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ABSTRACT OF THE DISSERTATION 

 

The Development of Short and Long Term 

Continuous and Real Time In Situ Medical Pressure 

Sensors 

by 

Robert Nien-Kuo Tan 

Doctor of Philosophy in Bioengineering 

University of California, Los Angeles, 2012 

Professor Jacob Schmidt, Chair 

 

There has been a push to modernize the technology used in patient monitoring. One area that is 

being investigated is the use of in situ sensors for real time, continuous vital signs monitoring, 

particularly to measure pressure. We developed two sensors fulfilling different roles. One is fully 

implantable and wireless for long term urological pressure monitoring using conventional 

MEMS technology. This sensor required the use of a battery-powered wireless transmitter. The 

second sensor utilizes an entirely new method of pressure sensing designed to be easily scaled 

down in size while being extremely cost effective. By using an electrolyte solution-filled elastic 

tube, the sensor does not require further packaging; also the materials used are easily obtainable 

commercially, so no custom components are required even when downsizing. Although initially 

designed and tested as a wired sensor, the new catheter sensor was designed to be integrated with 
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wireless capability later—to create a truly minimally invasive long term pressure monitor. Both 

pressure sensing systems were developed by fabricating a pressure sensitive catheter lead, 

designing the electronics required to amplify and filter the sensor signal, programming the 

software client that received, stored, graphed, and interpreted the data. Furthermore, both sensors 

were subjected to extensive in vitro testing to characterize sensor performance and lifetime, as 

well as simulate an in vivo environment. Both sensors required the investigation of robust 

packaging techniques to ensure functionality and survivability while implanted. Last, both 

sensors demonstrated their potential use as a pressure monitor in animal studies: within the 

bladder for the wireless implantable sensor and as an intravascular sensor for the new 

conductometric design. 
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Chapter 1 Introduction 

 In the United States, an estimate of 44,000 to 98,000 patients die every year due to errors 

in diagnosis or treatment [1]. There are several reasons for this, such as human errors, lacking of 

diagnostic information. While there is little technology can do about human mistakes, avoiding 

misdiagnosis can be aided by technology that provides a wealth of information previously 

inaccessible to clinicians. Diagnosis typically occurs after a patient complains about symptoms. 

The physician, like a detective, must piece together clues based on the patient’s qualitative 

descriptions and from quantitative data at his disposal. Unfortunately, in healthcare, clinicians 

cannot afford the luxury of extended time to obtain accurate and quick diagnoses as the patients’ 

condition could worsen over time. Misdiagnosis is compounded when the patient cannot 

effectively communicate with the physician. Furthermore, certain parameters, like pain, are 

based completely on a subjective scale reported by the patient, and thus, there is no standard 

metric to compare with—making the metric unreliable.  

 To accurately understand a patient’s physiology and pathology, it’s clear enough that 

medical personnel must rely on quantitative data of vital signs to make correct diagnoses. Many 

conditions are underlying and go undetected before the patient seeks treatment, which 

complicate matters further. Sometimes patients have experienced severe episodic or transient 

events, such as a myocardial infarction or stroke; by the time correct treatment is given, 

irreparable damage has already occurred. This heightens the need for reliable physiological data. 

Unfortunately, vital signs are typically measured discretely, which only gives a snapshot in time, 

and trends in physiological data are difficult to detect and interpret. Although there are 

continuous sensors have already been used, like arterial lines, swan-ganz catheters, 
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electrocardiograms, and pulse oximeters, many of these patient monitors are tethered to the 

patient and impractical to use outside of the bedside in the hospital. 

