1 1 1 

Filling Type no filling no filling no filling 

Filling Angle - - - 

Filling Spacing - - - 

 

Table 8.1. Laser parameters for shaping the silicone rubber. 

  Silicone 

Power 49% 

Shot Frequency 4400 Hz 

Scan Speed 60 mm/sec 

Passes 380 

Filling Type no filling 

Filling Angle - 

Filling Spacing - 
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one could achieve using vacuum proved to be insufficient for this application due to the 

limited surface area. Furthermore, since the ASICs are already very thin, hence, more fragile 

than usual, they need to be supported very well to avoid being cracked by the force applied 

during bonding. In our search for a suitable adhesive, we excluded films and tapes that would 

support the dice only from underneath. We have also excluded ultraviolet (UV) curable 

materials, as this would require special handling and significantly complicate the whole 

process. We were looking for a material that would satisfy all the following requirements: 

provide a strong bond, stable throughout our processing at elevated temperatures required for 

the bonding (up to 150 °C), would not cause damage to the chip, and would be easily – and 

completely – removable, leaving a clean surface, ready to be encapsulated.  

Most of the readily available reworkable adhesives have a softening point below 150 °C. This 

compromises their strength at high temperature and often results in die damage during 

bonding. After several attempts with different materials we found that the hotmelt 

thermoplastic adhesive Techbond 7718 (Power Adhesives, Power Adhesives Ltd., 1 Lords 

Way, Basildon, Essex, SS13 1TN, UK), is readily soluble to IPA and acetone and, would 

provide the necessary retention level if we lowered the bonding temperature to 120 °C (rather 

than 150 °C, which was tested in the previous chapter). Although, according to the product 

datasheet the softening point is specified to be 160 °C, in reality, the softening process has 

already started from about 130 °C. 

Bonding parameters 

The parameters used for bonding are mentioned in Table 8.3. 

8.3.3.5 Connection to the hub 

For the connection of the array to the hub, stainless steel Cooner wires are soldered on the 

pads, as in chapter 4, and this area is covered with some extra silicone, which can be done 

during the top encapsulation step. 

Table 8.3. Bonding parameters. 

Parameter Value 

Ball size (bsu*) 4.2 

Hole size (µm) 75 µm 

Gold thread diameter (µm) 30 µm 

Temperature (°C) 120 °C 

Power (bsu*) 4.5 

Time (bsu*) 3 

Force (bsu*) 4.5       
     

             *bsu: bonder specified units. 
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8.4 Complete active prototypes 

As previously mentioned, we initially considered both stainless steel and platinum-iridium for 

the fabrication of the active implants. Both metals were selected because of their increased 

mechanical strength compared to pure platinum. We have tested our process of section 8.3 

and successfully fabricated complete prototypes using both alloys (indicative pictures are 

presented below). However, the small electrode size, together with the desired current 

amplitudes dictate that stainless steel is not suitable for this application due to its small CSC. 

A quick two-day evaluation validated this hypothesis, revealing complete dissolution of the 

metal after pulsatile stimulation (500 µA, 200 µs) (this is further discussed in section 8.6.2). 

For this reason, we soon abandoned this material. Hence, electrical characterisation and 

mechanical evaluation tests were only performed on the platinum-iridium arrays. 

In addition, as a continuation of the work on the passive electrode arrays of section 4.6.2, our 

collaborators from IMM have developed their RDM1 version of the active implant by 

integrating our ASICs on their electrode array, and this is illustrated in section 8.4.3. The 

polyimide-gold arrays were subjected to the same electrical and mechanical tests as the 

silicone-based platinum-iridium arrays and results are discussed later on for both. 

8.4.1 Silicone-based RDM1 

A fabricated RDM1 prototype based on the design of Fig. 8.1 is illustrated in Fig. 8.10. The 

 

(a) 

 

(b) 

Figure 8.10. Prototype of fabricated silicone-based stainless steel active electrode array (RDM1 

version); overview (a) and details of the ASIC area (b). 
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metal here is stainless steel foil, and in the current picture the extra piece of metal which is 

used for the alignment on our setup is visible next to the ASIC. This is not part of the final 

array and is cut after the fabrication is complete. Similar prototypes were fabricated with 

platinum-iridium foil. 

8.4.2 Silicone-based RDM2 

Fig. 8.11 illustrates a fabricated RDM2 prototype, based on the design of Fig. 8.2. In this case 

the array was made using platinum-iridium, and the wires used to interface with the hub are 

also shown. 

