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Abstract 

This dissertation focuses on developing a tactile sensor system for the measurement of 

contact force and elasticity.  By using the developed sensors, the elasticity of various 

objects (e.g. tissue) can be measured by simply touching the targeted object with the 

sensor. In its most basic form, each developed sensor consists of a pair of contact 

elements that have different values of stiffness. The relative deformations of the two 

sensing components during contact can be used to calculate the elasticity parameters of 

Young’s modulus or shear modulus. Analytical formulations that validate the proposed 

sensing technique are presented followed by sensor fabrication and experimental 

evaluation. 

Several prototypes of tactile sensors are fabricated through various MEMS processes. 

The first generation of prototype sensor is built with a surface micromachining process. 

Silicon nitride is selected as the structural material. With this fabrication process, the 

sensor can be fabricated down to a size of 1mm x 1mm x 500µm. A second generation of 

prototypes is developed through a polymer MEMS process. This type of sensor has a 

favorable flexible structure, which enables the sensor to be integrated on end-effectors for 

robotic or biomedical applications. Further, the sensing principle can be extended to 

measure shear force and shear elasticity. This extended ability with the polymer sensor is 

obtained by a design that includes a quad-electrode structure in each sensing cell.  

Finally, an easily fabricated tactile sensor of larger size is developed and attached on a 

touch probe. This prototype of sensor can provide reliable elasticity measurement in a 

handheld operating mode. 

Along with the advancement of tactile sensors, an estimation algorithm for the hand-held 

device, which employs a recursive least square method with adaptive forgetting factors, 

has also been developed.  Experimental results show that this sensor can differentiate 

between a variety of rubber specimens. Further, the sensors have been characterized by 

fresh porcine tissue specimens and show the potential to provide reliable in-vivo 

measurement of tissue elasticity.  
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The dissertation starts with introducing the background and motivation for this effort. 

This is followed by the conceptual design and mathematical models of the sensing 

principle. Different generations of prototype sensors are then discussed in the following 

chapters. Characterization results with tissue specimens obtained with these sensors will 

then be presented.  Finally, the dissertation concludes with a discussion and summary of 

the work.  
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Chapter 1 

1. INTRODUCTION 

Elasticity measurement is important in biomedical sensing, robotics, and various 

industrial applications. For instance, in robotic manipulation, knowledge of elasticity of 

the targeted object would enable better control of the contact force in a precision grasp 

[1]. In biomedical applications, in-vivo measurement of tissue elasticity can facilitate 

doctors to reach a reliable palpation diagnosis [2], because many diseases change the 

physical properties, especially elasticity, of natural tissues or organs [3, 4].  

The knowledge of tissue elasticity is also a valuable tool in minimally invasive surgery 

(MIS) and telerobotic surgery. MIS offers many advantages over open surgery including 

fewer complications, less discomfort after the operation, faster recovery times and lower 

health care costs. However, one significant existing difficulty is the loss of the intra-

operative tactile feedback [5] which is readily obtained in open surgery by touching the 

tissue. In order to recover tactile sensing during MIS, measurements of contact force and 

elasticity are vital. In addition to MIS, elasticity measurements could also be used in 

other biomedical applications such as ligament tension measurement during knee implant 

surgery, early detection of compartment syndrome and cartilage hardness measurements. 

1.1. Review of Existing Technology for Elasticity Measurement 

One major technology for elasticity or stiffness measurement of tissues is based on 

measurement of force-deformation response. In this method, a controlled load or 

displacement is first applied on the tissue site and the corresponding deformation or force 

is then recorded [6-10]. Indentation type tissue stiffness tests have been performed on 

cancerous breast tissue by estimating elastic moduli from measured force displacement 

curves [10]. In telerobotics research, a laparoscopic grasper attached to a robot arm [6] 

has been designed to provide force and vision feedback. The stiffness of the testing object 

was tested by measuring the applied force and the angular displacement of the jaw. 

Another work on tissue based measurements employs piezoelectric cantilevers to 
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investigate the force-deformation response of soft tissue [9]. As an active sensing 

alternative, an air-driven oscillating indenter was developed to detect bulk tissue 

compliance such as soft tissue compliance measurements in stumps of amputated lower 

limbs [11].  The pressure was controlled by a flexible rubber hose and the displacement 

was recorded by an electromagnetic sensor. 

Another approach for elasticity measurement is based on magnetic resonance 

elastography [12] or ultrasonic shear wave elasticity imaging [13, 14] . In these methods, 

a harmonic mechanical excitation (up to a thousand Hertz) is applied on the target 

material or tissue and then magnetic resonance imaging (MRI) or ultrasonic imaging can 

be used to probe local tissue deformation. The most significant benefit of this method is 

to enable non-invasive in-vivo measurement of mechanical properties of tissues. 

Furthermore, a focused ultrasound beam can be used to generate a localized strain of 

tissue in the vicinity of its focal point. This local strain could be measured by optical 

method, magnetic resonance imaging (MRI), or a separate ultrasound detection beam. 

Recent advances [14, 15] with this technique also enable the measurement of 

viscoelasticity properties of the tissue, which is believed to be another useful index of 

tissue health. 

Another technical approach of measuring stiffness/softness of the targeted object is based 

on the measurement of contact impedance [16]. A ceramic piezoelectric transducer 

operating at its resonance frequency has been developed to detect this contact impedance 

[17]. This type of sensor is composed of two pieces of piezoelectric components 

connected through a feedback circuit, which make the sensor vibrating at its resonance 

frequency. The resonance frequency shifts when the sensor contacts an object due to the 

change of contact impedance. This frequency change, at a constant load or a constant 

contact area, is related to the spring stiffness of the object [18]. In order to measure 

micro-scale local elasticity, a glass needle with a pin head of 10µm can be attached on the 

sensor to form a contact interface [19]. By utilizing this type of sensor along with a step-

motor controlled platform, a tactile mapping system has been developed to obtain a 

contour image and topographical Young’s modulus information. Characterization of 
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tissue slices such as porcine heart [20], human prostate [21], and vascular segments [22] 

has been performed by this system [23]. 

The tactile sensor that will be discussed extensively in this dissertation is based on a 

method for in-vivo tissue elasticity measurement which does not involve applying a 

controlled load or displacement. This technology differs from the rest since no 

displacement information of the end-effectors needs to be obtained.  Dargahi et al. [24] 

proposed a softness sensor which consists of two coaxial cylinders with different 

stiffnesses. Piezoelectric elements (PVDF) are placed beneath the cylinders for force 

measurements. A dynamic load driven by a vibrating unit is applied during the contact in 

order to generate sinusoidal shape signals to excite the piezoelectric units. There are 

challenges associated with miniaturization of this sensor for endoscopic applications. 

1.2. Review of MEMS Tactile Sensing Technology 

Due to a size constraint for surgical tools, a tactile sensor developed through a MEMS 

process would be desirable for practical usage. Early tactile sensors have been developed 

through conventional MEMS processes, either by bulk-micromachining [23, 25] or by 

surface-micromachining techniques [26, 27]. These tactile sensors are designed for 

contact force measurement and cannot measure elasticity. The sensing elements of these 

micro-sensors usually consist of sensing diaphragms constructed from silicon-based 

materials. The deflection of these sensing diaphragms can be interpreted precisely by 

either capacitive sensing techniques or piezo-effects of certain structural materials. The 

most significant features of these tactile sensors include good sensitivity, low mechanical 

cross-talk due to isolated sensing cells, and considerably high sensor density stemming 

from the fine precision of the semiconductor fabrication process. However, pilot research 

in this team shows some drawbacks for these types of sensors, which includes the fragile 

nature of the sensing diaphragms and wire-bonding interfaces.  

Micro-tactile sensors built by flexible materials (e.g. polymers) would address the 

aforementioned bottlenecks. Moreover, a flexible sensor can adhere well onto the curved 

surfaces of end-effectors of various geometries. A number of flexible tactile sensors have 
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been developed by utilizing various polymer materials such as a broad piece of fabric 

[28] , polyimide (PI) [29, 30] or polydimethylsiloxane (PDMS) [31]. Again, these sensors 

are capable purely of measuring contact force, not tissue elasticity.  

1.3. Thesis Objectives 

The objective of this thesis is to develop tactile sensors that can simultaneously measure 

tactile forces, tissue compliance and tissue deflection.  The sensors should be built using 

a repeatable fabrication and prototyping process. Additionally, desirable features of the 

sensors include flexible substrate and low-cost fabrication process. The developed sensor 

should show reliable sensing capability for both force and elasticity measurements.  

The developed sensors should present potential for use in telerobotics, telemedicine and 

minimally invasive medical procedures wherein they can be used to provide haptic 

feedback, enable identification of the tissue in contact with the surgical instrument, 

enable tissue stiffness measurement and for other applications.   

1.4. Major contributions 

The dissertation will cover the development of micro-tactile sensors for measurement of 

both force and elasticity. This dissertation includes the following major contributions. 

1) A unique sensing principle is presented that enables stiffness measurement without 

the use of either a controlled force or a controlled displacement. Stiffness 

measurement can be obtained merely by touching the tissue.   

2) The small size of the sensors makes it possible to measure the Young’s modulus and 

other inherent elasticity properties of the tissue material.  The measured stiffness 

variables do not change with tissue thickness or tissue geometry and are instead 

inherent elasticity properties of the material itself. 

3) These are the first ever sensors for measurement of both normal tissue compliance as 

well as shear tissue compliance properties. 

4) The sensors have been fabricated through different micro-fabrication techniques 

including surface micromachining, polymer MEMS process, and an ultra-low-cost 

mounting process. The advantages and limitations for each process are discussed. 
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5) The developed technology makes it possible to have flexible sheets with a large array 

of sensors.  By having an array of sensors, a complete spatial picture of stiffness 

variation as a function of location can be obtained. 

6) A recursive least square algorithm with adaptive forgetting factors has been applied 

on this sensor for processing sensor signals. This estimation algorithm enables 

reliable real-time stiffness measurement through suppressing noise and allowing fast 

tracking of stiffness changes. 

7) The characterization for this type of sensor provides a standard calibration procedure. 

Experimental results on real tissues show potential of the sensor for in-vivo 

measurements during a surgical procedure and other biomedical applications.  
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Chapter 2  

2. SENSOR DESIGN AND MATHEMATICAL MODELS 

Conventional tactile sensors utilize only a single sensing element or an array of 

duplicated sensing cells. Such a design can measure point force or force distribution on 

the contact surface. In this dissertation, a novel spring-pair sensing structure has been 

proposed to enable new sensing capability for elasticity measurement.   

2.1.  A Spring-Pair Model 

In its simplest embodiment, the proposed tactile sensor consists of two sensing 

diaphragms with different stiffness values. A simple spring model is illustrated in Fig. 2-

1. In this model, the tissue under investigation can be viewed as an elastic spring with a 

stiffness value of kt. The sensor is modeled by two springs of different spring constants, 

kh and ks. By pushing the sensor towards the targeted tissue, this spring pair will have 

different amounts of deflections. As shown in Fig. 2-1 (b), the soft spring (ks) will 

undergo a larger deflection compared to the hard counterpart (kh). A compatibility 

condition can be derived from the fact that the sensor has a solid base, thus resulting in 

the same displacements at the bottom ends of the sensing springs. This condition is 

shown in (2.1). 

 

Figure 2-1 (a) Schematic diagram of the tactile sensor and the tissue under investigation;  
(b) Schematic diagram of the contact condition between the tactile senor and targeted tissue 

(© IEEE 2009), reprinted with permission. 
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The tissue stiffness can then be calculated from (2.2), which is obtained by re-arranging 

(2.1): 
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where Fh and Fs are the forces applied on the hard spring and soft spring, respectively. If 

the defections of the springs can be measured, then with  and    the 

equation can be further derived as shown in (2.3): 
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(2.3)  

  where δxh and δxs are deflections of the hard spring and soft spring, respectively. 

 

2.2.  A More Precise Contact Model 

Since this tactile sensor is designed to recover haptic sensory feedback, the operating load 

is comparable to the contact force generated by human hand.  Therefore it is reasonable 

to assume that the tissue under contact by this sensor deforms within its linear range, 

which is similar to the deformation provided during a hand touch. If the size of the 

contact area of the sensor is close to the dimension of the tissue site, the tissue can be 

modeled as a one-degree-of-freedom system under uniform load, as can be seen in Fig. 2-

2. Then the magnitude of deformation depends on both the tissue elasticity and the tissue 

thickness.  



8 
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Figure 2-2 Tissue modeled as a one-degree-of-freedom system under uniform load. 

In this case, the tissue deformation magnitude can be represented as (2.4): 
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(2.4)  

where Et is the Young’s modulus of the tissue, A is the cross-section area and L is the 

thickness of the tissue sample. On the other hand, if the deforming force does not occur 

uniformly over the entire cross section area of the tissue, but instead occurs over a very 

small area compared to the size of the tissue cross-section, then the tissue will undergo 

local flexible body deformation, as shown in Fig. 2-3. 

after deformation
before deformation

F

 

Figure 2-3 Local deformation on a tissue site. 

