A piezoresistive tactile sensor for tissue characterization during catheter-based cardiac surgery
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Abstract:

Background Currently, mitral valve annuloplasty surgery is performed by using open heart surgery. However, if such operation would be performed by using minimally invasive surgery via catheter-based techniques (CBT), it offers various advantages for both surgeons and patients. 

Methods Two piezoresistive force sensors are used in the structure of the tactile sensor, which can easily be miniaturized, and integrated into surgical catheters. The tactile sensor was fabricated and tested to characterize different elastomers, as the phantom of cardiac tissues. Based on a developed finite element analysis (FEA) of the elastomers, the interaction between the sensor and those materials were modelled to validate the output of the sensor. 
Results The results of the mechanical and psychophysical tests confirm the capability of the proposed sensor to measure the relative hardness/softness of different soft tissues. 

Conclusions The proposed tactile sensor will help surgeons to characterize different types of cardiac tissues, and would facilitate the use of CBT to perform mitral valve annuloplasty. 
Index Terms: tactile feedback, minimally invasive surgery, catheter-based technique, mitral valve annuloplasty, piezoresistive force sensor.

1. Introduction
Since the past three decades, Minimally Invasive Surgery (MIS) has offered several advantages for both surgeons and patients [1]. However, despite the progress of MIS techniques during these three decades, there are still various unsolved inadequacies involved with such techniques. In fact, one of these unsolved inadequacies is the lack of providing the kinaesthetic feedback and tactile feedback to surgeons. As an example, surgeons who use the da Vinci surgical system, developed by Intuitive Surgical Inc., do not feel tactile information while surgical tools interact with the internal organs of patients [2]. As another example, during Catheter-based Techniques (CBT), cardiac surgeons also do not feel such tactile information while catheters interact with blood vessel walls or cardiac tissues. Due to this inadequacy, numerous surgical operations cannot still be performed using available MIS techniques or CBT. For instance, nowadays, surgeons cannot use MIS or CBT with tactile feedback to perform mitral valve annuloplasty surgery, which is a common treatment of choice for mitral valve regurgitation (MR) [3]. Mitral valve is a one-way valve, located between the left atrium and the left ventricle that allows blood to flow to the left ventricle during diastole. MR is a disorder in which the mitral valve of the heart does not close tightly. Hence, blood leaks back from the left ventricle to the left atrium, thereby reducing the performance of the heart in pumping blood from the heart to the rest of body. In such surgical operations, surgeons must characterize three different types of cardiac tissues available at the site of operation. These tissues are mitral valve annulus, mitral valve leaflet, and left atrium. The aim is to localize the annulus and perform the annuloplasty surgery, as is done in open surgery in which, surgeons use their visual and tactile perceptions to characterize these tissues. However, during CBT, surgeons suffer from a near total loss of visual perception and a total loss of tactile perception. Consequently, one solution would be to integrate tactile sensors with the tips of surgical tools, such as catheters, to mimic the tactile perception of the fingertips of surgeons by providing tactile feedback from the tool-tissue interaction. 

Recently, several tactile sensors have been reported for use in MIS [4, 5]. More specifically, among such sensors, some designs have been proposed for use in CBT [6, 7]. However, these sensors mainly measure only the contact force interacting between surgical tools and tissues, and they cannot measure the relative hardness/softness of contact tissues. For instance, an optical fibre-based sensor has been proposed to measure only the contact force interaction between catheters and the heart tissues without rendering any tactile information such as hardness [6]. Howe et al. has proposed a sensor to accurately measure the contact forces for use in beating heart intracardiac surgery [7, 8]. More recently, in 2010, Polygerinos et al. [9] provided an overview of available sensors for use in cardiac catheterization procedures. All of these sensors are only either a pressure or a force sensor that can measure the contact forces between blood vessel walls and the catheter tip. The proposed tactile sensor in the present study is capable of measuring both the contact force and the relative hardness, which is required for mitral valve repair via CBT. 