8.4.3 Polyimide-based RMD1 (by IMM) 

For this prototype (Fig. 8.12), IMM has produced their own design taking into account the 

strong points and limitations of their technology. Although the details of the bonding process 

have not been disclosed, the gold conductive lines are used for interfacing to the ASIC pads. 

These lines are also used to solder fine wires for the communication with the hub. A small 

connector is also included to move the stress concentration away from the fragile gold tracks 

and the whole area is reinforced by a thick layer of silicone rubber. 

 

 

Figure 8.11. Prototype of fabricated silicone-based platinum-iridium active electrode array (RDM2 

version). 
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(a) 

 

(b) 

Figure 8.12. Prototype of fabricated polyimide-based gold active electrode array (RDM1 

version); overview (a) and details of the ASIC area (b). 
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8.5 Electrical evaluation 

To characterise the electrical behaviour and properties of the new arrays in terms of the 

impedance and the response to the applied stimulus waveform we need to gain access to the 

individual electrode sites. This is not possible once the active array has been fabricated, since 

the chips controlling the electrodes are now fully encapsulated. Nevertheless, we were able to 

test a passive version of the array fabricated with the new material (for this purpose a 

platinum-iridium passive array with the same electrode size and arrangement was produced, 

based on the design of Fig. 4.13). This is interfaced via stainless steel wires to our PCB where 

our chip is mounted (as in section 5.5.4), and through which we gain access to the desired 

sites. Of course, small deviations from the measurements are expected for the active implant, 

but they should not be too significant. 

Fig. 8.13 shows (monopolar and bipolar) impedance spectroscopy traces in unbuffered saline. 

The exposed 1 cm tip of a stainless steel wire was used as the return electrode for the 

monopolar measurements. Results from the polyimide-gold array of Fig. 4.32 using the same 

setup, which were previously presented in section 5.5.4, have also been included in these 

figures for comparison. Measured standard deviations from all platinum-iridium electrodes 

(at 1 kHz) is 0.4 and 0.6 kΩ for the monopolar and the bipolar case, respectively.  

 

Figure 8.13. Typical impedance magnitude and phase traces for monopolar (blue) and bipolar (red) 

configurations. Darker traces correspond to the polyimide-gold arrays, while brighter traces to the 

new PtIr arrays. 
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Fig. 8.14 shows the recorded voltage (a) and current (b) waveforms during 1 mA biphasic 

pulsatile stimulation for electrodes on both arrays when used in monopolar configuration. 

Again, the darker (top) waveforms were recorded using the polyimide-gold arrays and are 

repeated from Fig. 5.20, while the lighter (bottom) waveforms using the silicone-PtIr arrays. 

The 1 mA test current exceeds the maximum specified for this application (500 µA) but was 

 

(a) 

 

(b) 

Figure 8.14 Recorded voltage (a) and current (b) waveforms between the anode and the cathode of 

the system when 1 mA is delivered to the load. For this test, one electrode on the array was used as 

the cathode in a monopolar configuration. Top waveforms were recorded using the polyimide-gold 

arrays, while bottom waveforms using the silicone-PtIr arrays. 
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selected to investigate the limits of the active implants (the embedded electronics were 

developed to accurately deliver currents up to 1 mA).  

Regarding the safety of the stimulation with our platinum-iridium electrodes, the potential 

difference ΔVp of the bottom trace in Fig. 8.14 (a) is about 2.3 V. When a platinum-iridium 

electrode is immersed in an electrolyte containing chloride, the maximum voltage swing 

before oxygen and hydrogen evolution about 2.15 V [3], which suggests that currents as high 

as 1 mA are slightly too high for safe stimulation with this system. However, this voltage 

swing is usually extracted from CV studies at low current densities, and, Donaldson and 

Donaldson in [4] have reported that, in practice, if the safety of the stimulation is based on 

bubble formation (which is the indication of electrolysis), these limits can be extended in 

both directions, implying that this voltage swing is actually larger. In any case, the above 

analysis suggests that this array is capable of safely delivering the maximum charge (500 µA, 

200 µs) to the tissue.  

The shape of the waveform suggests that the capacitive element of the platinum-iridium 

electrodes is not as strong as in the case of gold electrodes, and this is also supported by the 

impedance phase graph, which in lower frequencies is closer to -55°, compared to the -80° we 

observe for gold (a pure capacitor would be at -90°). Finally, despite the fact that the 

platinum-iridium electrodes exhibit a significantly lower impedance magnitude in frequencies 

of up to about 25 kHz, this is not the case for higher frequencies. That indicates that the 

expected resistive contribution of the electrolyte will be higher for the platinum-iridium 

electrodes, and this is what we observe in Fig. 8.14(a) (value Va). 
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8.6 Mechanical evaluation 

8.6.1 Setup 

The movements of the rat during her day are complex and the spinal cord can be subjected to 

bending, some stretching, possibly torsion, and several combinations of the above. A testing 

device that would accurately mimic these movements would require means and tools that we 

do not have access to and are out of the scope of this project.  