In this case the deformation of the tissue at the center of the loading area is given by 
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(2.5)  

where Et is the tissue Young’s modulus, υ is the Poisson’s ratio, q is the force per unit 

area, a is the radius of the loading zone and  wt is the tissue deformation as illustrated in 

Fig. 2-4 [32]. 
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Figure 2-4 Contact model of tissue site with a local deformation (© Elsevier 2010), reprinted 
with permission. 

 

Assume that both sensing membranes in the tactile sensor have the same cross section 

area and thickness.  Let the force per unit area on the soft sensor be qs and on the hard 

sensor be qh. Then, using , it can be seen that 

 wt1 wh  wt2 ws  (2.6)  
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where Eh and Es represent the values of Young’s modulus for the hard and soft sensing 

nodes, respectively. The tissue elasticity can then be calculated as in (2.9): 
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(2.9)  

As can be seen, the tissue elasticity can be obtained by measuring the ratio of the force 

distributions qs and qh. It is worthwhile to mention that the elasticity can be measured 
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instead of stiffness if the assumption that the dimension of the targeted tissue is much 

larger than the contact area of the sensor is satisfied. This may not always be the contact 

condition for tissue characterizations. However, a MEMS sensor would definitely bring 

the advantage of small size, and thus result in a contact model close to the above 

assumption. 
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Chapter 3 

3. FIRST GENERATION OF SILICON NITRIDE SENSORS 

As presented in (2.3), the deflections of the sensing elements need to be measured to 

calculate the tissue elasticity. These deflections can be measured by a membrane based 

capacitive sensor as shown in Fig. 3-1 in the first generation prototype sensors developed 

by this team [33, 34]. In this simple configuration, a sensing membrane (diaphragm) is 

suspended over the substrate. There are two electrodes with one on top of the membrane 

and the other on the substrate. The deflection of the membrane causes a change of the 

capacitance between the two electrodes that can be measured and be converted back into 

a deflection readout. The stiffness of this membrane will be defined by the geometry (i.e. 

diameter) of the membrane. Several membranes with identical membrane thickness and 

gap height but different diameters will have different compliances under the same load.  

 

Figure 3-1 Conceptual diagram of a capacitive sensing membrane.  

 

3.1.  Finite Element Model for Silicon Nitride Sensors 

In order to examine this effect in our case, an FEM contact model is utilized as shown in 

Fig. 3-2 (a). A punch with a diameter of 300µm is pushed towards the target object.  
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(a) 

 

(b) 

Figure 3-2 (a) FEM contact model for a punch pushing towards the targeted object; (b) 
deflection of the contact surface. 

It can be seen from Fig. 3-2 (b) that the deflection of tissue outside the circular contact 

area is less than 5% of the central deflection if the distance from the center point (O in 

Fig. 3-3) is larger than 500µm. In our case, the distance between two centers of sensing 

membranes is around 500µm and therefore can be negligible in this analysis.  In the 

revised model, two circular membranes with different diameters perform as two springs 

with different spring constants. As a result, two circular contact areas are generated under 

two different stress values as shown in Fig. 3-4.  
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Figure 3-3 Point M outside the force area. 

 

 

Figure 3-4 Contact area of sensing membranes. 

 

By employing Eq. (2.5), one can show that 
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(3.1)  

where the Et  is Young’s modulus of tested tissue and a is the unit length (100µm in our 

case). Similarly, the displacement of point N can be calculated as 
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(3.2)  

So far the model includes the deflection of tissue under the regions of contact. The 

deflection of the sensing membranes is modeled by utilizing the central boss model. The 

deflection of the center region of the membrane is less than the edges of the membrane. 

In order to approximate this structure, a membrane model with a rigid center is utilized. 
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The deflection of a rigid-center diaphragm, under pressure, assuming a small deflection, 

can be expressed by Eq. (3.3) [35]: 
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where P is the applied pressure on membranes, Em is the Young’s modulus of the 

membrane structural material, h is the membrane thickness and Ap is the stiffness 

coefficient which depends on the solidity ratio b/a as 
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(3.4)  

The “rigid-center” assumption can also be verified by FEM simulation.  With simulation 

parameters listed in Table 3-1, the deflections of clamped membranes under uniform 

pressure are simulated and shown in Fig. 6. It is clear from the FEM results that given the 

same boundary conditions, the membrane with a rigid center (Fig. 3-5.b) has a much 

smaller deflection than a flat membrane (Fig. 3-5.a).  

Table 3-1 Parameters used in ANSYS simulation for plate with clamped edges 

Diameter of the membrane 300µm 

Thickness of the membrane 1.2µm 

Young’s modulus 250GPa 

Poisson’s ratio 0.3 

Uniform  pressure applied on one side 
of the membrane 

0 – 40kPa 

Ratio of the radius of rigid center to 
radius of membrane 

0.6 
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(a) 

 

(b) 

Figure 3-5 ANSYS simulation of the deflection: (a) circular plate (b) plate with rigid center. 

 

The compatibility of the contact conditions can be expressed as: 

 NM wywy  21  
(3.5)  

After substituting all the parameters through Eq. (3.1) – (3.3) and (3.5), we can then 

obtain the value of Et as given in Eq. (3.6): 
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where Et and Em are the Young’s Moduli of the tissue and the membrane respectively. σ1 

and σ2 represent the stresses of the contact area. Based on the formula in Eq. (3.6), the 

Young’s modulus of the tissue can be estimated by the ratio of the stresses (σ1/σ2). In the 

equation, the measurement of Young’s modulus Et is preferable over tissue stiffness kt as 

it is independent of the tissue geometry, which is of primary importance in practical 
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applications. The Poisson’s ratio (υ) is assumed to be a constant value (very close to 0.5) 

for the polymer material utilized later in the preliminary testing. It is also suggested that 

the instantaneous Poisson’s ratio of soft tissue can be generally assumed to be constant, 

varying from 0.45 – 0.5 in previous studies [36]. This assumption has been validated 

during the indentation testing of articular cartilage [37]. However, for the cases when 

large variation of Poisson’s ratio exists, the Poisson’s ratio should be estimated first 

through an indentation test [38, 39]. It is also worth to note that this derivation is only 

valid for sensors that are significantly smaller than the material under contact. 

3.2.  Micro-Fabrication Process for Silicon Nitride Sensor 

The prototype MEMS sensors have been fabricated using a surface micromachining 

process. The fabrication process is shown schematically in Fig. 3-6 [40]. The sensing 

membrane is made of silicon nitride while the top and bottom electrodes are made of 

gold. 

The fabrication process starts with a silicon wafer which is first covered with 6000Å of 

silicon nitride (SiNx) layer for passivation.  To deposit this layer, plasma enhanced 

chemical vapor deposition (PECVD) is employed (Fig. 3-6.A). Then a Cr-Au metal layer 

is E-beam evaporated to form the bottom electrodes with a thickness of 2600Å (Fig. 3-

6.B). This is followed by a sacrificial aluminum layer (8000-18000Å) deposited and 

patterned via wet etching (Fig. 3-6.C). Then the sensing membrane is constructed by 

depositing a PECVD SiNx layer (5000-10000Å) as shown in Fig. 3-6.D. On top of the 

sensing membranes, electrodes are patterned by wet etching a Cr-Au E-beam evaporated 

metallization layer (Fig. 3-6.E). In the next step, etch holes are then patterned via dry 

plasma etch (Fig. 3-6.F). These etch holes will be utilized to remove the sacrificial 

aluminum layer. At last, the sacrificial layer is etched in wet etching solution and the 

membranes can be released by using a critical point dryer (Fig. 3-6.G). 
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Figure 3-6 Fabrication process for the first prototype MEMS sensors (© Elsevier 2010), 
reprinted with permission. 

 

In this fabrication scheme, the presence of a stiff electrode on the flexible membrane will 

have an effect on the membrane response. An analytical model is used to further analyze 

this type of structure (Fig. 3-7). With the central boss, the deflection of the center region 

of the membrane will be less than the edges of the membrane. In order to approximate 

this structure, a membrane model with a rigid center is utilized which is given in (3.3). 

 

Figure 3-7 Membrane model with a central boss. 

Fabricated sensors are shown in Fig. 3-8 with the readout circuitry shown in Fig. 3-9. As 

can be seen, the sensor is composed of a set of circular membranes of various sizes. The 

diameters of these membranes are designed to be 200µm, 300µm and 400µm, 

respectively. Under the same amount of stress, the larger membrane will experience 

larger deflection compared to its smaller counterpart, which enables the hard-soft spring 
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pair design. As can be seen, more numbers of smaller membranes can be utilized to make 

the capacitance readout comparable (equally sensitive) to those from larger membranes. 

 

 

Figure 3-8 Fabricated prototype sensors (© Elsevier 2010), reprinted with permission. 

 

 

Figure 3-9 Readout circuitry for prototype sensor (© Elsevier 2010), reprinted with 
permission. 

3.3.  Sensor Characterization 

Preliminary tests have been completed by using the Micro-Mechanical Tester (MMT) 

located in the Characterization Facility of the University of Minnesota (Fig. 3-10). The 

MMT as been utilized with a modification wherein the diamond indenters are replaced by 

probes made of polymers of different stiffness values.  While carefully driving the probe 
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towards the sensor arrays, the contact forces and the sensor readings (capacitance values) 

are recorded. 

 

Figure 3-10 MicroMechanical Tester and testing probes attached with the polymer head. 

 

3.3.1. Force sensing 

The applied force and the corresponding capacitance readout are given in Fig. 3-11 for 

three different arrays consisting of same diameter membranes. An embedded load cell on 

MMT is used to measure the applied force whereas the capacitance readouts are obtained 

from a custom-designed capacitive measurement circuitry. It can be seen from these 

results that the MEMS device performs well as a force sensor for each single channel. 

The sensing resolution of this sensor is 0.2mN or 100Pa assuming uniform loading 

pressure on the membranes.  
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(a)                                                                        (b) 

 

(c)                                                                       (d) 

Figure 3-11 (a) – (c) Loads and capacitance readouts for 200µm, 300µm and 400µm-
membranes array while pushing the PDMS probe towards tactile sensor; (d) hysteresis 

of loading and unloading for 400µm-membranes. 

The experimental results for 200µm, 300µm and 400µm membranes-arrays show 

deflections of the membranes to be in the elastic regime with negligible hysteresis. The 

experimentally determined compliances of these membranes (interpreted in units of 

pF/N) are shown in Table 3-2. The variation of compliances of the three sets of 

membranes agrees with the analytical membrane model. 

Table 3-2 Compliances of sensing arrays and a single membrane 

 400µm 300µm 200µm 

Compliance of sensing array (pF/N) 15.34 5.42 2.36 

Compliance of a single membrane (pF/N) 7.67 1.36 0.47 
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3.3.2. Stiffness sensing 

As aforementioned, the stiffness of the contacted material can be obtained by the ratio of 

the stresses (σ1/σ2) which is approximately proportional to the capacitive change of two 

sensing membranes with different diameters (C1/C2). This result is shown in Fig. 3-12 

where simultaneous readouts from two channels are taken and the ratio C1/C2 is 

calculated. It is worth to note that our initial attempt at simultaneous multiple channel 

readout was not successful due to electrical cross-coupling between the membrane arrays. 

We then employed an alternative method in which a series of square waves generated by 

a DAQ board (National Instruments, SCB-68) alternately activated the two capacitive 

readout chips corresponding to the two membranes with different diameters at a 

frequency of 100Hz.  

 

Figure 3-12 Capacitance readouts of 200µm and 300µm –membrane while touching a 
PDMS probe. 

 

Experiments were conducted with probe materials of different elasticity and thickness in 

order to evaluate the ability of the sensors to estimate their elasticity. Fig. 3-13 shows the 

different polymer materials that were used to make the probes. 
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Figure 3-13 Probes of different polymer materials and different thickness values. 

The ratios of changes in capacitances between the 200µm (diameter) and 300µm 

membranes are listed in Table 3-3 and plotted in Fig. 3-14 for different probe materials. 

The results show a clear variation in the ratio of capacitance changes with elasticity of the 

probe material. The Young’s moduli of the testing polymers are obtained from an IRHS 

hardness tester (Model IRHD micro compact II, Bareiss®, Germany). Furthermore, the 

capacitance ratio is independent of the thickness of the material sample. Two important 

conclusions can be drawn from the results: 

1) The ratio of capacitance changes is a unique function of the Young’s modulus of the 

material used in the experiments. 

2) The ratio of capacitance changes is independent of the thickness of the material used 

in the sample. 

Table 3-3 ΔC300µm/ ΔC200µm value for different types of polymer materials 

 Silicone rubber PU rubber PDMS 

Test 01 2.414 2.172 1.512 

Test 02 2.412 2.12 1.392 

Test 03 2.393 2.085 1.472 

Test 04 2.378 2.081 1.489 

Average 2.399 2.114 1.466 

Standard deviation 0.017 0.042 0.052 
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Figure 3-14 Estimated ΔC1/ΔC2 values from sensor versus Young’s modulus of different 
materials used in experiments. 