Generally, providing the force and tactile feedback is not only useful for cardiac surgeons, who use CBT, but also is a great interest of any surgeon, who conducts MIS or minimally invasive robotic surgery (MIRS). In fact, such artificial feedback enhances the performance of MIS and MIRS by helping the surgeons to characterize the contact tissues, and also to investigate the hidden anatomical structures of tissues [10]. For such purposes, a wide range of force and tactile sensors have been introduced. For instance, king et al. have integrated a force feedback system into a da Vinci surgical robot [4], [11]. In their proposed system, a commercially available FlexiForce sensor and a pneumatic physical force display have been used to investigate the effects of only force feedback on grasping performance during MIRS performed by the da Vinci. The commercial force sensor used in their work can measure only the contact force. Other sensors have been proposed to measure not only the contact force but also the distributed tactile information. Nevertheless, these sensors have been designed to be integrated with surgical tools of MIS and MIRS systems and not with the catheters. For example, Omata et al. [12] developed a tactile sensor that was able to detect the hardness/softness of an object impressed upon it. The principle behind the sensor is that the resonance frequency of a piezoelectric element would change if the element comes into contact with an object. In addition, measuring the stiffness of the tissue can provide useful information for tumour characterization [13-16]. As an example, Sokhanvar et al. [17, 18] proposed a tactile sensor for tissue characterization in MIS. However, their proposed sensor, which is a piezoelectric-based one, can perform only under dynamic loading conditions. This inadequacy of their sensor can be improved by using a sensing element that can perform under both static and dynamic loading conditions. 

In addition, recently proposed force and tactile sensors for providing tactile feedback in MIS and MIRS have been discussed by Puangmali et al. [5], and Schostek et al [19], respectively. Their reviews confirm that there is a need to develop robust tactile sensors for tissue characterization in MIS especially in CBT. A various number of these recently proposed sensors consist of moving parts, which might negatively affect the reliability of such sensors. The moving parts of the sensors tend to break in the case of any accidental misuse during operations, including the application of excessive force to the sensor. Consequently, the development of a tactile sensor without using any moving parts on it to measure the relative hardness of soft objects will address a lot of challenges involved in CBT. In addition, like the tactile perception of the fingertips of surgeons, such a tactile sensor must perform under both static and dynamic loading conditions. 

In the present paper, an innovative tactile sensor is proposed, designed, simulated, fabricated, and tested for use in both MIS and CBT. Recently, a preliminary version of the presented work has been presented at a conference [20]. The sensor measures the difference of hardness of soft objects. This capability of the sensor helps surgeons to distinguish different types of cardiac tissues involved in mitral valve annuloplasty. Most of tactile sensors in the literature that are developed for MIS cannot be used in CBT by virtue of their incompatible configuration. However, the developed tactile sensor has a simple and circular configuration that can be easily integrated on the tip of surgical catheters with circular shape. The proposed sensor may also be used in magnetic-resonance-guided environment by changing the piezoresistive force sensors to piezoelectric force sensors, which can be performed by using Polyvinylidene Fluoride (PVDF) sheets as the sensing elements [21, 22]. However, by using PVDF material, the sensor can work only under dynamic force condition. The developed tactile sensor may also be used in some other surgical applications, such as catheter ablation. Determining tissue contact force has been shown as a determinant factor for determining lesion size during catheter ablation [23, 24].  Low contact pressure would cause a long ablation procedure, while the high contact pressure would increase the risk of tissue perforation [25].

The sensor structure, fabrication and display are described in the first section of the paper. In the modelling and analysis section, two elastomers with different degree of softness are modelled as hyperelastic materials to verify the concept of the sensor design using FE method. Three different test setup are designed in the results section to verify the performance of the sensor, which are (1) testing with durometer; (2) testing with sensor; and (3) psychophysical test. All of the test results are compared together in the results section. The overall conclusion about the sensor is presented in the discussion section. 

2. Materials and Methods
2.1. Description of the sensor

The proposed sensing architecture consists of two circular force sensors with different diameters, and one plastic filler plate (Fig. 1). The inner and outer diameters of the latter are identical to the diameters of the smaller and larger force sensors, respectively, as shown in Fig. 1. The smaller force sensor is placed inside the hollow part of the filler plate, and over the larger force sensor, which then becomes the surface in contact with the material. 