However, seeking a quick but relatively realistic way to mechanically evaluate our devices 

before proceeding to in vivo tests we have designed a simple setup that would mimic—as 

accurately as possible—the worst case one-direction deformation that the implant would be 

chronically subjected to in the real situation. Observing how rats move in a cage, we have 

come to the conclusion that the most extreme deformation would come from either flexion or 

extension. This is supported by both in vitro and in vivo measurements of the maximum 

angular displacement of the lumbar spine in [5]. 

We have therefore designed a setup (Fig. 8.15) that induces controlled bending of the device 

during electrical stimulation in normal saline at body temperature. 

In this setup, two half rods made of Teflon (Fig. 8.16) are used to set the bending radius to 25 

mm. The electrode array is first attached on a 3 mm diameter silicone rod, and is surrounded 

 

Figure 8.15. Bending test setup. 
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by cotton, which allows the saline to reach the electrodes. A cotton thread is wrapped around 

the array to fix it in place. The whole silicone rod-array-cotton structure is placed inside a 

larger silicone tube (of 6 mm inner diameter). The silicone tube is trapped between the 2 

Teflon rods. A motor is used to move the silicone tube up and down by 4 mm (total vertical 

movement), thus inducing controlled bending of the array around the rods. The whole 

structure is immersed in normal saline and current is delivered to all electrodes, in pairs, 

sequentially. The temperature of the saline solution is kept at around 36 ˚C to emulate the 

body temperature. 

To track the progress of the testing, and to send the stimulus pulses, the hub and the GUI 

discussed in chapter 5 have been redesigned to include a testing mode (already included in 

Fig. 5.14). In parallel, the microcontroller has been reprogrammed to account for these 

changes. 

The testing mode includes the following features: a predefined sequence of electrodes is set, 

where the user can select which electrode will be used as the anode. Then, all the rest of the 

electrodes are used as the cathode, in a sequential manner. That means that 12 patterns are 

sequentially sent. The amplitude of the current and the rest of the stimulus pulse 

characteristics can be selected by the user, but are common for all patterns. A sense resistor 

of 200 Ohms was inserted between the current source and the output of the hub. The voltage 

 

Figure 8.16. During our bending tests the electrode array is placed inside a silicone tube which, in 

turn, is trapped between 2 half Teflon rods. A motor is used to move the silicone tube up and down, 

thus inducing controlled bending of the array around the rods. The whole structure is immersed in 

normal saline and current is constantly delivered to all electrodes, sequentially. The temperature of 

the saline solution is kept at around 36 ˚C to emulate the body temperature. 
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difference between the resistor terminals is amplified by an instrumentation amplifier, 

chopped to 3 V by a light emitting diode (LED) and fed into a comparator on the 

microcontroller. It is then compared with a 2.5 V reference voltage generated on the 

microcontroller and the comparator output is checked during the stimulus pulse to detect 

whether there is current flowing. In cases when no current flow is detected though an 

electrode pair for more than 10 cycles, then a failure is recoded and no current is sent again to 

this electrode pair. The progress of the testing is constantly monitored by the microcontroller 

and can be communicated back to the user when they request it through the GUI. It is then 

automatically saved in a file where the user can check which electrodes have failed and when. 

8.6.2 Testing process and results 

Rats with chronically implanted arrays need to be trained every day for 6 weeks with 

electrical stimulation applied for 30 minutes per day. This corresponds to a total of 21 hours 

of stimulation. Taking into account that the rats sleep and rest for several hours a day, we felt 

that 14 days of continuous bending would be a reasonable duration to reveal any potential 

weaknesses. Unfortunately, due to a computer crash, we do not have details related to the 

exact timing when each electrode failed for the tests described below.  

First, we tested the array of Fig. 8.10. This prototype had 11 functional electrodes out of the 

13. This was due to 2 failed connections during fabrication. We have subjected the device in 

continuous bending for 48 hours, for 21 of which we also applied biphasic pulses (500 μA, 

200 μs) to all electrodes. After 48 hours of continuous bending, we could not detect electrical 

activity in any of the electrodes. Examination of the array under the microscope revealed that 

the metal forming the electrodes was corroded, and, in the worst cases it was even completely 

dissolved along the length of the tracks. Nevertheless, no cracks or bond failures were 

observed. 