 

Since the variations in capacitance ratio for each polymer sample are well within 0.2 and 

the slope of the capacitance ratio versus Young’s modulus line is approximately 2/MPa, it 

can be estimated that the resolution of the measured Young’s modulus will be better than 

0.1MPa. 

One important note is that under small deflections such as those obtained during our 

experiments, the capacitive change of the sensing membranes is proportional to the 

membrane deflections and therefore is proportional to the stresses applied on the contact 

area. This observation verifies the derived formula of the Young’s modulus of the tissue, 

since the formula shows a proportional relationship between the tissue elasticity and the 

ratio of stresses of the contacted areas (σ1/σ2).  

3.3.3. Capacitive proximity sensing  

Another feature of the capacitive sensors is proximity sensing. During the experiments on 

the MMT setup, as the probe approaches the sensor and the distance is less than 2cm, the 

proximity effect becomes visible in the capacitive sensor readings. The proximity sensing 

regime ends when the probe makes contact with the sensor membranes and then the 

tactile regime starts as shown in Fig. 3-15. 
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Figure 3-15 Proximity sensing for PDMS probe. 

During the approaching movement, the PDMS probe was driven towards the sensor from 

an initial separation of 1.2cm above the sensor surface with an approaching speed of 

50µm/sec. No load was applied during this process until the instant the probe made 

contact with the sensor. During the proximity sensing regime, the readout of the sensor 

first increases as the probe gets closer to the sensor. The readout reaches its peak at the 

position around 3.5mm above the sensor and then decreases sharply until the contact 

point. At the tactile sensing regime, the readout of the sensor increases rapidly with 

increasing load. The probe is then moved away from the sensor at the same rate of 

50µm/sec and the corresponding readout is the mirror image of the approach. The 

proximity sensing results with readout as a function of distance between the probe and 

sensor surface is shown in Fig. 3-16. 

 

Figure 3-16 Proximity sensing with capacitive readout vs. distance. 
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This proximity sensing phenomenon is likely attributed to the variation of the electric 

field around the sensor. For capacitive measurement, the capacitive readout chip 

generates a series of square wave signal (100kHz) as the activation signal and results in 

the electric field around the sensor due to the fringe effect of the capacitor. An object 

with conductive or dielectric properties deviates the electric field as it approaches the 

sensor. This explanation can be confirmed by the observation that the proximity sensing 

phenomenon disappears after placing a shielding metal plate on the top of the sensor.  

However, the nonlinear characteristics of the readout curve, especially the section when 

the distance is more than 2mm away from the sensor, needs to be explained by a more 

complex electromagnetic model.  

In order to convert this proximity change phenomenon into a useful proximity sensor, the 

capacitance between the top electrodes of adjacent sensing membranes can be utilized (as 

opposed to the capacitance between the top and bottom electrodes of each sensing 

membrane) [41]. In biomedical applications, this proximity sensing property can be a 

useful candidate in measuring the distance between the medical device and the targeted 

tissue, sensing the approaching movement, or collision avoidance [42]. 

 

3.4.  Summary of Silicon Nitride Sensor 

In this chapter, the proposed method of stiffness measurement has been studied by FEM 

model and a prototype MEMS sensor. The prototype stiffness sensor has been 

successfully fabricated through a surface micro-machining process. Silicon nitride has 

been selected as the structural material. Preliminary testing on polymers with different 

compliances has been completed to validate the sensing method. The sensing resolution 

can reach 0.2mN for the force sensing and 0.1MPa for the stiffness sensing. The 

experimental results demonstrate the potential capability of being a stiffness sensor, force 

sensor and proximity sensor.   
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Chapter 4 

4. SECOND GENERATION: FLEXIBLE SENSOR ARRAY 

The tactile sensors fabricated by using silicon-based materials in the previous chapter 

may experience some bottlenecks during practical operations. For instance, wire bonding 

is employed in such silicon-based devices to establish electrical connection between the 

MEMS sensors and the readout circuitry. Since the wire diameter in such wire bonds is 

only around 25μm, the wires break easily under contact loads. In addition, the sensing 

membranes constructed of silicon-based materials (e.g. silicon nitride) have a thickness 

of around 1μm or up to a few microns. While the membrane can handle normal loads, the 

application of shear loads causes the membrane to fail.  This could be attributed to the 

ultra-thin thickness of the sensing membranes and the brittleness of the structural 

material. 

To develop a more robust and reliable tactile sensor, a polymer-based sensor has been 

prototyped [43] , as shown in Fig. 4-1. This chapter will discuss the design, fabrication 

and characterization of this generation of polymer-based sensor. 

 

Figure 4-1  Fabricated PDMS tactile sensor (© IEEE 2009), reprinted with permission. 

 

4.1.  Sensor Design and Selection of Structural Materials 

The same sensing principle has been applied to this generation of sensor. To precisely 

measure these deflections, a capacitive sensing scheme is utilized in our design. A 
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capacitor-pair is designed to implement our sensing concept with the sensing diaphragms 

serving as the aforementioned elastic springs. In order to vary the stiffness values of these 

diaphragms, different sizes of sensing membranes are fabricated. This sensor design is 

illustrated in Fig. 4-2, where a capacitor-pair with different sizes is shown. Each capacitor 

comprises one top electrode, one bottom electrode, and one single air gap.  When the 

sensor is pushed towards targeted tissue, relative deflection of two sensing membranes 

can be precisely measured by the capacitive change of each element as shown in Fig. 4-2 

(b).  

 

 

   (a)                              (b)  

Figure 4-2 (a) Conceptual diagram of the proposed flexible tactile sensors under contact 
with tissue; (b) Different sizes of air gaps of the tactile sensors squeezed by different 

amounts while pushing towards tissue. 

 

Table 4-1 Mechanical Properties of Seven Polymer Materials 

 LCP Polyimide EPON SU-8 PMMA Parylene 
Perfluoro-

polymers 
PDMS 

Tensile 

modulus 
7~22GPa 2.5~4GPa 4~5GPa 2.2~3.2GPa 2.4~3.2GPa 0.4~1.2GPa 0.5~2MPa 

Elongation 

at break 
1-5% 10-150% <1% 2.0-5.5% 10-200% 200-400% 100% 
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PDMS is chosen as the structural material due to its advantageous properties such as 

flexibility, ductility and biocompatibility. The biological and medical compatibility of the 

material has been well documented [44]. Moreover, PDMS devices can be readily 

sterilized for medical applications [45]. In addition, PDMS is mechanically much softer 

than other polymer materials commonly utilized in micro-fabrication. This can be seen 

from Table 4-1 [46], where the elasticity and the elongation at break of widely used 

polymer materials are listed. This feature makes the PDMS sensor especially suitable in 

soft tissue medical characterization.  

A PDMS sensor array consisting of 5x5 sensing elements has been proposed in design. 

The flexible sensor sheet can be well attached on the distal portions of medical devices of 

various shapes. In order to minimize the wiring interfaces, the top electrodes and the 

bottom electrodes are oriented in orthogonal directions. This strategy is shown in Fig. 4-

3(a) wherein each intersection of wires forms a capacitor.  In Fig. 4-3(b), a five-layer 

structure of sensor is illustrated. This structure was first reported in Lee et al’s work [31]. 

Embedded electrodes are built on the top and bottom PDMS layers. A spacer layer is 

sandwiched between the electrodes to define the membrane size. An insulation layer is 

also highly suggested to prevent the shorting of electrodes which could be the 

consequence when large deflection of sensing diaphragms occurs. Finally a bump layer is 

utilized to transfer contact forces through the air gap to be measured by capacitive 

change.  

A cross-sectional view of one tactile cell is shown in Fig. 4-4 where the dimensions of 

each layer are depicted. It can be seen that the top and bottom electrodes are separated by 

the air gap with a thickness of 6μm and one insulation layer with the same thickness of 

6μm. The same electrodes sizes are designed for all the capacitors in order to provide the 

same initial capacitance. The diaphragm size varies from 500μm×500μm to 

600μm×600μm providing softer and harder membranes. When applying pressure on the 

bump, the top layer deforms, thus triggering a corresponding change of capacitance until 

the air gap closes.  
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(a) 

 

(b) 

Figure 4-3 (a) Schematic diagram of wiring arrangement; (b) A close look of sensor 
structure with separated layers. 

 

 

Figure 4-4 Cross-sectional view of a sensing cell and its dimensions. 
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4.2.  Finite Element Method (FEM) Verification of the PDMS Sensor 

In order to validate the sensing concept, an analytical model is intuitively introduced to 

calculate the deflection of sensing membranes under applied pressure. The sensing 

membranes are first viewed as rectangular diaphragms. With the boundary condition of 

uniform pressure and clamped edges, the deflection of rectangular diaphragms is shown 

in (4.1) [47]. 

 )1( 2
3

4

0  
Eh

Pa
y  (4.1)

where P is the applied pressure, a is the dimension of shorter edge, h is the diaphragm 

thickness, E is the elastic modulus of structural material, μ is the Poisson’s ratio, and α is 

a non-dimensional deflection coefficient which depends on the aspect ratio b/a. In our 

case, α is chosen as 0.0151 for a square diaphragm.  

After substituting the parameters by the values we used for a latter experimental 

verification, the central deflection is calculated to be 0.4μm. The deflection values of the 

analytical model, FEM model, and experimental result are listed in Table II. As can be 

seen, the analytical calculation by (4.1) results in a significant discrepancy from the 

experimental value. This difference is most likely due to the considerable thickness of the 

sensing membrane compared to the air gap dimension. The stresses within the diaphragm 

can no longer be considered as surface stresses, thus rendering the failure of the 

analytical model. This can also be clearly viewed through a three dimensional FEM 

model shown in Fig. 4-5. In this model, a commercial FEM solver (ANSYS, Version 

11.0) is used. The membrane is constructed by the FEM element type SOLID 92 with 

Young’s Modulus chosen as 1.8MPa and Poisson’s ratio as 0.4999. In Fig. 5, the arrow is 

pointed at the direction of an applied load. Since the thickness of the membrane is 

comparable with the dimension of the air gap, the membrane appears to be the shape of a 

cube, and therefore the previous assumption of thin plate theory depicted in (4.1) would 

not be applicable in the modeling verification of this sensor.  
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Table 4-2 Comparisons of Analytical Results, FEM Validation and Experimental Results 

Design parameters Methods 
Membrane 
deflection 

α 0.0151 
Analytical result from (4.1) 0.4μm 

P 80kPa 

a 500μm 
FEM validation 1.86μm 

E 1.8MPa 

h 430μm 
Experimental result 2.0μm 

μ 0.5 

 

 

Figure 4-5 A 3-D FEM model to verify the deflection of PDMS membrane. 

 

A 2-D FEM model is also constructed to validate the sensing concept as shown in Fig. 4-

6. In this model, the sensor is making contact with the targeted tissue of various elastic 

moduli. To complete this contact model, the FEM element types of CONTACT 172 and 

TARGET 169 are employed and located along the contact boundary. It can be seen that a 

larger deflection occurs at the 600μm-membrane than the 500μm-membrane. 

Furthermore the ratio of this relative deflection is correlated with the Young’s modulus of 
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the contact tissue.  We have conducted this verification on different tissue models with 

elastic moduli ranging from 0.05MPa to 50MPa. The simulation results are shown in 

Table 4-3 and plotted in Fig. 4-7.  As shown in Fig. 4-7, by looking up the relative 

deflection ratio, the tissue elasticity can be determined. In addition, the steepest slope of 

the curve in Fig. 4-7 occurs at the region between 0.5MPa and 1MPa. This observation 

indicates that the highest sensing resolution can be achieved in this region. It is also 

worth noting that the Young’s modulus of PDMS is assigned as 1.8MPa. Based on our 

design, the tactile sensor provides the highest resolution on elasticity sensing when the 

targeted tissue is slightly softer than the sensor material. This conclusion can be a rule of 

thumb for the proposed sensor design in various applications. 

 

(a)                     (b) 

Figure 4-6 Two dimensional FEM verification of sensor design: (a) Tissue with Young’s 
modulus of 1MPa; (b) Tissue with Young’s modulus of 5MPa. 

 

Table 4-3 Relative Deflection Ratio of Tissue with Various Stiffnesses 

Tissue stiffness (MPa) 0.05 0.1 0.5 1 5 10 50 

Ratio 0.804 0.812 0.848 0.89 0.919 0.933 0.937 
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Figure 4-7 Plot of relative deflection ratio of sensing membranes for tissue models with 
Young’s moduli ranging from 0.05MPa to 50MPa. 