 Continuous monitoring devices, the states of the art of each are discussed in further detail 

later, can be separated into two categories: short-term and long-term. Briefly, short-term sensors 

are designed to be used only in the hospital and are typically used in critical care units or in the 

emergency rooms. As mentioned before, to get a better picture of the patient’s physiology at one 

moment, a variety of sensors need to be used, which tether the patient to the bedside. For 

hemodynamic monitoring, patients often need to be catheterized with a various catheters to 

monitor different cardiac parameters, such as arterial pressure, venous pressure, and cardiac 

output. The technological trend is to combine sensing modalities into one sensor; for example, 

cardiac output can be inferred by measuring arterial pressure, thus it eliminates the need for a 

separate pulmonary artery catheter [2]. However, the current arterial blood pressure monitors still 

rely on ex vivo measurements. Sensing artifacts relating to tube kinking, tube resonance, bubble 

formation, and body position may occur [3]. Moreover, the tubing and sensors need to be 

periodically flushed or perfused with heparin solution to prevent thrombogenesis. In situ sensors 

measure blood pressure directly within the blood stream; therefore, they are advantageous since 

they are not plagued by the same motion artifacts and can produce more accurate data. They are 

also as invasive as current arterial lines since they can utilize current catheter ports, which are 

already used for arterial lines. However, their high costs preclude them from being broadly used. 

This thesis addresses the concern by using novel sensing and fabrication techniques that are 

easily scalable to small size while keeping costs low. 
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 Long-term patient monitoring is used when a physician needs to keep track of a patient’s 

various physiological parameters over a period of time spanning months and even years. It would 

be impractical to keep the patient in the hospital for that long, so the patient is required to wear 

the monitor while being ambulatory at home. A physician may be interested in the progression of 

a previously diagnosed disease, the effectiveness of therapy, the use of an early warning system 

for crisis events in high risk patients, or an automated closed-loop disease management system. 

Also there have been studies, which show that physiological data measured in a hospital differs 

from the data collected in a normal ambulatory setting due to psychological or physical factors, 

such as being tethered to a patient monitor or artificial stimulation [4, 5]. In fact, the literature 

has extensively documented the effects of restraining an animal on its core temperature, heart 

rate, blood pressure, and hormone levels [6-8]. By monitoring physiology in ambulatory settings, 

the patient is in a relatively stress-free environment, yielding results more typical of that 

particular patient’s physiology. However, the condition of being stress-free depends on the 

patient’s monitor being less restrictive to patients’ movements. The Holter monitor, a 

continuous, wearable, portable electrocardiogram, represents one of the first long-term patient 

monitors, but its bulkiness, hassle, short lifetime, lack of telemetry capability, and susceptibility 

to motion artifacts limit its use. Other systems that continuously monitor blood glucose levels, 

such as Medtronic’s Guardian, have been developed and even integrated with insulin pumps to 

form a closed-loop diabetes management system. However, blood pressure is a parameter widely 

tracked in critical care situations, but it is not measured in typical home monitoring. Several 

companies have developed various wireless blood pressure monitors, the details of each of them 

are discussed later. Typically, they rely on radio frequency induction to power the sensor and 

transmit its data; therefore, unless the patient stands next to the patient monitor, continuous data 
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for a prolonged period of time is difficult to obtain. This thesis addresses this issue by 

developing an active powered pressure sensor capable of transmitting data every second. 

 This thesis addresses the development of two different pressure sensors.  Chapter 2 to 4 

focuses on a long-term urological pressure monitoring system, which consists of a catheter-

mounted microfabricated pressure die connected to an internal battery and wireless transmitter. 

Chapter 5 to 9 covers a short term solution that focused only on the design, characterization, and 

implementation of a novel arterial blood pressure sensitive catheter.  Furthermore, the signal 

processing, data amplification, data analysis, and communication between the sensor and 

monitor are discussed (Figure 1.1). At the end, the thesis discusses improvements and future 

developments needed to integrate the sensor into a sensor network within a hospital or as a 

standalone home monitoring device. 