Next, we tested the array of Fig. 8.11. During fabrication the connection to the Vss line of the 

most rostral ASIC (RDM1a) had failed, therefore we could access only 9 out of the 13 

electrodes in this prototype. We subjected the device to continuous bending for 14 days, 

during which we applied electrical stimulation (500 μA, 200 μs) for a total of 21 hours. At the 

end of the test, and while still in saline, we could constantly detect current flow from our 

current source, which is an indication of some kind of insulation failure. This time though, 

examination under the microscope revealed that the metal of the electrode contacts and tracks 

had not degraded in any visible way. In addition, we did not observe any failures in any of the 

good bonds. This was verified with electrical dry tests in which the probes of an oscilloscope 

were in contact with the electrode sites and the voltage was plotted during ‘stimulation’. Of 
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course, in this case, there is no current flowing, as there is no complete conductive path 

between any electrodes. Nevertheless, if a good connection exists, when an electrode is to be 

used, the voltage at the respective contact is pulled up to the voltage compliance of the 

current source (about 27 V in this case), for the duration of the, either anodic or cathodic, 

phase.  

Finally, we have also tested the array of Fig. 8.12. The tested prototype had 11 functional 

electrodes out of the 13, and the testing procedure was the same as in the previous case. 

Results revealed that all electrodes on the array that were used for stimulation were corroded 

at the end of the test [the other 2 remained intact, see Fig. 8.17 (a)]. In addition, an insulation 

failure had allowed liquid to penetrate between the two polyimide layers and the metal on the 

input line Vin was dissolved [Fig. 8.17 (b)] (the reason for that is currently investigated).  

  

 

      (a)         (b) 

Figure 8.17. Chronic tests results from polyimide-based gold active array: electrodes corrosion (a), 

and dissolution of metal track and insulation failure (b). 
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8.7 Discussion 

Stainless steel is normally protected from corrosion by a thin passivation layer, formed when 

the material is exposed to atmospheric oxygen, which prevents further reaction by allowing 

charge injection via reversible processes. However, when the electrode potential becomes too 

positive, a breakdown of the passivation layer occurs and this is followed by irreversible 

metal dissolution [1], as observed with the stainless steel array of Fig. 8.10. This short 

evaluation clearly suggested that this material is not suitable for this application. 

On the other hand, for the polyimide-gold arrays results were more optimistic. Regarding the 

dissolution of the Vin metal track, neither the voltage (up to 5 V) nor current level (in the μA 

scale) on this track would normally justify this kind of failure. In contrast, the Iin metal track 

is subjected to higher voltages (up to 27 V) and higher current amplitudes (up to 1 mA), 

nevertheless it remained intact after the end of these tests. We therefore believe that the 

observed dissolution was a side effect caused by the insulation failure and will be avoided 

with proper encapsulation (we are planning to verify this with new tests). However, the 

corrosion problem remains. This could be addressed either by platinising the surface of the 

electrodes or increasing their surface area using alternative methods. 

Finally, results from the chronic tests on the platinum-iridium array of Fig. 8.11 were also 

promising. In spite of the insulation failure, the fact that we did not observe any other failures 

on the array by the end of the testing period is an indication that we have managed to address 

the issue of mechanical performance, which was prominent in the passive version. The 

changes we have introduced in the design, as well as the new material and assembly 

processes, achieved the reliability goal.  

However, the insulation failure observed in both last cases is not a trivial issue. We believe 

that the problem has different origins in each case and needs to be addressed separately. 

Regarding the silicone-based platinum-iridium arrays we believe that this might be due to 

mishandling during fabrication; however, results from more tests are necessary to conclude 

on the causes of this failure. 

Although in vivo evaluation of the arrays is planned for the near future, at this stage of the 

work, none of the types mentioned has been chronically implanted. Nevertheless, based on 

the results obtained using our mechanical setup, in addition to the improved implantation 

method and the general performance improvements achieved after the orthosis was 

introduced, we remain optimistic about the expected lifetime of the devices. 
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8.8 Acute in vivo evaluation 

Our collaborators in EPFL acutely implanted a rat with a prototype of the polyimide-gold 

arrays of Fig. 8.12. Fig. 8.18 shows the array inside the spinal canal (in this variation, in 

contrast with the prototype of Fig. 8.12, the ASIC is also embedded in thicker encapsulation 

together with the small connector, however this does not affect the results of the acute 

testing). 