 

4.3.  Fabrication of PDMS Sensor 

The proposed fabrication process of the prototype sensor is adapted from an established 

process developed by Lee et al. [31] with some modifications. The modifications include 

the following:  

a) We use self-assembly monolayer (SAM) treatment on wafer surface instead of 

sputtered platinum to reduce fabrication cost.  

b)  In addition, deep reactive-ion etching (DRIE) replaces KOH etching to achieve higher 

fabrication precision.  

A schematic of the sensor fabrication process is shown in Fig. 4-8. Each PDMS layer is 

processed separately and finally bonded together with the aid of oxygen plasma treatment 

[48]. The fabrication starts from coating one sacrificial layer of LOR (LOR 20B from 

MicroChem Corp.) on the silicon wafer surface. Then copper wires are electroplated on 

LOR utilizing a through-mask electroplating process. This is started by sputtering Ti/Cu 

as a seed layer. A thick layer of photoresist (AZ® 9260) is then coated and patterned on 

the seed layer serving as the molds for electroplating.  This is followed by an edge bead 

removal (EBR) process, which not only exposes the edge of the seed layer to establish 
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electrical connection with the wafer holder used later in the plating bath, but also serves 

as a “thief ring” to maintain the electroplating uniformity over the cathode surface [49].  

The copper-plating bath is adapted from an established formula provided by Technic Inc. 

[50].  A summary of copper-plating operating parameters are listed in Table 4-4. 

Table 4-4 Summary of Bath Operating Parameters 

Copper Sulfate pentahydrate (CuSO4•5H2O) 10oz/gal 

Sulfuric acid (H2SO4) 10% by volume 

Chloride Ion (Cl−) 50ppm 

Solution volume 1 gal 

Techni PC-15 Brightener 0.5% by volume 

Techni PC-15 Carrier 0.5% by volume 

Solution temperature ~21 oC 

Anode CRFC Copper bar 

(0.040-0.065% P) 

Anode area 4 inch x 4 inch 

Anode-to-cathode separation  15cm 

Current density 30ASF 

 

After building the electroplated copper electrodes, an adhesion layer of Ti is sputtered 

before PDMS coating. Liquid PDMS (Sylgard 184, Dow Corning) is then spin-coated 

and cured in room temperature. The temperature control of the curing process is an 

integral part of successful fabrication. Curing in room temperature can minimize the 

PDMS deformation. Otherwise the copper electrodes could strip off the PDMS base, 

which is provoked by the variation of thermal expansions between PDMS and copper. 

These electrode layers can be finally peeled off the substrates when curing is completed 

(Fig. 4-8. A).    

The spacer and insulation layers are fabricated by coating and curing an ultra-thin PDMS 

layer (~6μm) on silicon substrates. Before the spin-coating the PDMS layers, 

trichlorosilane (Sigma-Aldrich®) vapor serving as an SAM treatment is conducted on the 

bare silicon substrates. This process isolates the native SiO2 layer on the wafer from the 

PDMS coating, thus facilitating the later peeling of the PDMS layer. After curing the 

liquid PDMS, SF6/O2 plasma etching is utilized to pattern the spacer layer which will be 
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used to define the dimensions of air gaps (Fig. 4-8. B). The bump layer starts with a clean 

wafer patterned with desired bump molds (Fig. 4-8. C). These concaves are etched in a 

DRIE process. The same SAM treatment is then conducted on the bump mold surface 

followed by spin-coating PDMS with a thickness of approximately 100μm.  

In the end, alignment of the fabricated layers is completed on a conventional contact 

aligner. The sequence of alignment steps is specified in Fig. 4-8. D. It is worthwhile 

mentioning herein that all the PDMS layers should be treated in advance through oxygen 

plasma to form hydroxy keys. This chemical connection is crucial to achieve an inter-

layer bonding with desirable mechanical strength. The fabricated sensor is shown in Fig. 

4-9. Fig. 4-9 (c) illustrates a magnified view of the sensor array. Both the 500μm-

membrane and 600μm-membrane shown in the figure achieve design dimensions defined 

by the spacer layer. 

 

 

Figure 4-8 Fabrication process: (A)Electrode layer (B) Insulation and Spacer layer 
(C)Bump layer (D) Alignment and bonding (E) Completed sensor.
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(a)    (b) 

 

(c) 

Figure 4-9 Fabricated PDMS tactile sensor. 

 

4.4.  Characterization of PDMS Sensor 

The fabricated tactile sensor has electroplated copper wires with a thickness of 

approximately 20μm. This makes it possible to solder the sensor on a standard proto-

board (Model 9302, Capital Advanced Tech, INC.), which can be thereafter plugged into 

the testing circuitry. A commercially available capacitance-to-digital converter (AD7746, 

Analog Devices Inc.) is employed for capacitance measurements. The fabricated sensor 

and the capacitive readout circuitry are shown in Fig. 4-10. 
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Figure 4-10 PDMS tactile sensor with capacitive readout circuitry. 

 

Force response of a single cell in the sensor array is first investigated by utilizing a 

MicroMechanical Tester located in the Characterization Facility Center, University of 

Minnesota.  Predetermined loads are applied on each cell by a stylus with the magnitude 

of loads and displacement being recorded (Fig. 4-11).  

 

 

Figure 4-11 Characterization setup of MicroMechanical Tester. 

 

The measurement results are plotted in Fig. 4-12. As can be seen, the capacitor cell with a 

membrane size of 600μm x 600μm has larger capacitive change than the one of 500μm x 

500μm, which indicates a larger deflection occurring under the same magnitude of loads. 
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This result validates our capacitor–pair design with different stiffnesses. As shown in the 

curves, the capacitive readouts of both sensing membranes saturate with load larger than 

0.06N due to the closure of the air gaps. Therefore, to maintain a relatively linear 

response between the capacitive readout and the applied load, the load on each membrane 

is suggested to be kept within 0.04N with a total magnitude of load less than 1N (25 x 

0.04N).  

 

Figure 4-12 Capacitance (pF) vs. load (Newton) for single membrane (500μm and 600μm).  

Further characterization is aimed at examining the sensing capability for elasticity 

measurement. Sorbothane rubber specimens with various hardnesses from 30 Shore OO 

to 70 Shore OO are utilized for sensor characterization. The Young’s moduli of the 

samples are first measured by a rheometer (RMS 800, Rheometrics Scientific). The 

results in Table V indicate that these samples are ranging approximately from 0.1MPa to 

0.5MPa which is within the elasticity range of soft tissues. These rubber specimens are all 

cut into cylinder shapes and thereafter mounted on the sensor surface shown in Fig. 4-13.   

Table 4-5 Elasticity values (Young’s Modulus) of Testing Samples 

Samples Duro 30 Duro 40 Duro 50 Duro 60 Duro 70 

Young’s 
Moduli (MPa) 

0.143 0.186 0.289 0.405 0.515 
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(a) 

  

   (b)         

Figure 4-13 (a) Rubber sample mounted on the sensor; (b) Weight applied on the rubber 
sample. 

 

Measurements were conducted with the tactile sensors on each rubber specimen for three 

times with different magnitudes of applied loads. This load is applied by the weight of 

either one, two or three coins and ranges from 0.08N to 0.24N. The ratios of capacitive 

change of the capacitor-pair for each specimen are listed below in Table 4-6. The value of 

capacitive change is utilized herein to represent the deflection of sensing membranes. 

This can be validated based on the fact that all the membranes are experiencing small 

deflections so that the ratio of deflection approximately equals to the ratio of capacitive 

change. These results verify the sensor capability to differentiate between materials with 

various Young’s moduli. As the targeted object becomes stiffer, the difference of 
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capacitive changes of the capacitor-pair increases which results in a larger value of 

∆C1/∆C2.  The experimental results are demonstrated in Fig. 4-14.  

 

Table 4-6 ∆C1/∆C2 Testing Results for Materials with Hardness From 30 to 70 Duro OO 

                Samples 

Applied Loads 
Duro 30 Duro 40 Duro 50 Duro 60 Duro 70 

Test 1 -0.08N 1.1348 1.1458 1.2250 1.5855 1.9974 

Test 2 -0.16N 1.1287 1.1996 1.2566 1.5608 1.8959 

Test 3 -0.24N 1.0454 1.2139 1.2151 1.6255 1.6864 

Average 1.1030 1.1864 1.2061 1.5906 1.8599 

 

 

Figure 4-14 Ratio of capacitive change vs. Young’s moduli of polymer specimens. 

 

As can been seen from the results, the sensor readout (∆C1/∆C2) has a small deviation for 

the same rubber specimen under different magnitudes of load. However, as observed in 

the experiment, this small deviation does not affect the discrimination between the rubber 

specimens tested in the experiment. Therefore, as long as each sensing membrane is still 

maintained in its linear region of response to load, the sensing resolution can reach as 
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small as 0.1MPa. With larger force applied, a nonlinear response would appear on the 

capacitive change of each sensing element, thus resulting in a variation of the ratio of 

relative deflections. For applications with large magnitude of contact forces, the 

stiffnesses of sensing membranes need to be increased accordingly. This can be achieved 

by either increasing the thickness of sensing diaphragms, or changing the mixture ratio of 

the elastomer and the curing agent during the preparation of liquid PDMS. It is also 

observed that the standard deviation of stiffness measurement increases for hard 

specimen (Duro 70 as shown in Fig. 4-14). This is likely due to the fact the hard 

specimens are less flexible and may have an oblique contact with the sensor. This oblique 

contact issue is illustrated in Fig. 4-15.  

 

 (a)                                  (b) 

Figure 4-15 (a) Normal contact between the sensor and soft rubber specimens; (b) oblique 
contact between the sensor and hard rubber specimens. 

 

4.5.  Summary of PDMS Flexible Sensor 

In this chapter, the sensing principle has been applied on a polymer-based micro-tactile 

sensor array. The relative deflections of a capacitor-pair can be utilized to detect the 

elasticity of the object under contact. This proposed sensor has been successfully 

fabricated by utilizing a five-layer PDMS structure. Due to a compliant structure, this 

sensor can be mounted on various shapes of end-effectors for in-vivo tissue elasticity 

measurements. The characterization results show that the tactile sensor can discriminate 

elasticity variation as small as 0.1MPa on polymer specimens ranging from 0.1MPa to 

0.5MPa.  
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Chapter 5 

5. SENSOR FOR BOTH NORMAL AND SHEAR MODULUS 

MEASUREMENT 

5.1.  Motivation for Tactile Sensor for Shear Modulus Measurement

Besides Young’s modulus, methods of measuring shear elasticity have also been explored 

by some groups. Purely mechanical methods may use a rotary shear applicator [51] which 

generates a torque on the tissue surface and the corresponding shear deformation is 

recorded. This type of device encounters the same problem for further miniaturization as 

aforementioned. Other approaches include  magnetic resonance elastography [12] and 

ultrasonic shear wave elasticity imaging [13, 14]. However, these methods not only show 

considerable complexity, but also perform the measurements at a frequency of a few 

hundred Hertz at least. This frequency range may not coincide with the results relevant to 

haptic feedback which is at very low frequency close to static measurement [52]. 

Furthermore, use of the relationship between tissue elasticity and measured sonic velocity 

has shown some limitations [53]. 

Attempting to provide a simple sensing technique for elasticity measurement, a tactile 

sensing concept that does not require the measure of load and displacement has been 

developed by this team. The elasticity of the targeted object can be measured based on 

relative deflections of two sensing diaphragms with different stiffnesses. A prototype 

tactile sensor has been developed based on sensing elements made of a 

polydimethylsiloxane (PDMS) flexible structure [43]. Here, we report a new prototype 

sensor for measurement of both normal (Young’s) and shear moduli. This operation is 

enabled by a quad-electrode structure in each sensing membrane, and differing stiffness 

values in adjacent sensing cells in the sensor.  The sensor presented in the paper is 
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perhaps the first ever micro-sensor that can provide fast measurement of both Young’s 

modulus and shear modulus of elasticity. 

 

Figure 5-1 Schematic diagram of a single tactile cell of the proposed stiffness sensor. 

 

5.2.  Sensing Concept and Sensor Design 

The basic structure of a single sensor cell is shown in Fig. 5-1. As can be seen, four 

capacitors are configured in a quad-electrode structure by the top and bottom electrodes. 

A spacer layer and an insulator layer are sandwiched between the top and bottom 

electrodes to define the membrane size and prevent shorting, respectively. A single pillar 

or several supporting pillars are also positioned in the air gap of the spacer to support the 

top electrode layer. By controlling the sizes and the number of these supporting pillars, 

the stiffness of the sensing membrane can be adjusted. Finally, a bump layer is mounted 

on top of the sensor cell to translate contact load through the sensing membrane. 

For each sensing cell, the four capacitors in each membrane will experience the same 

amount of capacitance change during normal contact (Fig. 5-2. b). If shear force is 

applied on the bump (Fig. 5-2. c), the capacitance of the capacitors on the left will 

increase, whereas the capacitors on the right will have a reduced capacitance. The shear 

deformation can be therefore inferred by taking the differences of the capacitance values 

in the shear direction. It can be therefore concluded that the deflection of membrane in a 

normal direction can be represented by the average of the four capacitance values as 
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shown in (5.1), whereas the shear deflection can be represented by taking differences 

of capacitance values in that direction as shown in (5.2).  