  

 

Figure 1.1. A block diagram of both a short-term and long-term continuous pressure monitoring system. The 
pressure transducer is mounted at the end of a catheter that is connected to a signal conditioning circuit that 
amplifies and filters the data. The sensors communicate with a LabVIEW station through A) wireless 
communication for the long-term sensor or B) a wired connection for the short-term sensor. The data is then 
analyzed and stored. 
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Chapter 2 Fully Implantable Pressure Monitor 

2.1 The Need for Wireless Pressure Monitoring 

In the medical community, there has been significant interest in telemedicine and remote 

patient monitoring at home and in the hospital [9]. Current patient monitoring instrumentation 

and practices can be cumbersome and restrictive. For example, in the intensive care unit, blood 

pressure can be monitored continuously with an arterial line. This is a catheter that is placed in 

the artery, and an external transducer detects the pressure. The limitations of this are that the 

accuracy is highly variable, and the patient is often sedated to prevent injury from movement. On 

the other hand, in standard care, while completely non-invasive and burden-free to the patient, 

standard blood pressure measurements with a cuff are non-continuous point measurements 

typically taken every 2-12 hours. The development of critical vital signs between measurements 

could be missed.   Currently, there is no device which provides clinicians with continuous 

monitoring of vital signs without being extremely invasive and/or cumbersome. 

 A device capable of continuous and real-time monitoring without significantly reducing 

the patient’s comfort or restricting his/her movement would fill the gaps in performance and 

comfort between intensive and standard care. A simple and cost- effective solution is to use 

implantable microsystems utilizing wireless telemetry. Wireless telemetry frees the patient from 

being tethered to large hospital monitors and can participate in a hospital sensor network, which 

could increase monitoring efficiency by minimizing staff work load, increasing the amount of 

data obtained, and streamlining its storage and processing. Micromachined pressure sensors are 

readily available and have been explored for use in blood pressure measurement, either in 
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intravascular systems or implantable pressure cuffs [10-16]. Sensors are also being developed for 

sensing intraocular pressure, intracranial and spinal pressure, and orthopedic stresses [17-23]. In 

urology, a field in which the etiology of disease is often times secondary to abnormalities in 

pressure, there have been only a few pressure sensors developed for this purpose, but based on 

information available in the market place, none have been tested successfully in vivo [24, 25].  

The diagnosis and management of urologic diseases could be benefitted from these sensors.  

 For the most part, wireless implantable pressure sensor development has been focused on 

devices powered by radio frequency (RF) induction, which enables indefinite implantation and 

operation without the need for subsequent surgeries to change batteries; besides, the total device 

volume is minimized, as the battery is typically the largest component. Several groups have 

developed and tested devices that detect dynamic blood pressure in the femoral artery or aorta of 

animal models [11, 13]. Two systems are commercially available: the Savacor HeartPod and 

CardioMEMS EndoSure for implantation in the left atrium and aortic aneurysm, respectively 

[10, 15, 26]. However, the transmission range is often limited to centimeters [11, 13], and the 

sensor can only transmit data when it is exposed to RF energy. This circumstance often limits the 

measurements to discrete points in time or tethers the patient to an antenna at all times for 

continuous measurements [15, 26]. 

 Here a different approach is presented to monitor ambulatory pressures, which consists of 

a micromachined pressure die, amplifying electronics, microcontroller, wireless transmitter, and 

battery that is implanted into the body and communicates with a personal digital assistant (PDA) 

or computer. Because the RF energy involved does not need to power the device, the frequency 

can be chosen to maximize transmission range. Therefore, the PDA or computer can be located 
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relatively far away, and the patient is free to move around without fear of losing data. Monitoring 

can be done during normal activity levels of the patient as opposed to being bedridden and 

immobile as is currently required.  

2.2 Ureteropelvic-junction Obstructions 

 The ureteropelvic junction connects the kidney to the ureter. Obstruction of the junction 

leads to abnormally and chronically high renal pressures, and if left untreated, renal deterioration 

and kidney failure can result. Ureteropelvic junction obstructions (UPJO) are not common in 

adults with an incidence rate of 3.8% [27] and more prevalent in children. UPJO is caused by 

kidney stones, blood clots, retroperitoneal fibrosis, congenital defects, or even pregnancy [28]. 