We have recorded the EMG signal evoked by 3 stimulus pulses sent at 16 pps when the 

electrode located on the midline (S1M, Fig. 8.19) or on the right aspect (S1R, Fig. 8.20) of S1 

spinal segment was used as a cathode in a monopolar configuration. The figures present 

recordings from 4 different muscles of the ankle: right and left flexor (RTA and LTA, 

respectively), and, right and left extensor (RMG and LMG, respectively). For each muscle the 

response to 6 different current amplitudes (for S1M: 300 μA – 800 μA with 100 μA step, 

while for S1R: 500 μA – 1000 μA with 100 μA step) was recorded (the pulse duration was 

always set at 200 μs), and the results are superimposed here (results are normalised over the 

maximum recorded for the specific muscle on the same day). The signals were recorded using 

EPFL’s existing equipment and Fig. 8.19 and Fig. 8.20 were created by Jérôme Gandar. 

In these recordings we first observe an initial spike, which is an artefact caused by the 

stimulation, followed, after approximately 5 ms, by the muscle response. Results of Fig. 8.19 

suggest that we can activate all the muscles using the electrode located at S1M. However, the 

 

Figure 8.18. Polyimide-gold active array implanted inside the rat’s spinal canal for acute testing. 
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results do not show a clear flexor – extensor selectivity. In contrast, Fig. 8.20 suggests that 

we can achieve right selectivity using the electrode at S1R (on the two left muscles, we only 

observe the stimulation artefact), and, from the amplitude of the EMGs we can see that the 

flexor is affected to a larger extent. 

  

 

Figure 8.19. EMG recordings from 4 muscles evoked by monopolar stimulation using the electrode 

located on the midline of S1 spinal segment (S1M) as cathode.  

 

Figure 8.20. EMG recordings from 4 muscles evoked by monopolar stimulation using the electrode 

located on the right aspect of S1 spinal segment (S1R) as cathode. 
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8.9 Summary  

This chapter has presented the design, fabrication and assembly of the active electrode arrays. 

An introduction on the new materials and designs was initially given, followed by a detailed 

description of the proposed fabrication method. Next, we presented the different prototype 

versions that were produced. The electrical properties of the arrays were characterised 

through impedance spectroscopy and voltage transient recordings. Furthermore, the 

mechanical reliability of the arrays was evaluated using our custom-made bending test setup. 

Results from both silicone-based platinum-iridium arrays and their polyimide-gold 

counterparts produced by IMM were discussed. Regarding the former, no track or bond 

failure was observed after the end of the testing period. The metal at the electrode sites was 

not degraded in any visible way. These results indicate that the design and material changes 

that we introduced led to more reliable devices. However, an insulation failure occurred, 

which could be due to mishandling during fabrication, but needs further investigation. 

Finally, acute in vivo tests using the polyimide-gold active arrays showed that EMG activity 

can be elicited using the implants and supported the concept that different muscles can be 

activated by applying ESCS on different sites. 
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Chapter 9 

General conclusion and future work 

The scope of this chapter is to summarise the main tasks that were carried out in the course of 

this work and the conclusions they led to and present some ideas for future improvements, as 

well as ideas on the implementation of the fully implantable system. 

9.1 General conclusion 

This thesis described the complete design, development and evaluation of flexible active 

electrode arrays suitable for chronic epidural stimulation in rats.  

The relevant theoretical background and motivation for this work was introduced in part I; 

The fact that, after SCI, there is the capacity to elicit muscle activation despite the absence of 

supraspinal input has set the basis for using spinal cord electrical stimulation as a means to 

facilitate locomotion in SCI humans. It is believed that task-specific training with epidural 

stimulation either reactivates previously silent circuits or promotes plasticity. To further 

investigate the underlying mechanism and optimise the stimulation parameters, animal 

experiments are necessary, but the paradigms that can be investigated are limited by the 

available technology. 

ESCS is believed to lead to the activation of ‘command centres’ that involve both central and 

peripheral components of the nervous system, rather than individual nerves as in peripheral 

stimulation. It is believed that these ‘command centres’ could elicit the coordinated, 

synergistic outputs required for the restoration of locomotion. However, implanted devices 

for ESCS present some special challenges compared to other parts of the body, related to the 

size of the implantation site and the movements this is subjected to, the fixation of the 

implant and the vulnerable nature of the spinal cord.  

In the early work on ESCS wires were implanted and used as electrodes. To study the effect 

of stimulation in different sites this arrangement was no longer sufficient; an electrode array 

was required. The main goal of this work was to develop an electrode array suitable for 

chronic ESCS in rats that would give independent access to all electrodes and allow the user 

to swiftly change all stimulation parameters in real-time, while featuring a small number of 

connections.  