 

Figure 5-2 (a) Top view of a single sensing membrane; (b) deflection of a sensing membrane 
under normal force; (c) deflection of a sensing under shear force. 
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Figure 5-3 Schematic diagram of the sensing concept: (a) normal contact with tissue; (b) 
shear contact with tissue. 

The proposed sensor is composed of several sensing cells with two adjacent cells having 

different stiffness values. As aforementioned, the stiffness of the sensing membrane can 

be controlled by the size and the number of supporting pillars. As shown in Fig. 5-3(a), 

the sensing cell on the right is made to be stiffer than the left counterpart, since the 

supporting pillar of the right sensing cell is larger. The adjacent sensing cells experience 

different amounts of deflection during contact with the targeted object (e.g. tissue). As 

discussed in previous work [43], the compatibility condition between adjacent cells can 

be derived as follows. 

 
 

(5.3)

The tissue stiffness (kt) can then be calculated from (5.4) 
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Figure 5-4 (a) Elastic strain map of the sensor (bottom) and the targeted object (top) during 
a normal contact; (b) elastic strain map of the sensor membrane showing that the 

membrane with a smaller supporting (right) experiencing larger normal deflection than the 
membrane with a larger supporting pillar (left). 

 

 

Figure 5-5 (a) Elastic strain map of the sensor (bottom) and the targeted object (top) during 
a shear contact; (b) elastic strain map of the sensor membrane showing that the membrane 
with a smaller supporting (right) experiencing larger shear deflection than the membrane 

with a larger supporting pillar (left). 
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where rx represents the relative deflection of two sensing membranes (δxs/δxh), and kh and 

ks represent the spring constant of the hard membrane and soft membrane, respectively. 

To precisely measure the relative deflections of the two sensing membranes, a ratio of 

capacitance change rc (δCs/δCh) is used to represent the relative deflection. This sensing 
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concept can also be extended to the shear contact scenario as shown in Fig. 5-3(b). Two 

adjacent membranes will undergo different amounts of shear deflections which can be 

quantified by the ratio of capacitance change. 

This movement can be further verified by a 3D FEM model conducted in ANSYS® v12.1 

workbenchTM. Figure 5-4 shows the elastic strain map of the sensor and a target object 

during a normal contact.  The Young’s moduli of the targeted object and the sensor are 

set to be 0.14MPa and 1.8MPa, respectively. The strain distribution of the sensing 

membranes as shown in Fig 5-4(b) is of special interest. As can be seen, the membrane 

area is indicated by dashed lines. The sensor membrane on the right is designed to have a 

small supporting pillar with a diameter of 100µm, whereas the sensor membrane on the 

left is supported by a large square pillar (900µm x 900µm). The strain distribution shows 

that the normal deflection of the membrane on the right is larger than the left one. In Fig. 

5-5, the elastic strain map of sensor and the targeted object is plotted for a shear contact. 

As shown in Fig. 5-5(b), the shear deflection of the membrane can be observed with 

positive strain (indicated as red color) and negative strain (blue color) distributed on the 

sensor membrane. Further, a larger difference of the strain is shown in the sensor 

membrane with a small supporting pillar (right) compared to the membrane with a large 

pillar (left), which indicates a larger shear deflection. 

5.3.  Sensor Fabrication 

A few prototypes of compliant tactile microsensors have been previously investigated 

[54]. In this work, PDMS is chosen as the structural material due to its properties of rapid 

prototyping, biocompatibility and robustness that are favorable for industrial applications 

[55]. The proposed sensor can be batch-fabricated using established polymer-MEMS 

process such as soft-lithography [56] , dry etching, through-hole plating, and layer 

bonding [57]. A brief description of the fabrication procedure is shown in Fig. 5-6. Each 

layer is processed separately and later bonded together for a complete sensor. The 

fabrication starts from coating a layer of lift-off resist (LOR) (LOR 20B, MicroChem 

Corporation) on a bare silicon wafer (Fig. 5-6. a). A seed layer of titianium (20nm) / 

copper (100nm) is then sputtered on the LOR. This step is followed by electroplating 
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copper electrodes on top of the seed layer. After electroplating, a thin layer of titanium 

(25nm) is then sputtered on top of the copper electrode, which serves as an adhesion layer 

between copper electrode and PDMS structure. Next, liquid PDMS (Sylgard 184, Dow 

Corning Corporation) is spin-coated and cured in room temperature. Both the speed and 

time of spin-coating should be adjusted to achieve the desired thickness of PDMS [31].  

After being fully cured for around 48 hours, the PDMS layer can be peeled off from the 

silicon substrate with the aid of AZ® 400K developer bath.  

A major revision of this process compared to previous work [43] is to include supporting 

pillars onto the insulator layer as shown in Fig. 5-6(b). A slightly thicker LOR layer 

(13µm) is first coated on a silicon substrate and then patterned by developing in AZ® 

400K developer, which forms the molds for insulators. Liquid PDMS (diluted by hexane 

with a weight ratio of 1:1) is then spin-coated and cured on top of the LOR layer. The 

spacer layer can be fabricated by spin-coating a thin layer of PDMS (6µm) followed by 

etching through the area of openings (Fig. 5-6. c). The bumps are formed by curing 

PDMS on predefined concaves as shown in Fig. 5-6(d). It is worthwhile to note that air 

bubbles may also appear in these concaves after coating PDMS on the silicon mold. To 

remove the trapped air bubbles, the samples coated with liquid PDMS are placed in a 

vacuum desiccator for half an hour before spinning. Moreover, to facilitate peeling of the 

cured PDMS, the silicon substrates for insulator and bumper layers are treated by 

trichloro(3,3,3-trifluoropropyl)silane (Sigma-Aldrich) before coating PDMS, which 

generates a self-assembled monolayer (SAM) to separate the PDMS from the native 

silicon dioxide on silicon wafers.  

The fabricated layers can be then aligned and bonded with the aid of oxygen plasma 

treatment. The sequence of bonding is given in Fig. 5-6(e). Figure 5-7 shows the optical 

microscopy images of a sample of bonded insulator and top electrode layer as well as a 

complete sensor cell. 
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Figure 5-6 Fabrication process: (a) electrode layer; (b) insulator layer; (c) spacer layer; (d) 
bump layer; (e) alignment and bonding; (f) completed sensor. 

 

 

Figure 5-7 Images of sensors during fabrication: (a) bonded layers of top electrode and 
insulator layers; (b) top view of a complete sensor cell with all layer bonded. 

 

Both a 4x4 array of sensing cells and a small version of the sensor with only 3 sensing 

cells have been fabricated as shown in Fig. 5-8. A commercially available capacitance-to-

digital converter (CDC) (AD7147, Analog Devices Inc) is employed for capacitance 

measurement. Similar CDCs have been successfully adapted in environmental monitoring 

and diagnostic systems [58]. This IC is designed to provide a digital value proportional to 

the capacitance between the selected channel and ground. To obtain the measurement, a 

250-kHz excitation signal is delivered to the target capacitor, and a change in capacitance 
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results in a frequency shift. Up to 12 channels of capacitance can be measured in a serial 

sequence. This measurement capability can be well applied to the sensor with 3 sensing 

cells, which has 12 capacitors in total. However, for the sensor with a 4x4 array of 

sensing cells, 64 capacitors have to be measured. To deal with this task, one 1:2 

multiplexer (ADG734BRUZ, Analog Devices Inc) is utilized on each column [59]. As 

illustrated in Fig. 5-9, column 2 is switched to ground while all the other channels are 

connected to the signal of ACsheild, which provides the exact same excitation signal as 

the measurement channels (CIN1-CIN8). Meanwhile, if CIN2 is selected with the 

excitation by the CDC, only the capacitance of C2,2 will be measured. These multiplexers 

can be controlled through a data acquisition unit (DAQCardTM-6024E, National 

Instruments) and the array of sensors can be scanned at a frequency of 10Hz at its highest 

rate. 

 

Figure 5-8 Fabricated sensors: (a) a 4x4 array of sensing cells; (b) a sensor with three 
sensing cells. 

 

 

Figure 5-9 Schematic readout circuitry for the sensor with a 4x4 sensor array. 
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5.4.  Sensor Performance and Discussion 

Force calibration on two adjecent sensing cells has been conducted using a force gauge 

(HP-5 model, Handpi Inc.) with the sensor mounted on a 45 degree stage as shown in Fig. 

5-10. In this testing configuration, both normal force and shear force can be generated 

through a single touch. The capacitance vs. applied force responses for hard and soft 

membrane are illustrated in Fig. 5-11. As can be seen, the softer membrane produces 

much larger change of capacitance compared to the harder one under the same load. 

Further, the capacitance readout of the soft membrane saturates at around 0.7N for 

normal force and 0.6N for shear force. 

 

Figure 5-10 Characterize each sensing cell on a 45o stage by a force gauge. 

 

Figure 5-11 Capacitance data vs. load for both hard and soft membranes: (a) normal load; 
(b) shear load. 
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To examine the sensing capability for Young’s modulus measurement, the sensor is 

pushed towards rubber specimens in the normal direction with a load magnitude of 1 ± 

0.lN. The sensing capability of shear elasticity measurement is characterized by moving 

the sensor through 0.5mm in shear direction after contacting rubber specimens. The 

testing setup and characterization method are shown in Fig. 5-12 and Fig. 5-13, 

respectively. Sorbothane rubber specimens with various hardnesses (Part No. 8450K3, 

McMaster-Carr) are utilized for this sensor characterization. The Young’s modulus and 

shear modulus values of the samples are first measured by a rheometer (RMS 800, 

Rheometrics Scientific). Experimental results of the capacitance ratio of the adjacent 

sensing cells versus the Young’s modulus or shear modulus of the rubber sample are 

plotted in Fig. 5-14.   In the normal contact scenario, capacitance change is represented 

by the average of four capacitors as shown in Eq. (5.1), whereas (5.2) is used to represent 

capacitance change during a shear contact. 

 

Figure 5-12  Testing setup for characterizing elasticity measurement. 

 

Figure 5-13 Schematic of sensor characterization for measurement of (a) Young’s modulus; 
(b) shear modulus. 
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As shown in Fig. 5-15(a), the steepest slope of the curve occurs from 0.1MPa to 1MPa, 

which coincides with previous simulation studies [43]. This measurement range is 

defined by the Young’s modulus of PDMS (~1MPa), since the hard membrane is 

supported by a large PDMS pillar which fills most of the air gap. The shear modulus 

sensing scenario presents a similar trend with the steepest curve being located from 

0.05MPa to 0.2MPa, however, experiencing larger standard deviation than the 

measurement of Young’s modulus. This is likely due to the slip at the interface of the 

sensor and polymer specimens, which can be improved through a non-slip contact with 

an array of fine needles on the sensor surface [51]. The sensing range is defined by the 

stiffness values of sensing membranes (ks and kh). For applications that measures 

materials out of this range, the sensor need to be re-designed with softer or harder sensing 

membranes, which can be realized by changing either structural material or membrane 

thickness.   

The repeatability of the fabrication has been tested by charactering capacitance-force 

response for four membranes out of two batches. The measurement results are plotted in 

Fig. 5-14, with a discrepancy of capacitance value at 16%. Further, the structural material 

properties for the sensor can be well controlled, since an off-shelf polymer product is 

chosen for the fabrication. Finally, the thickness of layers can be controlled within a 

variation of 3.5% as measured in literature [31].   

 

Figure 5-14 Repeatability test: capacitance vs. load for four membranes. 
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Figure 5-15  Sensor readout (ratio of capacitance change) during the contact with polymer 
specimens: (a) normal contact; (b) shear contact. Inserts: data plotted in a lin-log scale. 

5.5.  Summary of the Sensor for Shear Modulus Measurement 

In conclusion, a tactile sensor has been proposed for measurement of both normal and 

shear elasticity. The proposed spring-pair structure is realized by a pair of stiff and soft 

membranes. In each membrane, a quad-electrode pattern enables measurement in the 

shear direction. The characterization shows that the sensor can discriminate variation of 

Young’s modulus as small as 0.1MPa in the range of 0.1MPa to 1MPa, and shear 

modulus change of 0.05MPa ranging from 0.05MPa to 0.2MPa. The sensor array is built 

on a flexible polymer structure which provides it the potential of being attached on 

various shapes of end effectors for in vivo tissue elasticity measurements. This type of 

tactile sensor can also be applied to create sensitive artificial skin for robotic applications.
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Chapter 6 

6. MACRO SENSORS FOR HANDHELD OPERATION 

As discussed in previous chapters, a novel tactile sensor has been developed by this team 

for elasticity measurement [33, 34, 43]. This novel approach enables elasticity 

measurement based on the relative deflection of two sensing diaphragms. These two 

diaphragms are designed to have different stiffness values. Neither displacement nor 

applied load needs to be controlled during the contact. Further, prototypes of sensors 

have been fabricated through both a surface micromachining process [33, 34] and a 

polymer MEMS process[43]. The sizes of the prototype sensors can be fabricated to be of 

the order of 1mm x1mm.  