Figure 2.a shows a schematic view of the section of the tactile sensor in contact with soft material. All applied forces to the filler plate along the normal direction are recorded by the larger force sensor. 
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 is the inner diameter of the filler plate and 
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 represents the thickness of the larger force sensor. Similarly, 
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 represent the thicknesses of the smaller force sensor and the filler plate. Therefore, 
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 represents the distance the material needs to be displaced until touching the smaller sensor, which is
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 mm in the tactile sensor; this is found experimentally.
The degree of the hardness of the object being tested determines the optimal diameter of the hollow part of the filler plate and the optimal thickness of the filler plate. For instance, the ratio 
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 should be large for hard materials than for soft materials. If a material is touched by the filler plate, the force applied by the sensor onto the material is detected by the larger sensor. However, this output is not taken into account until the smaller sensor begins to send an output signal. As the surface of the material comes into contact with the filler plate, the part of the material touching the plate becomes constrained. Then, as force is progressively applied to the material, the material starts to penetrate the hollow center of the filler plate, finally reaching the smaller sensor inside. At this point, this smaller sensor begins to send an output signal. At the moment of contact between the smaller sensor and the material, the output of the larger force sensor shows the force required for a given displacement 
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 of that specific material. This force/pressure, which is called threshold, can be used as the measure of material hardness; the larger the threshold force, the harder the material. In fact, the threshold force for the displacement 
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 of the material is a measure of elastic property of materials. This elastic property is in direct relation with the hardness and in inverse relation with the softness of materials, respectively. 

Figure 2.b shows the applied threshold force on a material until it reaches the smaller sensor. When dealing with samples of different size and area during experiments, the threshold force can be converted to threshold pressure instead.  