When working with electrodes it is necessary to understand the main principles behind their 

properties to appreciate the fabrication challenges and limitations. These were discussed in 

chapter 3, together with the main characterisation tools; cyclic voltammetry, impedance 
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spectroscopy and voltage transients. Electrode arrays have been fabricated in the past using 

different methods and materials for several applications. Silicon electrode probes are usually 

micromachined using lithographic techniques, but these are stiff and rigid. Passive flexible 

arrays have been reported using polyimide, parylene and silicone rubber. In addition, active 

flexible hybrid arrays have also been reported. However, when this research started there was 

no other reported epidural electrode array for chronic use in rats. Today, the only other rat 

electrode array (reported in 2013) features 12 connecting wires, controlling 27 electrodes 

limited to bipolar configurations. These are addressed via large discrete electronics (10.3 mm 

× 33.2 mm) placed on top of the vertebrae. 

The first generation of the epidural arrays was presented in part II; passive devices were 

developed with 12 electrodes made from annealed platinum sandwiched between two layers 

of silicone rubber. The fabrication process was based on laser cutting and several 

modifications that were introduced (release layer, laser removal of excess metal and top-

layer-first approach) increased the automation and repeatability of the process compared to 

what previously reported. The passive prototypes were chronically evaluated in vivo, 

however, results were unsatisfactory, as 87.5% of the electrodes failed within the first week. 

A detailed failure analysis revealed several cracks along the length of the arrays. These were 

believed to be due to the design as well the materials used and the fabrication and 

implantation processes. Two different approaches by our collaborators led to very similar 

conclusions, and, as a result, an improved implantation method was introduced. It was 

expected that the reliability of the arrays could be increased by reducing the number of 

interconnections, as well as implementing several other design changes. Towards these goals, 

we developed ASICs to act as electrode drivers and reduce the number of necessary 

connections to 3, while allowing independent access to all electrodes. 

Part III dealt with the design details and electrical evaluation of the electrode driving ASIC. 

The chip can deliver up to 1 mA fully programmable monophasic or biphasic current pulses, 

to 13 electrodes selected in any possible configuration. It also supports interleaved 

stimulation. Communication is achieved via only 3 wires. The current source and the control 

of the stimulation timing have been kept off-chip to reduce the heat dissipation close to the 

spinal cord. The ASIC was designed in a 0.18-µm high voltage CMOS process. Its output 

voltage compliance can be up to 25 V. It features a small core area (< 0.36 mm2) and 

consumes a maximum of 114 µW during a full stimulation cycle. The layout of the ASIC was 

developed to be suitable for integration on the epidural electrode array, and two different 

versions have been fabricated and electrically tested. Results from both versions were almost 

indistinguishable. The performance of the system has been verified for different loads and 
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stimulation parameters. Its suitability to drive a passive epidural 12-electrode array in saline 

was also demonstrated. The ASIC is controlled by an external hub and through a GUI. 

The second generation of the epidural arrays were active (with embedded electronics) 

devices, and these were discussed in part IV.  

Size restrictions related to the implantation site dictated the need to use thinned chips. Silicon 

thinning is usually done at a wafer level. However, in applications similar to this one, where 

chips come from multi-project wafers, thinning must be done at an individual die level, where 

the equipment and handling and processing requirements differ radically. In chapter 6, a 

method for silicon thinning in individual die level was developed and characterised. The 

method was based only on mechanical polishing to avoid the need to protect the active area 

of the small devices from chemicals. Commercial equipment was initially employed. 

Attempts with the first setup produced uncontrollable results regarding the final thickness of 

the chips. Hence, a new custom made setup was introduced that helped controlling the final 

thickness by allowing only a set amount of the silicon to be removed. With this second setup, 

and for a targeted thickness of 80 μm, a mean value of 79.8 μm was achieved, with a 9.2 μm 

standard deviation and an improved mean total thickness variation across a chip from 30 μm 

to 10 μm. It was shown that a very smooth surface can be achieved with this method, when 

small grit size films are used (surface roughness value of 1.75 nm). Finally, electrical tests on 

thinned ASICs verified their functionality. 

Chapter 7 introduced the main bonding processes used in the microelectronics industry, and 

gave an overview of the main reported assembly techniques on flexible substrates. The 

practical part of the chapter presented a study which investigated the reliability of the 

interconnections of metal tracks on standard Al ASIC pads via electrical rivet bonding. Pull 

tests were performed on samples connected using one or two gold bonds, using different ball 

and hole size combinations and different failure mechanisms were identified. Average 

bonding strength values between 9.6 cN and 60 cN were recorded for the different 

combinations. The strongest bonds were created through a 75 µm hole using a 4.2 ball size 

setting. Results indicated that optimising the process can lead to stronger bonds through 

smaller holes, thus leading to a larger integration density. Finally, it was demonstrated that 

the process is suitable for bonding on thin chips as long as they are properly supported during 

bonding. 