In this chapter, a prototype sensor with a relatively more straightforward fabrication 

process is presented. This type of sensor is designed to generate capacitance signals for 

the two sensing diaphragms. The ratio of these two capacitance signals is used to 

calculate the elasticity property of the targeted object. As a tactile sensor operating in a 

hand-held mode, however, interference from hand motions would increase the noise level 

of the readouts. The real-time identification of the capacitance ratio therefore can be very 

challenging. In order to provide a reliable estimation of the capacitance ratio, a recursive 

least square algorithm is developed in this paper to process the two capacitance signals. 

Further, an adaptive algorithm for choosing forgetting factors is also employed to achieve 

fast detection of elasticity change, which is an important property during in-vivo tissue 

characterization. This paper will discuss the design and fabrication of a low cost 

prototype sensor, FEM verification, design of the identification algorithm, and 

experimental characterization of the tactile sensor by measurements on a variety of 

rubber specimens. 

6.1.  Sensor Design 

The tactile sensor is composed of two sensing bumps with different stiffness values. As 

shown in Fig. 6-1, one of the bumps of the sensor is designed to be harder than the other. 
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Both the bumps are integrated on a solid substrate. During contact with the targeted 

object, the softer bump deforms more than its harder counterpart. Meanwhile, the contact 

area of the targeted object also undergoes some deflection due to the contact force.  

 

Figure 6-1 Schematic diagram of the sensing concept. 

 

Since both sensing elements share a solid substrate, the compatibility condition of the 

contact can be derived as shown in (2.1). The stiffness of the targeted object can be 

therefore calculated from (6.1)  
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where rF represents the ratio of the contact force applied on the two bumps (F1/F2), while 

kh and ks represent stiffness values of the two bumps, respectively. To precisely measure 

the contact force on each bump, two force gauges with capacitance readouts are 

integrated underneath the bumps. The ratio of capacitance readouts ⁄  can 

therefore be used to replace the force ratio in (6.1). Furthermore, a more precise model 

has been discussed in our previous work [34]. In that model, the targeted object can be 

roughly modeled as a semi-infinite space when the dimensions of the sensing bumps are 

much smaller than the object. In this contact scenario, the capacitance ratio rc can be used 

as a direct measurement of elasticity (instead of stiffness) of the object. This parameter rc 

will be identified in real-time using the developed estimation algorithm as described in 

the next section.  
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In order to understand how the capacitance readouts are generated, a schematic diagram 

of the sensor structure is shown in Fig. 6-2. The capacitors are constituted by a top 

electrode layer as a common electrode and two separated electrodes on the bottom. A 

polymer layer is sandwiched between the two electrodes as the dielectric. Two bumps are 

mounted on top of the capacitors serving as the contact interface.  The two bumps are 

designed to have different stiffness values. 

 

Figure 6-2 Schematic diagram of sensor structure. 

 

6.2. Fabrication of the Handheld Sensor 

A brief description of the fabrication process is shown in Fig. 6-3.  As can be seen, the 

fabrication of the top electrode starts by patterning the copper layer on a polyimide 

substrate (DuPontTM Pyralux® AC 182500R) through photolithography and wet etching. 

To fabricate the bumps, an acrylic mold with concaves for bumps is first made by a 

computer-controlled driller. Urethane rubber compound (PMC-724, Smooth-On Inc.) is 

then dripped on the substrate to fill the concaves. The hardness values of this rubber 

compound are carefully adjusted to Shore 40A and Shore 6A, respectively, thus creating 

a hard and a soft bump. A blade is used to squeegee the substrate surface to remove the 

extra rubber compound. These bumps should then be aligned and bonded with the 

polyimide substrate within half an hour before the rubber cures. After the bonding, the 

bumps are left for curing overnight and then peeled off from the mold. The final stage is 

to bond the top and bottom electrode. The bottom electrodes are designed and fabricated 

by employing a printed circuit board (PCB) manufacturer. Rubber compound with the 

hardness of Shore 40A is then poured onto the bottom electrode. Finally, the top 
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electrode and the bottom electrode are aligned and bonded together to complete the 

sensor fabrication. 

 

Figure 6-3 Fabrication of the tactile sensor: (a) top electrode (b) bumps (c) bonding of top 
electrode and bumps (d) bonding of top electrode and bottom electrode, completed sensor. 

 

 

Figure 6-4 (a) Fabricated tactile sensor (b) tactile sensor attached on a plastic probe. 

 

In order to generate the capacitance readouts, a capacitance to digital converter (CDC) 

chip (AD7746, Analog Devices Inc) is integrated on the PCB board together with the 
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tactile sensor as shown in Fig. 6-4(a). The capacitance values are converted to digital 

signals, which are then transmitted to a laptop through an interface AD7746 evaluation 

kit. Further, to prevent electromagnetic interference (EMI) caused by moving the sensor 

towards conductors or objects with charge (e.g. tissue), a shielding layer is attached on 

the sensor surface. The shielded sensor is finally attached on a plastic probe for operation 

in a handheld mode as shown in Fig. 6-4(b).  

Since both the soft and hard bump can individually work as load cells (force sensors), the 

sensor was then characterized by a commercialized force gauge (HP-5 model, Handpi 

Inc) as shown in Fig. 6-5. The capacitance value of the capacitor beneath the sensing 

bump increases when applying a load. In Fig. 6-6, the curves of capacitance versus 

applied force have been plotted.  As can been seen, a relatively linear range of 

capacitance versus load curve occurs in the range of 0 to 0.45N with a resolution of 

0.001N. The slopes of the curves for the hard and soft bump are slightly different which 

is likely due to a different thickness of dielectric in the capacitors. However, since only 

the ratio of two capacitance values will be examined during the elasticity measurements, 

this variation in force response of the sensing bumps will not affect the performance of 

the sensor. 

 

Figure 6-5 Characterization setup for testing the load response of each bump. 
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Figure 6-6 Capcitance versus applied force curve of each bump: (a) soft bump (b) hard 
bump. 

6.3.  FEM Model of the Sensor with Hard and Soft Bumps 

To validate the sensor performance, a 3-D FEM model of the sensor is constructed in 

ANSYS® v12.1 workbenchTM as shown in Fig. 6-7.  

 

Figure 6-7 FEM model of the tactile sensor. 



61 
The simulation is conducted by pushing the sensor base towards the target object by a 

distance of 0.5mm. The elasticity of the target object is set to 0.14MPa and 1.54MPa 

respectively for two tests. To examine the force ratio underneath the two bumps, stress 

maps on the sensor base (PI layer) are displayed in Fig. 6-8. As can be seen from the 

simulation results, the area under the hard bump undergoes larger stress than the area 

under the soft one. Further, the stress map of the sensor base has a larger contrast (Fig.6-

8. b) between the two bumps when touching harder material, which indicates a larger 

force ratio under the two bumps. This observation confirms the sensing principle derived 

in (6.1). 

  

(a) 

 

(b) 

Figure 6-8 Stress distribution on the sensor base when pushing sensor towards the target 
objects of (a) 0.14MPa and (b) 1.54MPa. 
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6.4.  Identification Algorithm Design 

The fabricated tactile sensor is tested by pushing against a variety of sorbothane rubber 

specimens (Part No. 8450K3, McMaster-Carr) as shown in Fig. 6-9. The Young’s moduli 

of the rubber specimens are listed in Table I. Both Shore OO and Shore A are commonly 

used scales in hardness measurements of soft rubbers which can be defined by the 

penetration depth during a indentation test.  As shown in the chart of scales (Fig. 6-10) 

provided by the distributor [60], the scale of Shore OO is used to represent ultra-soft 

rubbers for a better resolution. The values of Young’s modulus of these rubber specimens 

are measured by a rheometer (RMS 800, Rheometrics Scientific). As aforementioned, the 

sensor readout is composed of two channels of capacitance values, and the ratio (rc) can 

be used to represent the elasticity of the targeted rubber sample. However, due to 

vibrations of the hand holding the sensor probe, a considerable amount of interference 

can be observed in the capacitance signals, and therefore results in a noisy value of 

capacitance ratio. To alleviate this problem, an algorithm using RLS method enhanced by 

adaptive forgetting factors has been developed. 

 

Figure 6-9 Tactile sensor pushing against rubber specimens in a handheld mode. 

 

Table 6-1 Young’s Moduli of the Sorbothane Rubber Specimens for the Sensor Tests 

Shore scale Young’s Modulus (MPa) 

30 OO 0.143 

40 OO 0.186 

50 OO 0.289 
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Shore scale Young’s Modulus (MPa) 

60 OO 0.405 

70 OO 0.515 

30 A 0.87 

40 A 1.54 

50 A 2.18 

60 A 3.46 

70 A 8.68 

 

 

Figure 6-10 Chart of scales for Shore OO, Shore A and Shore D. 

 

6.4.1. Recursive Least-Squares (RLS) Identification 

The capacitance readouts can be formulated in an identification form shown in (6.2). 

   
(6.2)

where C1(k) and C2(k) represent the capacitance values which can be viewed as the output 

and input data for a dynamic identification model. It can also be seen that rc(k) serves as 

the estimated parameter, while e(k) is the identification error. 

 By implementing a RLS algorithm [61-63], the unknown parameter rc(k) can be 

iteratively updated at each sampling time. Through this process, the sum of estimation 

errors can be minimized. The procedure of updating the capacitance ratio can be 

described in the following steps. 

)()()()( 21 kekrkCkC c
T 
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Step 1: Read the sensor readouts, C1(k) and C2(k). 

Step 2: Calculate the identification error, e(k), which is the difference between C1(k) at 

this sample and the estimated C1(k), which is the product of C2(k) and the estimated ratio 

in previous sample rc(k-1), i.e. 

  
(6.3)

Step 3: Calculate the update gain vector, K(k), as 
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and calculate the covariance matrix, P(k), using  
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Step 4: Update the estimated parameter, rc(k), as 

  
(6.6)

The parameter, λ, in the above equations is known as the forgetting factor. By properly 

adjusting λ, the influence of old data, which may no longer be relevant to the model, can 

be suppressed. The use of the forgetting factor not only prevents a covariance wind-up 

problem, but also allows a fast tracking of the changes in process. A typical value of the 

forgetting factor is suggested to be in the interval 0.9 to 1 [61]. It can also be intuitively 

understood that the RLS algorithm utilizes a batch of  2/ 1  λ) samples to update 

the current estimation. When λ = 1, all the previous data collected will be used.  A 

smaller λ value results in a faster convergence of estimates. However, a reduced value of 

λ increases the sensitivity of estimation to measurement noise, which may cause 

oscillatory estimation. Therefore the tradeoff between fast-tracking capability and high 

immunity to noise should be considered in the system design, which will be addressed 

next. 
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6.4.2. Fast Convergence Rate versus Immunity to Noise 

To illustrate how the size of the forgetting factor can influence the performance of the 

ordinary RLS algorithm, the estimation is conducted during sensor touch on two rubber 

samples, 30OO and 30A, as shown in Fig. 6-11 and Fig. 6-12 respectively. 

As shown in both cases, with a relatively large forgetting factor (λ = 0.995), the 

estimation of the parameter is considerably stable without observable oscillations after it 

converges, which is appealing for good steady state parameter estimation. On the other 

hand, a smaller forgetting factor (λ = 0.9) results in a faster convergence at the cost of 

larger oscillations at steady state. 

 

 

Figure 6-11 Sensor readouts on sample 30OO,  estimation using ordinary RLS : (a) λ = 
0.995 (b) λ = 0.9. 

 



66 

 

 

Figure 6-12 Sensor readouts on sample 30A,  estimation using ordinary RLS : (a) λ = 0.995 
(b) λ = 0.9. 

6.4.3. RLS with Adaptive Forgetting Factors 

As discussed in the previous sub-section, it would be beneficial to implement an adaptive 

algorithm for the forgetting factor to achieve both the favorable properties of fast-

tracking and immunity to measurement noise. Hence a change detection algorithm is 

necessary to differentiate between transient states and the steady state. For instance, in 

[61], a change detection algorithm was used to detect the abrupt change of friction 

coefficient that occurs between the automobile tire and a road that changes from dry to 

icy. This algorithm was used to trigger the amplification of the covariance matrix (gain 

matrix) to adaptively control the convergence rate. Similarly, in our case, a change 

detection of capacitance ratio would facilitate the adjustment of forgetting factors. The 

CUSUM [64, 65] change detection algorithm is chosen for its simplicity. The 

identification error e(k) is monitored throughout the period of contact. An alarm is 

signaled if the identification error has been larger than a threshold for a certain amount of 

time. The recursive formula of this method is shown below. 
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As can be seen, given the identification error calculated in an ordinary RLS as the 

input, an output alarm signal can be generated. If the alarm value  , a smaller 

forgetting factor will be chosen in the RLS. Here, the threshold value h is used to 

determine when the forgetting factor should be adjusted, in the condition that an alarm 

signal has been on for a sufficiently long time. The other threshold value d in the above 

equation is used to judge when to turn on the alarm. This makes the process ignore errors 

smaller than d. If the estimation system can swiftly track any abrupt change in 

capacitance ratio, the identification error will drop below a certain level, thus resulting in 

a zero value of the alarm signal. At this stage, the alarm is turned back off and a larger 

forgetting factor is chosen for its high immunity to noise at steady-state. 