2. 2. Sensing Principle and Fabrication
Piezoresistive force sensors are used in miniature in the fabrication process due to their low thickness (less than
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), quick response, low noise, and small size. The measuring element of the piezoresistive force sensor is semiconductive polymer composite. The performance, theoretical modelling of output and the characteristics of piezoresistive force sensors based on semiconductive polymer composites is published in [26]. However, some other characteristics of the piezoresitive force sensors are addressed in the present paper.
The output of the piezoresistive sensor is linear within the 0 to 25 N force range, which is acceptable in MIS [18], with resolution of 
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N. As the displacement of the tissue is equal to 0.8 mm, it means that the sensitivity of the sensor to the stiffness is 
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N/m. In addition, the repeatability of the sensor is 
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 of full scale with an appropriate static and dynamic response. The diameters of the large and small sensors are 
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 mm and 
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 mm, respectively. Each force sensor has one input/output port which is fed by a constant supply of DC voltage of 0.5 V. 
A calibration procedure was implemented for converting the voltage output of the sensor to the sensed force. Experimental data shows that the force applied to the force sensor has a linear relation with the conductance which is explained in detail in [26]. Figure 3 shows the output of the larger force sensors from experimental data and the linear relation of the force 
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 with conductance
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. In addition, the accuracy of the sensor is also specified in terms of the sensor linearity [27], as shown in Fig. 3. 
The least-square straight line 
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 determines the nominal output of the sensor, and the accuracy is determined in terms of the linear output. As a percentage of the sensor readings, the accuracy is shown to be 
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 of the full scale. To characterize the dynamic response of the piezoresistive sensor to applied forces, 0.1–2.6 N sinusoidal force chirps from 0.2–2 Hz was applied to the sensor by ElectroForce 3200 BOSE device (ElectroForce Systems Group of Bose Corporation, Minnesota, USA). Both sensors were sampled at 200Hz. Figure 4.a shows the output of the piezoresistive sensor plotted with the applied force from the ElectroForce device. The amplitude and the phase of both signals match together with the root mean square error value (RMS) of 0.611, indicating a good match. To test the linearity of the piezoresistive sensor for dynamic applied loads, a square force from 0.1 to 2.5 N with 0.1N interval and the frequency of 1 Hz was applied to the sensor, as shown in Fig. 4.b. In this figure, the response of the piezoresistive sensor is plotted with the applied dynamic force. Interestingly, the filtered and unfiltered outputs of the sensor are following each other with almost no considerable noise, as opposed to the readings from the measurement device, ElectroForce 3200 BOSE. However, using the filtered output of the sensor results in more accurate data for harmonic loads with high frequency. The low level of noise shows that the sensor does not have considerable signal-to-noise ratio if being micro-fabricated. Furthermore, the output of the sensor has a good agreement with the applied force.
A signal processing code is developed by using LabView software to analyze the output data from the two force sensors and to display the calculated threshold force. Moreover, a buffer circuit is used to reduce the loading effect of the tactile sensor on Data Acquisition (DAQ) amplifiers and to minimize the cross talk between the different input channels of the DAQ. The tactile sensor is connected to the buffer circuit which, in turn, is connected to the DAQ board, and to the developed LabView code. The processing software in the LabView environment, calculates the applied and the threshold force values according to the input voltages. At the instant when the smaller sensor is activated, the output of the larger force sensor is recorded by using the LabView code. The output of the smaller sensor triggers the recording of the output of the larger force sensor, at the threshold force.
A first-order low pass filter is also used to filter out the 60Hz noise from input signal. Since the attenuation factor for the first order filter is not very high, the cut-off frequency at 10 Hz was chosen in order to have enough attenuation for the 60Hz noise.  If a higher-order filter was used, the cut-off frequency could be moved to 40-50 Hz. However, a higher-order filter reduces the speed of the software which causes an error in detecting the threshold value, and consequently the value representing the hardness.
To manufacture the tactile sensor, two force sensors and a filler plate are fabricated and integrated together. Each force sensor is consisted of two conductive plates, two polyester films, and a piezoresistive sensing element as shown in Fig 5.a. The radii of the small and the large piezoresistive sensor are 1.5 mm and 3 mm, respectively. The electrodes are covered with two layers of polyester film, or silicone tape (Fig. 5.b). The thin layer of the polymer composite is then sandwiched between the two layers of electrode (Fig. 5.c). The filler plate is cut from a rigid plastic plate and polished. Then, the two sensors and the filler plate are adhered together to form the tactile sensor as shown in Fig. 5.d. 
2. 3. Modelling and Analysis

In order to model the sensor, and illustrate the difference in the hardness degree of elastomers, two elastomers are selected to be modelled. In fact, the hardness of the selected elastomers is similar to the hardness of tissues; the two elastomers were selected to represent hard and soft tissues. The stress-strain curve of the two elastomers was established by compression test, which caused a displacement of 
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 mm in both samples. The obtained stress-strain data were used to verify the concept of the tactile sensor design using finite element analysis (FEA). For this purpose, the interaction of the tactile sensor and the elastomers was modelled. The elastomers were considered as nearly incompressible and isotropic hyperelastic materials by virtue of their large deformation under applied force. Concepts for nonlinear stress-strain behaviour of hyperelastic materials can be found in [28-30]. In hyperelastic material, there exists the second Piola-Kirchhoff stress tensor, which is derivative of scalar strain energy function to strain components. The second Piola-Kirchhoff stress tensor relates forces in the reference configuration to area in the reference configuration, which is written as 
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 is the right Cauchy-Green deformation tensor.  Mooney-Rivlin [31] proposed strain energy function 
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where 
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 are Mooney-Rivlin constants, 
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where 
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 are the principal stretches. For incompressible materials, it can be written that
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The constants of 
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 in eq.(2) do not have any physical meaning as they are only curve fitting parameters. It should be noted that in stress free condition, the strain energy is equal to zero. Therefore, by setting
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 constant is equal to zero either. In the present paper, the elastomers were modelled with three parameter Mooney-Rivlin constants. Therefore, by setting 
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 in eq.(2), the three terms Mooney-Rivlin equation is obtained as 
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Using curve-fitting techniques, different Mooney-Rivlin models such as 2, 3, and 5 parameters were fitted to the obtained stress-strain curves of the two elastomers B1-A and ICF (from PROFOM Co., Quebec, Canada). 
The compressive stress-strain curve for the two elastomers and the fitted Mooney-Rivlin models are shown in Fig. 6, from which it can be seen that the third order Mooney-Rivlin model fits best to the experimental data for both elastomers. The normalized error norm for the three-parameter Mooney Rivlin model for B1-A and ICF is 
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, respectively. The Mooney-Rivlin Constants for B1-A and ICF are shown in Table 1. 