The design, fabrication and assembly of the active prototypes was presented in chapter 8. An 

introduction on the new materials and designs was initially given, followed by a detailed 

description of the proposed fabrication method. Silicone-based platinum-iridium arrays were 

developed and their polyimide-gold counterparts (by IMM) were also discussed and 
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compared. The electrical properties of both versions were characterised through impedance 

spectroscopy and voltage transient recordings and their mechanical reliability was evaluated 

using a custom-made bending test setup. For the silicone-base platinum-iridium arrays no 

track or bond failure was observed after the end of the testing period. The metal at the 

electrode sites had not degraded in any visible way. These results proved that the design and 

material changes that were introduced led to more reliable devices. However, an insulation 

failure occurred, which could be due to mishandling during fabrication, but needs further 

investigation. Finally, active prototypes with our stimulator system were successfully used to 

evoke EMG activity during acute in vivo tests. 
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9.2 Proposals for future work 

What has been presented so far constitutes a complete piece of work on the development, 

fabrication and characterisation on active epidural electrode arrays intended for chronic 

electrical stimulation in SCI rats. The second generation of the epidural array presented 

satisfactory results in the in vitro tests. However, an insulation failure that occurred during 

the chronic tests needs to be further investigated, before implanting the devices chronically 

for an in vivo evaluation. This is believed to be due to some kind of mishandling during the 

fabrication process – results were from only one prototype. This version of the system (active 

arrays and non-implantable hub) is suitable for multi-site stimulation experiments with real-

time parameter adjustment. These experiments are scheduled within the next 3 – 4 months. 

However, the fully implantable system of Fig. 2.3 would allow for more complex studies 

where rats will be able to move unrestricted and interact with each other. 

Below, we propose some points that could be further investigated in the future to improve 

different aspects of both the epidural arrays and the complete system.  

9.2.1 Active arrays fabrication and assembly suggestions 

Regarding the fabrication of the active arrays, one of the most challenging stages was the 

temporary bonding of the small dice on the wire bonder during the assembly process. The 

cheap and readily available hot melt adhesive that was used in this work required a lower 

bonding temperature (120 °C). The effect of this on the bonding strength is unknown, and 

more pull tests are required to gain a better understanding on this issue. Alternatively, seeking 

for special adhesives (fabricated and produced on order) could allow bonding at higher 

temperatures (150 °C). 

Taking it a step further, it could worth investigating flip-chip bonding as an alternative 

assembly method. In the course of this work we did not have access to a flip chip bonder. 

However, it could be an alternative solution that would potentially automate the process and 

shorten the fabrication time. Furthermore, it could lead to a higher yield compared to the 

manually assembled arrays. 

9.2.2 Electronics and system level improvements 

Results presented in section 5.5.1 were acquired to characterise the performance of the 

ASICs. For this reason, the input current was accurately produced using an external current 

source device, where the voltage compliance was adjusted to the necessary to deliver the 

desired current amplitude to the load. When the ASICs are controlled by the hub, the voltage 

compliance is – in this version – set by the hub hardware to a high constant value, which 
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cannot be dynamically adjusted to account for load variations. As a result, when driving small 

loads, spikes higher than the ones of Fig. 5.16 can appear at the onset of the pulse. To 

eliminate this effect and improve the overall system performance, a subsystem to monitor the 

impedance seen at the output of the chip could be introduced on the ASICs. This could be 

used as a feedback to adjust the available voltage compliance [1] generated on the hub. This 

comes with two advantages: spikes at the onset of the pulses are minimised, and, any 

unnecessary power that is dissipated when driving small loads would be eliminated. Further 

improvements could be introduced by exploring alternative current source topologies. 

Regarding the ASIC design, the fact that the necessary data need to be sent only before the 

beginning of each biphasic pulse, implies that we could potentially reduce further the number 

of inputs from 3 to 2, by merging the Vin and Iin lines. This possibility was initially 

investigated and the design concept was published in [2]. However, it was abandoned for this 

implementation due to the fact that a large capacitor would be required to store charge long 

enough to ensure the operation of the system. Large capacitors are not easy to integrate, and 

our simulations showed that this was not possible with the selected technology. Nevertheless, 

in case of RDM1 one could use an external capacitor, rather than an integrated one, which 

could be stacked on top of the ASIC. 