Typical diagnosis occurs when a patient complains of flank pain, vomiting, and fatigue. A 

typical blood analysis would show impaired kidney functionality, such as elevated urea and 

creatinine, hyponatremia, hyperchloremia, and metabolic acidosis. A clinician suspecting 

hydronephrosis or an accumulation of water in the kidney may order a pyelogram, a radiological 

imaging of the urinary tract with a perfusion of imaging contrast at a rate of 5-10 ml/min into the 

renal pelvis [29] to differentiate between obstructive and non-obstructive uropathy. However, 

pyelogram may not always diagnose UPJO [30], so a more comprehensive test, the Whitaker 

test, may be used. 

 The Whitaker test requires perfused fluid into the bladder over the course of 30 to 90 

minutes. Pressure transducers connected to catheters, which are inserted into the rectum and 

urethra collect pressure data for later analysis. By directly measuring renal pressure, UPJO can 

be diagnosed [31]. However, variability in data can be produced by differences in patient 

positioning, transducer brands, and catheter placement [32-34].  
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There is clearly a need for continual monitoring at home for patients with chronic UPJO. 

However, an invasive and time-consuming procedure like the Whitaker test is impractical for this 

purpose. For continual monitoring, patients that may not be able to communicate effectively with 

their physicians complicate matters. In addition, the diagnosis and therapy of patients with UPJO 

still remains a mystery [35], and further research is needed in studying the exact pathophysiology 

of UPJO, as well as effective treatment techniques. The pressure sensor developed in this 

research can help directly tracking renal pressures long-term in a minimally invasive package. 

Any changes in pressure resulting from renal blood flow and urinary tract drainage can be 

detected, which would usher in a new paradigm in UPJO diagnosis. Lastly, multiple sensors can 

be used to map pressure changes in different locations, providing a more thorough picture of the 

disease.  
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Chapter 3 Fully Implantable Wireless Pressure Monitor Design 

3.1 Catheter Fabrication, Packaging, and Characterization 

The work described below was detailed in previously published works [36, 37]. The 

catheter lead houses the pressure sensor assembly and connects it to the sensor node. It consists 

of a piezoresistive pressure sensor (Silicon Microstructures 5108) measuring 0.65 mm x 0.65 

mm affixed onto a ceramic printed circuit board (PCB) with UV epoxy (Masterbond UV10). The 

die was chosen for its size, sensing range, and precision with a sensitivity of 1.6 mV/psi/V. The 

strain gauges on the die are configured in a temperature-compensated Wheatstone bridge. As 

shown in Figure 3.1A, the chip was then wirebonded (West Bond 7402C) to contact pads on the 

substrate board. Four individually insulated platinum-iridium (Pt-Ir) wires threaded through a 7.5 

French (2.5 mm) catheter were soldered to leads on the board connected to the contact pads. UV 

epoxy was applied over all contact and solder pads on the substrate board and chip and then 

cured for eight minutes to prevent any of the Pt-Ir wires or wirebonds from breaking contact. A 

gold cap with four wedge-shaped holes cut out of the side was affixed with UV epoxy onto the 

PCB over the pressure die to protect the chip. The four Pt-Ir wires are wound around a high-

tensile insulating Dacron core and threaded through Tygon tubing. This assembly was threaded 

through silicone tubing prior to soldering. 

 The packaging is depicted in Figure 3.1B: 44.5 μm-thick cellophane film (3M) was 

wrapped around the substrate board and gold cap. The film was sealed with 5 minute epoxy 

(Devcon). Once cured, the tip of the catheter lead was compression-molded in medical-grade 
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polydimethylsiloxane (PDMS) silicone (Nusil Med-4011), which is FDA-approved for short-

term implantation [38]. 

 
Figure 3.1. Artist’s rendition of catheter lead tip. A) shows the lead tip unpackaged. A commercial pressure die is 
affixed and wirebonded onto a PCB substrate. Four Pt-Ir wires fed through the catheter are soldered onto the PCB. 
B) depicts the lead after packaging. A gold lid covers and protects the chip and wirebonds. Cellophane is wrapped 
around the lead; PDMS is molded around it to make it biocompatible. 
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The PDMS was mixed in a 10:1 elastomer base to curing agent ratio and degassed under 

vacuum. Once in the mold, the PDMS was allowed to cure for ~24 hours at room temperature. 