FE analysis was performed to validate the output of the tactile sensor for the determination of the difference in hardness of materials. The calculated constants from modeling of the two elastomers were entered as the hyperelastic material properties. 

To examine the performance of the sensor, and compare it with FEA results, the sensor was experimentally tested with seven elastomers of different hardnesses, as phantom of tissues. 
The tactile sensor and the materials were placed between the jaws of ElectroForce 3200. A normal force was applied to the materials by device until they had a displacement of 
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 mm, reaching the inner force sensor. Since the stress-strain behaviour of the elastomers is nonlinear, a constant value of young modulus or stiffness cannot be assigned for them; and the value for the stiffness would vary in each displacement point. However, it can be written that the ratio of the measured threshold force to the length of displacement 
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mm is proportional to the tissue stiffness, for 0.8 mm of displacement.
To validate the results of the experiments with tactile sensor, the hardness degree of the elastomers was also tested with two other methods; (1) by a durometer; and (2) by a psychophysical test. 

A durometer of type OO—a standard device for hardness measurement of soft materials—was used to characterize the initial hardness of the seven elastomers according to ASTM D2240 Standard. 

Since the tactile sensor is designed to be mounted on a tip of a surgery catheter to play the role of the surgeon’s finger, the output of the tactile sensor should be similar to that of a human. Therefore, a comparison between the outputs of the tactile sensor with the hardness feeling of humans was also performed by designing a psychophysical test. Hence, a group of 20 engineering students were selected to report their feeling of hardness of the seven elastomers. The students were asked to press the elastomers with their index finger, and report their feelings about the degree of hardness/softness of the elastomers. As the elastomers are pressed by the sensor for hardness detection, the students were asked to close their eyes, and similarly press the elastomers with their index finger without sliding finger on the elastomers. By closing their eyes, students were able to concentrate only on their tactile perception. Then, they were asked to assign a relative hardness number to elastomers, starting from one for the softest and seven for the hardest material.
3. RESULTS
The elastomers and the tactile sensor were modelled in ANSYS using appropriate elements which are formulated on the basis of finite deformation theories. The tactile sensor was modelled with 2D 3-node structural solid element (PLANE 42). Also, 2D 6-node structural solid element (PLANE 183) was selected to model the hyperelastic elastomers. This element has capability of large deformation which makes it suitable for modelling nearly incompressible hyperelastic materials [32]. The 2D contact elements (TARGET 169 and SURFACE 172) were selected to model contact between tactile sensor and elastomer. The coefficient of friction between the upper surface of the tissue and the tactile sensor was set to 
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 [33]. In addition, the lower surface of the tissue was considered to be fixed. The range of applied pressure on elastomers started from small amounts and increased until contact of elastomer and the smaller sensor. Then the applied pressure on the total area, on the larger sensor, was calculated.

Figure 7.a and Fig. 7.b shows FE analysis for both B1-A and ICF materials, respectively. The elastomers were constrained in FEA from the bottom, while the sensor was displaced toward the material. The outer and the inner radii of the sensor were considered equal to 3 mm and 1.5 mm, respectively. The sensor was displaced 
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 mm to allow the materials reach into the hollow part by 
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 mm displacement. Table 2 compares the results of the FE analysis with the real testing outputs for the same elastomers. In this table, the recorded threshold pressure is listed for both elastomers in FE and experimental test. 
From Table 2, it can be seen that the required pressure value by B1-A material to reach the inner surface of the smaller sensor is much greater than that for the ICF material in both experimental and FEA tests. The difference between results of FEA and experimental test can be attributed to few parameters. Considering elastomers as incompressible can introduce inaccuracy since the elastomers are not completely incompressible. In addition, the resolution and the drift of the force sensor cause some inaccuracies for the data extracted from the experimental test. 