Moving towards the implantable version of the hub, four important points need to be 

addressed: (a) miniaturisation of the components is necessary to achieve smaller total size, 

suitable for subcutaneous placement, (b) the selection of the battery is crucial and its long-

term performance, as well as its capacity to provide the necessary charge need to be verified, 

(c) the packaging of the device needs to be investigated, and (d) the assembly of the complete 

system needs to be tested. 

Finally, once finalised, the complete design of the hub could be implemented on an integrated 

circuit to save space and further miniaturise the system. 

9.2.3 Mass production 

The implants presented so far were fabricated using methods that are suitable for prototyping 

and small production. However, several steps of these processes could be altered to ease 

larger scale production when a larger volume is required. To explore this possibility for the 

laser-processed devices, one could substitute the small glass slide used as a carrier with a 

larger one, potentially covering the whole 7 cm x 7 cm laser cutting area. In this case, 

adjustments would be necessary in all the devices used to fit the new carrier (i.e. spin coater 

and alignment setup). New designs would allow the laser to automatically produce the 

desired pattern for more than one device simultaneously. This is more complicated than 
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simply copying and replicating the initial design, due to the fact that the laser beam does not 

hit the whole surface with the same angle, therefore the results of laser cutting over several 

layers would differ significantly depending on the position of the device on the substrate. 

Other issues one might face during this process include ensuring that the metal foil is 

properly laminated on the silicone, kept flat against is surface, while the maintaining strong 

adhesion to allow for the processing; minimising the metal foil losses; and exploring the 

suitability of creating a uniform silicone layer using spin coating for larger substrate sizes. 

Currently, the most time-consuming step of the process is clearly the bonding of the ASICs 

on the passive arrays, however, as previously mentioned, flip chip bonding could be 

investigated as a means towards a more automated process.   

9.2.4 Lifetime of the implant 

These implants do not need to last for a very long time, much less than a human implant, and 

results from the in vitro tests of section 8.6 allow us to remain optimistic about the expected 

lifetime. However, in vivo validation remains to be tested. In case of a failure, several modes 

are possible and each needs to be addressed differently. Some obvious failure causes include: 

corrosion at the ASIC pads (which could be caused due to high galvanic potential between 

the Au and Al), breakdown of the passivation layer under the silicone rubber [3], fractures of 

wires or tracks, fatigue failures, and encapsulation failures. 

9.2.5 Chronic tests in rats 

Chronic implantations of 5 implants (similar to those of Fig. 8.12) are planned for the next 

months. In these tests, stimulation will be applied daily and the rats will be trained as normal, 

to emulate the conditions under which the implants will be used during a complete chronic 

study. The performance of the implants will be monitored daily throughout the duration of 

the tests (6 – 8 weeks). In case the devices remain functional after the end of the 

predetermined period, they will be explanted and further tests will allow us to check whether 

the electrode material was corroded. The state of the spinal cord will also be checked to 

verify that there was no damage. 

Similar tests should be run on the rest of the active implants (Fig. 8.10 and Fig. 8.11). A 

comparison of the results would give us a better understanding on the suitability of the 

selected materials for this application. 

9.2.6 Distribution of dissipated heat 

During the design of the ASICs we have tried to keep the power consumption low to ensure 

that the dissipated heat would not cause any tissue damage. However, the way heat is 
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dissipated through the active implants depends not only on the ASICs, but the layout of the 

whole implant and the materials used. Investigating this matter further, by modelling the 

distribution of the heat when the implant is inside the body (potentially using finite element 

modelling tools) would allow us to quantify the average heat our final device dissipates. This, 

in turn could be used to investigate the effect that potential material and design changes 

would have to the heat distribution. Furthermore, we could estimate the exact maximum 

allowable power consumption for our ASICs. We could use this information in the future to 

investigate the possibility of altering the layout of the ASICs and/or adding extra 

functionality without exceeding this limit. 
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Appendix A – Input/output pad arrangements and dimensions for RDM1 and RDM2 

 

Figure A.1. Input/output pad arrangement and dimensions for RDM1 ASIC. 
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Figure A.2. Input/output pad arrangement and dimensions for RDM2 ASICs, a, b and c. 
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Appendix B – Hub complete schematics 

 

Figure B.1. Hub schematic 1 of 4; subcircuits: USB to RS232 converter and 3.3 V supply for the microcontroller. 
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Figure B.2. Hub schematic 2 of 4; subcircuits: microcontroller connections and 2-wire JTAG programming interface. 
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Figure B.3. Hub schematic 3 of 4; subcircuits: DC to DC converter and Howland current source. 
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Figure B.4. Hub schematic 4 of 4; subcircuits: current sensing and data level shifting (3.3 V to 5 V). 
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