The final diameter of the molded tip of the catheter lead measured about 12 French (4 mm). 

3.2 Sensor Node 

The sensor node consists of three components: amplifying electronics, a microcontroller 

with a built-in wireless transmitter, and a battery. The other end of the catheter lead is soldered 

onto a custom-designed circuit board. On this circuit board, there are a quad micro-power, single 

supply operational amplifier (Texas Instruments TLV2764), a 2.5 V voltage regulator chip 

(Analog Devices REF192), and a single pole, double-throw (SPDT) magnetic reed switch to turn 

the device on and off (Hamlin) [39]. The voltage regulator chip sets the supply voltage powering 

the device and other electronics to 2.5 V to prevent any variations in signal from the pressure die 

due to variations in battery voltage. The operational amplifiers were configured to null any offset 

from the sensor bridge and amplify the bridge voltage by a factor of 300. The physiologically 

relevant pressure measurement range was 1.5 psi gauge pressure, and with the device sensitivity, 

supply voltage, and amplification, the device output was 1.2V/psi and 1.8 V for the physiological 

pressure range.  

 The output of the amplifying circuit was connected to the microcontroller with a wireless 

transmitter (Mica2Dot Crossbow MPR510CA), hereafter referred to as the dot mote) built in. 

The microcontroller is an Atmel ATmega 128L microprocessor plus analog-to-digital converter 

(ADC). The internal wireless transmitter operates at a carrier frequency of 433 MHz. The 

microcontroller was programmed to acquire and transmit data while battery life was maximized 

in three ways: first, the microcontroller pulses the sensor for only 30 μs each measurement cycle, 
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after which the entire device goes into sleep mode. Second, the measurements are taken only 

once per second. Last, since the greatest power draw comes from transmission, the sampled data 

is stored locally on the dot mote and is transmitted every 30 measurements [40]. These 

techniques reduce the energy consumption from 3 mJ per measurement to 625 μJ [39, 40]. The 

battery used in the design is a 3.7 V, 850 mAH lithium-polymer battery (Batteries America). The 

device was observed to have a lifetime of 387,300 measurements or >4 days at this sampling rate 

before the battery voltage dropped below the operating level. 

 Once fully fabricated, the sensor node was first wrapped in 25 μm-thick low density 

polyethylene (LDPE, Plastic Sheeting Supply) and then compression-molded in PDMS. 

Afterwards, the device was dipped into PDMS for a second silicone layer to seal any holes in the 

first PDMS layer.  

 
Figure 3.2. The implanted device after being fully packaged. The pressure sensor is housed at the end of a 7.5 
French catheter, which is implanted directly into the bladder or peritoneal cavity. The other end of the catheter is 
connected into the sensor node, which consists of the dot mote (microcontroller and wireless transmitter), the 
amplifying electronics, and battery. The device is wrapped in LDPE film and molded in medical-grade PDMS 

3.3 Data Collection and Storage 
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During and after the packaging process, the battery cannot be charged or replaced, so 

neodymium magnets were stacked on top of the mold to activate the magnetic switch and turn 

off the power while the PDMS was being cured and in storage awaiting animal testing. The 

completed sensor is depicted in Figure 3.2. The data processing, transmission, collection, and 

storage were previously described by Dabiri, et al. [41]. A collaborative effort with Majid 

Sarrafzadeh and Mani Srivastava in the Department of Computer Science and Department of 

Electrical Engineering, respectively at UCLA was set up to develop the wireless data 

transmission protocol. Briefly, the dot mote transmitted a data point every second to a radio 

receiver connected to a personal computer in hex format via a serial cable. By using LabVIEW 

to communicate through the computer’s serial port, the data was retrieved, converted into 

decimal, and stored in a temporary buffer. Each hex data packet contained timing data and 

voltage data from each of the 6 ADCs found in the microprocessor of the dot mote, and thus 

LabVIEW was required to properly interpret the hex string to separate each value. Once the 

buffer was filled, the data was plotted and stored in a permanent file. A moving average was 

applied to the data in order to smooth it out. In addition to the sensor data, LabVIEW kept 

tracking of the time and date the program was started, the internal battery voltage, both raw and 

smoothed data sets, and the number of transmission errors encountered, as well as featured 

rudimentary calibration control. Figure 3.3 shows the front panel of the LabVIEW program.  