Figure 8 shows the result for the psychophysical test of the seven elastomers by 20 engineering students. The results show that students have different feeling about materials with similar degree of hardness, such as H1-N, B1, and EVA elastomers. 

Table 3 shows the comparison between results of the sensor, the durometer, and the psychophysical test. The elastomers in this table are arranged in accordance to their decreasing hardness/increasing softness from left to right. In order to have a feeling of the hardness of elastomers indicated in shore scale and their relation with the hardness of tissues, the hardness of a porcine atrial tissue was measured, which was 25 shore type OO. 
As shown in Table 3, the relative hardness of the elastomers that are established by the tactile sensor agrees to the relative hardness established by the standard durometer, and the group of the 20 people. 

The results of Table 3 shows that for a relatively small increase in the measured hardness from B1 to H1-N, from 45 to 48 Shore OO, the threshold pressure by the tactile sensor shows a large increase, from 52 to 89.8 Kpa. The reason for this difference is due to the metallurgical structure of the two elastomers. B1 elastomer has a homogeneous structure, while the H1-N elastomer has a nonhomogeneous structure with a relatively compressed and dense material near its surface. Therefore in the test with a durometer, the major part of the deformation of H1-N occurs in the middle area of the elastomer which is softer in comparison to its surface. However, by virtue of the design of the tactile sensor, the hard surface of the H1-N elastomer is deformed during the measurement. Hence, the records of the sensor output show a higher change in the threshold pressure.

The tests result of Table 3 can be also used in calculating the required force to be applied by a surgical catheter to cause sufficient tissue deformation for hardness measurement by the sensor. The outer and the inner radii of the tactile sensor in Fig. 4.a are 3 mm and 1.5 mm, respectively. Hence, the required force for the hardness detection by this sensor would fall in the range of 0.01 N to 1.9 N for the softest to the hardest tissue. This range can be easily tuned by changing the contact area of the sensor with tissue, which can be achieved by changing the ratio of the inner to the outer radii of the tactile sensor, and by changing the thickness of the filler plate. In other word, by changing the ratio of
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 , in Fig. 2, the range of required force to be applied to the tissue can be tuned. Therefore, the range of required force can be adjusted for each catheter to fall within the limits of the catheter for applying force. 
4. Discussion

In the present paper, an innovative tactile sensor was proposed, fabricated, simulated, and tested for use in both CBT and MIS. The experimental tests results of the present study confirm that the tactile sensor successfully characterizes seven elastomers. Such elastomers resemble different biological tissues with different degrees of hardness involved in surgical operations. For instance, among these seven materials, the hard ones could be a tumorous lump, an artery, or a ureter surrounded by a background tissue whereas the soft ones could be the background tissue. As another example, the hard materials could be mitral annulus tissue while the soft ones could be mitral leaflet tissue or left atrial tissue.  

The sensor was used to detect the differences in the degree of hardness for different elastomers. In order to validate the performance of the sensor, its output was compared to the results of three different techniques as follow: (1) FEA of the interaction between the sensor and elastomers; (2) Hardness measurement of the same elastomers with a durometer device; and (3) a psychophysical test of relative hardness measurement for the same materials.  In the first technique, compression tests were conducted on the elastomers to obtain their stress-strain information. The test data was used to develop a FE model of the materials based on a three-parameter Mooney-Rivlin hyperelastic model. These models were used to simulate the interaction between the sensor and the elastomers. In the second technique, the hardness of the elastomers was tested by a standard durometer device. In the third technique, a group of twenty students from the faculty of engineering at Concordia University were asked to report their tactile perception on the degrees of hardness, relatively, for the same materials. The comparison between the output of the sensor and the results of three techniques validates the design concept and the performance of the sensor. 