 To demonstrate this algorithm, an experimental test on touching sample 70OO is 

conducted and the results are illustrated in Fig.6-13. As shown in Fig. 6-13(a), 

capacitance values of the hard and soft elements are plotted and the estimation is 

performed by using RLS with adaptive forgetting factors. It can be seen that contact 

occurs at around the 150th sample, where the estimation starts. At the beginning the 

estimation error is larger than 0.01, which triggers the alarm signal (Fig. 6-13. b). When 

the alarm signal is on for a while, a relatively small forgetting factor (λ=0.9) is chosen. 

After the identification error drops below 0.01, the alarm signal is turned off, and a larger 

forgetting factor (λ=0.995) is then applied throughout the rest of estimation process. To 

illustrate the benefit of this adaptive algorithm, estimation results of ordinary RLS with λ 

= 0.995, λ = 0.9, and adaptive forgetting factors are shown in Fig. 13(c). As shown in the 

figure, the etimation results generated by λ=0.9 show the favarable propety of fast-

tracking of changes. However, it is susceptible to measurement noise, which makes it 

difficult to identify the true value of the capacitance ratio. The algorithm of using an 

adaptive forgetting factor inherits the desirable property of fast convergence at the 

beginning stage, and then trends to the curve of  λ=0.995, which holds a relatively 

constant value at the steady state.  
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Figure 6-13 Sensor readouts on sample 70OO: (a) esimation of capacitance ratio using RLS 
with adaptive forgetting factors; (b) identification error and alarm signal; (c) comparison of 
estimation results of ordinary RLS with λ = 0.995, λ = 0.9, and adaptive forgetting factors. 
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6.4.4. Estimations on Multiple Rubber Samples by Utilizing RLS with 

Adaptive Forgetting Factors 

To further demonstrate the performance of the estimation system, experimental tests of 

touching multiple rubber samples consecutively one by one are performed.  As shown in 

Fig. 6-14, rubber sample 30OO, 70OO, 40A and 70A are touched consecutively by the 

tactile sensor. 

The test results are shown in Fig. 6-15. A real-time estimation of capacitance ratio can be 

generated by using the developed algorithm. For each touch, 250 samples of the data are 

utilized for the estimation right after the contact, so that the same estimation time can be 

applied for all the tests. When the estimation is completed, the capacitance ratio is then 

set back to one to maintain the same initial value for all the estimations.  As can be seen, 

the estimated ratio increases as the polymer sample under contact becomes harder. The 

size of alarm signal also grows larger for harder samples, which is likely due to the larger 

initial identification error when touching harder samples. 

 

Figure 6-14 Pushing of the tactile sensor towards four rubber specimens one by one. 
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Figure 6-15 Sensor readouts, estimation of capacitance ratio, and alarm signal during the 
test on four different samples (30OO, 70OO, 40A and 70A, from soft to hard). 

 

6.5.  Characterization of Tactile Sensor Using Rubber Specimens 

With the developed estimation algorithm, the tactile sensor is characterized by touching a 

variety of rubber specimens. Each rubber sample has been touched four times and the 

estimated capacitance ratio for each test has been recorded. As shown in Fig. 6-16, the 

capacitance ratio shows an overall increasing value as the rubber sample becomes harder. 

It can also be observed that some measurements have a considerable amount of standard 

deviation as depicted by error bars on the plot. This variation is likely due to oblique 

contact between the sensor and rubber samples as well as the nonlinearity of the 

capacitance response to value of the applied load on the bump, which cannot be solved 

solely by using the developed estimation algorithm. Our tests also show that these 

variations can be significantly reduced by mounting the sensor on a test stage and 

applying constant loads throughout all the tests. However, this test stage is not within the 

scope of this paper, since this paper focuses on developing estimation algorithms for a 

handheld device. 
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Figure 6-16 Estimated capacitance ratio versus Young’s modulus of the rubber sample. 
Inserts: data plotted in lin-log scale. 

 

 

Figure 6-17 Estimated capacitance ratio for all the rubber samples. 

 

Although the variation in measurement of a handheld tactile sensor cannot be completely 

eliminated by using the developed estimation algorithm, the estimation system also 

provides a quantitative criterion to determine the reliability of the estimated value. In 

other words, the estimation system can also be used to verify which test provides a more 

reliable value of the capacitance ratio. This decision can be accomplished by comparing 

the covariance (P) of the estimation among several tests. It is likely that a smaller 

covariance will represent a more reliable estimation. The estimated ratios with the 



72 
smallest covariance for each set of data are plotted in Fig. 6-17, to compare with the 

averaged value obtained from all four tests. This plot shows a precise uptrend, which 

coincides with the increase of elasticity of the rubber samples. Finally, the estimated 

capacitance ratios with smallest covariance values are plotted in Fig. 6-18 as a function of 

elasticity to show their relation with Young’s moduli of the rubber samples. Finally, the 

relation between the Young’s moduli of the rubber samples and sensor measurements 

(capacitance ratio) is plotted on Fig. 6-19. A curve derived from (6.1) is used to fit the 

measurements. The estimated parameters coincide well with the sensor design.  

 

Figure 6-18 Estimated capacitance ratio (with smallest covariance) versus Young’s modulus 
of the rubber sample. Inserts: data plotted in lin-log scale. 

 

 

Figure 6-19 Curve fitting for Young’s moduli of rubber specimens vs. sensor measurements. 
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6.6. Force Dependency of the Measurements by Handheld Sensors 

As shown in Eq. (6.1), the elasticity of the target materials can be calculated from the 

force ratio (Fh/Fs) distributed on the hard and soft bumps. The measurements are 

therefore independent of the magnitude of the applied contact force. In practice, however, 

the bumps utilized in the sensor structure are not ideally linear springs. As contact force 

increases, the soft bump can deform severely, thus causing an increase on its stiffness 

value, which affects the measurements. In an effort of characterizing the handheld sensor, 

a 3-D bar plot has been generated to show the sensor readout (capacitance ratio) versus 

rubber samples and contact forces. 

 

Figure 6-20 A 3-D bar plot of the sensor readout vs. rubber specimens and contact forces. 

As shown in the plot, under the same contact force, the capacitance ratio shows an 

uptrend as the rubber specimen becomes harder. However, for the same rubber specimen, 

the value of capacitance ratio drops as the contact force increases. This is likely due to 

the fact that as the soft bump becomes harder, the difference between the stiffness values 

of the hard and soft bumps reduces, and thus suppressing the dynamic range of 

measurement. To eliminate the force dependency for the measurements, linear springs 

should be chosen as the contact elements instead of solid bumps. In practice, solid bumps 

are favorable to use for the type of sensor, since they are much easier to prototype than 

linear springs. This characterization described above provides insights for calibration of 

the measurements when various contact force levels are involved during contacts.  
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6.7. A 9-bump Sensor to Improve Measurement 

As discussed in Section 6.5, the handheld sensor with 2 bumps shows reliable 

measurement results on rubber samples. For some samples, however, a large standard 

deviation on the measurements has been observed. To reduce this variation on 

measurements, a 9-bump sensor has been developed as shown in Fig. 6-21. These nine 

bumps are placed in a symmetric pattern with center bump made of hard rubber. The hard 

and soft bumps are arranged next to each other as shown in Fig. 6-21 (b). With this 

arrangement, five hard bumps and four soft bumps have been placed on the sensor 

surface. 

               

                (a)                                                  (b) 

Figure 6-21 (a)Handheld sensors with 9 touching bumps; (b) close-up look at the 9 bumps 
with hard and soft bump positioned next to each other. 

During a touch, nine channels of capacitance readings are received at the same time. The 

two signals for hard and soft bumps can be calculated respectively by averaging the five 

hard bumps and the four soft bumps. Since more bumps are employed, the average of 

multiple channels is likely to render less standard deviation in measurements than a 2-

bump sensor. This 9-bump sensor is then characterized by touching multiple rubber 

samples and the results are plotted in Fig. 6-22 to compare with the previous 2-bump 

sensor. It can be seen that the standard deviation for the 9-bump sensor has been 

considerably reduced for measurements on samples softer than 2MPa. For samples harder 

than 2MPa, the variations on the measurements become larger. This is likely due to the 

fact that the hard bump for this 9-bump sensor is made from a rubber of 1.54MPa. This 

value can be viewed as an upper bound for sensing range. For rubber samples harder than 
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1.54MPa, the sensor is no longer sensitive to the elasticity change. In this case, the 

primary reason for a change of sensor readings is due the oblique contact between the 

sensor and the rubber sample as has been discussed in Section 4.4.  

 

Figure 6-22 Comparison of the measurements from a 9-bump sensor and a 2-bump sensor. 

 

6.8. Summary of the Handheld Sensor 

This chapter presented an ultra-low-cost tactile sensor with larger size (5mmx5mm) that 

can be fabricated through a simple mounting process. To facilitate the handheld operation 

of the sensor, an estimation algorithm has been developed to identify the capacitance 

ratio from readouts. This estimation algorithm utilizes the recursive least-squares method 

enhanced by an adaptive forgetting factor algorithm. By using this algorithm, the true 

value of the capacitance ratio not only can be swiftly tracked, but also shows high 

immunity to measurement noise at the steady state. This algorithm has been successfully 

applied in the presented tactile sensor and could also be employed by other handheld 

devices to alleviate the noise caused by hand motions. Next, the characterization of the 

tactile sensor indicates that the covariance of the estimation can serve as a quantitative 

reference for choosing a reliable measurement among a set of tests. The force 

dependency of the measurements is then characterized and discussed. Finally, a 9-bump 

sensor has been developed to reduce the standard deviation of the measurements.  



76 

Chapter 7 

7. CHARACTERIZATION OF DEVELOPED SENSORS 

THOUGH TISSUE TESTS 

As discussed in previous chapters, the developed sensors have been characterized and 

calibrated using rubber samples. The characterization results show that the sensor outputs 

have a monotonic trend versus rubber specimens of increasing Young’s modulus or shear 

modulus. This chapter will discuss the experiments of characterizing the sensors by using 

fresh porcine tissues. In these tests, the sensor presents capability of detecting different 

tissue samples based on their elasticity. Further, a lesion on a porcine liver can also be 

successfully detected by using one of the prototype sensors. 

7.1. Tissue Tests with the PDMS Sensor Array 

After testing the PDMS sensor array with rubber specimens as described in Chapter 4, the 

sensor is characterized using a variety of fresh porcine tissue specimens including 

cartilage, muscle, kidney, fat, esophagus and trachea. As shown in Fig. 7-1, the bulk 

tissue specimens are mounted on the surface of the sensor array. The mounting forces can 

then activate sensor readouts. The measurements are plotted in Fig. 7-2. As can be seen, 

the average value of each set of data (from five tests) can be used for discrimination of 

different types of tissue. However, since the standard deviation in readings is 

considerably large for each tissue type, it is difficult to make a judgment on elasticity 

value from any single measurement. 

 

Figure 7-1 Fresh porcine tissue specimens used for characterization of sensor. 
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Figure 7-2 Measurement results for porcine tissue specimens in the first trial. 

 

The large standard deviation is likely due to oblique contact between the tissue and 

sensor surface. Next, to ensure a normal contact at the contact interface, a manipulator 

has been employed during the touch (Fig. 7-3.a). As shown in Fig. 7-3(b), the tissue 

specimens are placed on top of the sensor while a normal force is applied by the 

manipulator. As shown in Fig. 7-4, using this measurement set-up has significantly 

reduced the standard deviation of measurements. The results show a clear trend of the 

elasticity of tissue specimens including cartilage, muscle, fat and kidney. Moreover, this 

set of tests is considered to be more accurate with trachea samples showing much larger 

stiffness than esophagus, which cannot be observed in the previous test. 

   

Figure 7-3 (a) A manipulator designed to apply normal force; (b) Test setup during a 
measurement. 
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Figure 7-4 Measurement results for tissue specimens under normal contact. 

 

Tissue tests on cadaver tissue specimens (aorta and ureter) have also been conducted 

using the existing test setup and the PDMS sensors as shown in Fig. 7-5. As can be seen 

from Fig. 7-6, the aorta tissue specimen shows larger stiffness than the ureter.  

 

    

Figure 7-5 (a) Aorta and ureter cadaver tissue specimens; (b) tissue specimens mounted on 
the sensor surface with a manipulator applying a normal contact force.  
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Figure 7-6 Measurement results for aorta and ureta cadaver tissue. 