As mentioned previously, most of the sensors developed for MIS have either complicated designs or incompatible configurations to be used in CBT. However, the present sensor offers various key features that enhance its performance for use in both MIS and CBT applications. Such key features of the sensor are its ability to perform such measurements with the following characteristics: (1) it consists of a flexible design with single solid piece without any moving parts; (2) it performs under both static and dynamic loading conditions; and (3) it can easily be micro-fabricated due to the simple design of the sensor. 

The first innovative feature of the sensor eliminates the risk of physical damage to the sensor before and during the surgical operations. In other words, the single solid piece of the sensor tolerates excessive forces that might be applied to the sensor unintentionally. In the mean time, the circular configuration of the sensor facilitates its integration with the narrow spaces available at the tips of surgical catheters. Furthermore, the external shape of the tactile sensor can be also reconfigured to square shape, without any change in the principle of the sensing mechanism. This flexibility in the shape of the sensor allows it to be fabricated on the jaws of a surgical grasper in MIS. Hence, the developed sensor can be used in both MIS and CBT applications for the palpation of tissues. In addition, the tactile sensor can be fabricated on robotic manipulators and end-effectors for other purposes, e.g. teletouch applications.
The second feature of the sensor helps surgeons to maintain a stable contact between the tips of catheters and tissues. The third feature of the sensor allows the cost-effective batch production of the sensor in a miniaturized scale. As the tactile sensor is composed of a piezoresistive layer and a filler plate, they both can be cut into small pieces by using accurate laser cutting technology; and be assembled by micromanipulators. Moreover, the piezoresistive-based sensing principle of the sensor provides a low noise signal, which requires a simple signal processing for the hardness measurements.
An array of micro-fabricated version of the proposed tactile sensor is to be integrated into the tip of a catheter. This project is currently under investigation in our laboratory. Figure 9 shows that the comparing of the tactile sensors output would enable the localization of the annulus, as it is needed in MIS annuloplasty surgery.

In real surgical setup, the middle part of the catheter should be reserved for the anchoring system of the mitral valve. Furthermore, the output signal from only one sensor on the tip of a catheter is not enough for localizing and positioning the mitral annulus from its surrounding tissues. Hence, more tactile sensors may be used for comparing their output signals together to localize the hardest tissue, annulus. In the next step, several tactile sensors, at least four, would be fabricated on the extremity of the catheter circumferentially as shown in the upper image in Fig.9. Then each of the sensors would have different output signal by establishing a suitable contact between the catheter tip and heart tissue. By graphical rendering of the difference in the relative hardness, the surgeon can localize the position of the mitral annulus. The graphical interface, lower image in Fig.9, for the sensors is already developed. The next step is to miniaturize the sensors and to integrate them into the extremity of the catheter, followed by clinical tests. 
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Figures Legend

Fig. 1. Schematic view of the sensor and the filler plate
Fig. 2. a. Schematic of the sensor and the filler plate  b. schematic exaggerated view of measuring the threshold force

Fig. 3. The curve of Conductance-Force for the larger force sensor, and the accuracy limits of the sensor

Fig. 4.a. Input force and response for sinusoidal chirp force to the sensor    b. Input force and response for applied dynamic square force to the sensor

Fig. 5. The steps of fabricating the tactile sensor 

Fig. 6. A typical fitting of Mooney-Rivlin model with 2, 3, and 5 parameters to the uniaxial compression data of the two elastomers

Fig. 7. The normal stress in Y-direction for both elastomers to displace 0.8 mm and reach the smaller sensor 
Fig. 8. Comparison of the hardness feeling of 20 people on the seven elastomeric materials

Fig. 9. Localizing the position of mitral annulus by comparing the output of the tactile sensors on the tip of catheter and the display system

Tables Legend

TABLE 1. Constants of the three-parameters Mooney-Rivlin model
TABLE 2. Comparison of the results for the two elastomers between the FEA and the tactile sensor outputs 

TABLE 3. Comparing the results for the hardness measurement of the elastomers
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