 

7.2. Tissue Tests with the Handheld Sensor Probe 

The developed handheld sensor probe has been discussed in Chapter 6. This prototype of 

sensor has shown improved performance in a handheld operating mode. With this 

favorable feature, no other devices (e.g. a manipulator that applies normal forces) are 

necessary to complete the measurement. To examine the capability of tissue 

characterization, this prototype sensor has been utilized to touch tissue specimens. A bulk 

porcine tissue sample (cut under the skin) is chosen for the tests as shown in Fig. 7-7. 

This tissue sample has different layers of tissue that may present different stiffness 

values. 

 

Figure 7-7 Bulk porcine tissue sample under the skin with layered structure: (a) fat (b) 
muscle (c) fat and connective tissue. 
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The experiment is designed to have the sensor touch different layers as shown in Fig. 7-8. 

The measurement results are shown in Table 7-1. As can be seen, the muscle shows much 

larger stiffness value than the surrounding tissue samples. The standard deviation is small 

enough that the muscle can be easily discriminated from the adjacent softer tissue.  

   

(a)                                               (b)                                           (c) 

Figure 7-8 Use the handheld sensor to touch different layers of tissue under skin: (a) fat (b) 
muscle (c) fat and connective tissue. 

 

Table 7-1 Sensor outputs for a layered tissue sample under skin 

Tissue specimens Average of five measurements Standard deviation 

Fat 1.23 0.42 

Muscle 2.91 0.08 

Fat and connective tissue 1.60 0.46 

 

7.3. Detection of Lesions on Liver by the Handheld Stiffness Sensor 

An application for the handheld sensors has been identified to examine the lesion tissue 

on the livers. This type of lesion can be generated precisely by using ultrasound 

generators [66] designed for non-invasive tissue ablation and thermotherapy applications. 

The lesions generated using focused ultrasound beam become stiffer than the surrounding 

healthy liver tissue. Experiments are designed to identify these lesions by using the 

handheld stiffness sensor.  
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The experiments start with generating a lesion with a diameter of around 1mm on the 

liver surface as shown in Fig. 7-9. The sensor, however, cannot show the stiffness change 

on the lesion, since the area of lesion is smaller than the active area of the sensor (5mm x 

5mm). Moreover, it turns out to be difficult to even locate this lesion by the sensor 

considering the 1mm size of the lesion. 

 

Figure 7-9 Porcine liver with a pinhole lesion on the surface. 

 

Another lesion is then generated inside the liver (around 3mm beneath the surface) as 

shown in Fig. 7-10. However, the sensor still cannot detect this lesion based on the 

experimental results. The size of the lesion is around 3mm, which is also smaller than the 

sensing area (5mm).  

 

Figure 7-10 Porcine liver with a lesion inside the liver (a) top view from the liver surface (b) 
side view of the lesion. 
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A larger lesion is then generated on the liver surface (8mm x 10mm) as shown in Fig. 7-

11. Since this lesion is larger than the sensor size, the sensor can be held and pushed on 

the liver surface through the lesion area as shown in Fig. 7-12(a).  

 

Figure 7-11 A larger lesion generated on the liver surface. 

 

Figure 7-12 Scan through the lesion by the sensor: (a) points touched on liver surface; (b) 
real-time sensing readings during the tests. 

As can be seen, tests on the lesion area (3, 4, 5) provide larger sensor readouts than the 

rest of the tissue (1,2,6,7).  To confirm this observation, the next experiment is designed 

to perform a number of touches outside the lesion area followed by a few touches right on 

the lesion as shown in Fig. 7-13. The sensor readouts are plotted in Fig. 7-14. 
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Figure 7-13 Touches on the area outside lesion (1) and inside lesion (2). 

 

 

(a)                                   (b) 

Figure 7-14 Sensor readouts: (a) outside lesion (b) inside lesion. 

 

As shown in Fig. 7-14, sensor readouts inside the lesion are considerably larger than the 

tests outside the lesion, which indicates a stiffer area on the lesion. To compare the 

measurements, the estimation results of the sensor outputs are plotted in Fig. 7-15. 
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Figure 7-15 Comparison of the sensor outputs for tests inside and outside lesion area. 

 

The last experiment is designed to examine the tissue properties inside the liver. The liver 

has been cut into slices by cutting through the lesion area, so that both lesion and healthy 

tissue inside the liver can be exposed as shown in Fig. 7-16(a).  

 

(a)                                                              (b) 

Figure 7-16 (a) Slice surface of the liver: (1) healthy tissue (2) lesion area; (b) sensor outputs 
on different area on liver slice. 

 

As shown in the sensor outputs (Fig. 7-16.b), the results again show that the stiffness of 

the lesion is larger than the healthy tissue. Another observation during this experiment is 

that the tissue inside liver drew the sensor readouts down to 0.6 – 0.8, which are smaller 

than the measurements on the surface. This could be an indication that the tissue inside 

liver is softer than the surface tissue (skin).  However, it is not common to find sensor 
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readouts smaller than 1. This reading is likely due to the fluid inside the liver, which 

causes extra parasitic capacitance that affects the measurement. It may also need to take 

into account the uneven surface of the tissue. If the tissue contacted the soft bumps prior 

to the hard bump (e.g. hard bump touched on a valley), the sensor can also present a 

reading smaller than 1. 

7.4. Tissue Tests with a 9-Bump Handheld Sensor 

In Section 6.7, a handheld sensor with 9 touching bumps has been developed. In this 

design, five hard bumps are placed on the sensor surface instead of a single hard bump in 

previous designs. By averaging the readings from five channels, the reliability of the 

sensor has been improved with less standard deviation on measurements. 

The characterization of this 9-bump sensor then moves forward to tissue tests. To 

benchmark with the performance of previous prototypes, a variety of fresh porcine tissue 

has been selected for the tests. At first, samples of muscle, fat, costal cartilage and lung 

are cut into roughly rectangular shapes as shown in Fig. 7-17 and then used for testing the 

sensor. For each set of tests, five touches have been performed. In addition, for some 

tissue samples, multiple tests have been conducted. Sensor outputs for these tissue 

samples are plotted in Fig. 7-18. As can be seen, muscle samples show larger elasticity 

than fat. Costal cartilage is apparently the hardest among all the samples, though with 

large standard deviation. This can be attributed to the fact that the cartilage is harder than 

the hard bumps on the sensor, and thus causes a large variation on the measurements as 

discussed in Section 6.7. These results coincide well with previous tissue tests. 

 

Figure 7-17 Tissue samples used to characterizing a 9-bump sensor: (a) muscle (b) fat (c) 
costal cartilage (d) lung. 
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 Figure 7-18 Readings for a 9-bump sensor on tissue samples. 

 

The next experiment is designed to examine whether the 3-dimentional geometry of the 

tissue samples affects the sensor readouts. Samples of esophagus and trachea are of a 

tube shape with a diameter of 1.5 - 2cm. These samples can also be cut open to flat 

pieces. Tests have been performed on the samples with original 3-dimensional circular 

shapes and on flat pieces as shown in Fig. 7-19 and Fig. 7-20. The measurement results 

are listed in Table 7-2 and Table 7-3, respectively. It can be seen that the sensor outputs 

on tissue samples with circular shapes are much less than those on flat samples.   

  

(a)                                                          (b) 

Figure 7-19 Tests on esophagus samples with (a) original shape (b) flat piece. 
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Table 7-2 Sensor outputs on esophagus samples 

Esophagus sample Average of five measurements Standard deviation 

Original shape 2.25 0.40 

Flat piece 5.33 0.79 

 

 

(a)                                                      (b) 

Figure 7-20 Tests on trachea samples with (a)original shape (b)fat piece. 

 

Table 7-3 Sensor outputs on trachea samples 

Trachea sample Average of five measurements Standard deviation 

Original shape 3.15 0.67 

Flat piece 7.97 1.26 

 

To examine the reason for this discrepancy, the sensor readouts for each channel can be 

plotted on Fig. 7-21. As can be seen, the touch movements can be identified by the 

increases of capacitance values. In this design, Ch1,3,5,7,9 are made as hard bumps while 

the rest are soft ones. In the case of touching esophagus sample in its original shape (Fig. 

7-21.a), only Ch9 shows a significant increase, which indicates a concentrated load on 

Bump 9. In comparison, the touch on a flat piece (Fig. 7-21.b) provides a more uniform 

force distribution on all the bumps. As expected, hard bumps (Ch1,3,5,7,9) received 

larger forces than the soft ones. During a touch, these hard bumps have shown much less 
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deviations of capacitance values compared to the test on circular shape of tissue. It is 

therefore recommended to use the measurement on flat pieces of tissue to evaluate the 

elasticity of the tissue sample. 

 

(a)                                                          (b) 

Figure 7-21 Sensor readouts for each channel (9 channels): (a) esophagus sample in its 
original shape; (b) esophagus sample as a flat piece. 

 

As aforementioned, a large variation of readouts from the five hard bumps is not an ideal 

case for elasticity measurement. This large variation could either be attributed to a curved 

shape or a bumpy tissue surface. For example, a small nodule on the tissue surface will 

generate a larger contact force on the bump in touch, and therefore result in a variation of 

readings between different bumps in the array. After carefully examining the 

measurement results, readouts with large deviations have been identified and discarded. 

The measurement results (capacitance ratio) have been plotted on Fig. 7-22 before and 

after processing. As can be seen, the standard deviation of measurements reduces 

significantly with this processing. 
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Figure 7-22 Measurement results before and after discarding the measurements with large 
variation on readouts from five hard bumps. 

 

7.5. Summary of Tissue Tests on Developed Sensors 

In this chapter, tissue tests with the developed sensor have been performed and the 

measurement results have been discussed. Fresh porcine tissue and a few cadaver tissue 

samples have been used for this characterization. The PDMS sensor needs an external 

device to apply a normal contact in order to provide reliable measurement, and therefore 

may not be suitable for handheld applications. By contrast, the handheld sensors with 

bumps of different stiffness values show promise in tissue tests. A few prototypes of 

handheld sensors have been tested by different tissue samples and can successfully 

discriminate the differences between elasticity values. An interesting application of this 

sensor has been shown to detect lesions on liver surface. Due to the size constraint of the 

current sensor, only lesions larger than 5mm can be successfully detected. This sensing 

capability can be further improved by shrinking the sensor size. 

  



90 

Chapter 8 

8. THESIS SUMMARY 

Tactile sensing has recently become a vibrant and promising topic due to the 

advancement of novel surgical procedures including robotic surgery, minimally invasive 

surgery and transcatheter cardiovascular therapeutics, where crucial physical parameters 

cannot be probed without tactile sensors. Targeting these applications, this dissertation 

presented a sensing technology for in-vivo measurement of tissue elasticity. By utilizing 

this method, the value of Young’s modulus and shear modulus can be measured without 

applying a controlled load or a controlled displacement, which has been required for 

conventional elasticity measurement approaches.  

First, a prototype sensor fabricated through a surface micromachining process has been 

demonstrated. Next, flexible sensors are developed through a polymer MEMS process, 

which includes ultra-thin polymer layer fabrication, bonding, alignment, and 

metallization technique. This flexible sensor array has then been further improved for 

shear force and shear elasticity measurement by including a quad-electrode structure in 

each sensing cell.  

Finally, a macro prototype sensor has been made by employing a PCB manufacturer and 

commercially available polyimide products. This type of sensor is especially useful for 

research or development without access to high-end micro-fabrication facilities. The 

developed sensors have been characterized by touching a variety of rubber specimens in a 

hand-held operating mode. To facilitate this operation, an estimation algorithm has been 

presented, which can achieve both fast-detection of changes in elasticity and alleviation 

of the noise due to hand motions.  To the best knowledge of the authors, this is the first 

micro-tactile sensor for elasticity measurement that operates as a handheld device. 

Tissue tests show that the developed sensors are capable of discriminating tissue types 

based on their elasticity values. This sensor was also able to detect lesions on a liver 
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surface using the variation of stiffness. These results show the potential of the sensors for 

in-vivo measurement of tissue elasticity to fulfill the biomedical tasks as aforementioned.  

For other applications (e.g. robotics), it has been recognized that the operation of a touch 

or tactile sensor is very application driven and highly dependent on the materials of the 

object being gripped. The sensors discussed in this dissertation have opened an avenue 

for rapidly detecting the rigidity of the target object, and thus help to improve decisions 

on gripping and handling.  

To sum up, this dissertation provides key insights on a novel tactile sensing technology. 

The developed sensors show potential in a variety of biomedical applications, robotics 

and material characterization. New contributions have been made to each of the 

following micro-fabrication processes: surface micromachining, polymer MEMS, and a 

fast-prototyping process. The data acquisition methods involved in the sensor readouts 

provide applicable options for capacitive sensing technology. The developed recursive 

least square filter can be utilized for alleviating noise and tremors in applications that 

involve handheld operations. 
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