Unfortunately, the integrity of the wireless transmission was not always 100% received, 

and the data would be corrupted occasionally. Typically, one or more bits in a hex string would 

be missing. Since the data is interpreted in LabVIEW by the position of each hex string in the 

data packet, the data corruption can cause misinterpretation of each subsequent hex string after 

the missing bits. The result would contain false information.  
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Figure 3.3. Three of the five tabs on the front panel of the LabVIEW program used to read and record the pressure 
sensor data: A) the system measurement settings, B) the raw data graph, C) the calibration settings. 

When this occurred, LabVIEW recorded random peaks in the data set if the sensor was left on 

for a prolonged period of time. These events of data loss were typically short lived, lasting only a 
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few seconds at a time, so it was determined that a software fix would clean the data up. If the 

pressure recorded exceeded a threshold that was deemed physiologically impossible, that 

particular packet was ignored, and the closest previously accepted value was recorded and 

displayed in its stead.  
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Chapter 4 Full Sensor Testing and Animal Study 

4.1 Sensor Node In Vitro Testing 

Once fabrication of each catheter lead was completed, the lead alone was tested and 

characterized by placing it in a sealed pressure chamber (Binks). It was electrically connected to 

wires threaded through the lid of the pressure chamber. The lead was externally powered 

(Agilent E3630A), and the output voltage was read by a high precision multimeter (Keithley 

2000). The pressure was held constant at atmospheric pressure for 30 minutes while the device 

output and pressure readings from a NIST-calibrated pressure gauge (Omega DPG5600B-30A) 

were being recorded every five minutes. The chamber was connected to a cylinder of 

compressed nitrogen through a pressure regulator, and the pressure was raised in 1.0 or 1.5 psi 

increments and held for 30 minutes. For the first 10 minutes, pressure and voltage readings were 

taken every minute and every five minutes for the following 20 minutes. At the conclusion of the 

calibration, the pressure vessel was vented back to atmospheric pressure, and the voltage and 

pressure were again read every minute for 10 minutes and every five minutes for the following 

20 minutes. The calibration was performed three times for each lead to test the effects of the 

environment on the lead and its packaging. It was tested in air first as a control, and then the tip 

of the lead was placed in a beaker of water inside the chamber. It was left submerged for four 

days before it was tested again. If the output magnitude and temporal response stayed consistent 

after the fourth day, it was paired with a sensor node. 

After a sensor node was paired to a catheter lead, the entire device was tested again 

before packaging. The lead was placed in water within the sealed pressure vessel. 
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Figure 4.1. Typical results of in vitro testing. A) is the temporal response of the measured voltage and the pressure 
input. Each small increment is 0.02 psi; each large increment is 0.1 psi. The pressure range is from 0-1.5 psi gauge. 
B) shows the high linearity between the measured voltage and the pressure. The equation of the best fit line is 

873.133393.1 +⋅= outVP (R2 = 0.9998). 
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The sensor node was connected to the lead outside the pressure chamber and powered either by 

the battery or DC power source. The LabVIEW program ran on the computer and stored the 

wireless pressure data. The pressure was incrementally stepped up from 0-1.5 psi to test the 

required pressure range and held at each step for five minutes with pressure readings taken every 

two minutes. To test the resolution of the device, the incremental pressure changes were 0.02 psi 

from 0-0.1 psi and 0.1 psi from 0.1-1.5 psi. At the conclusion of each test, a calibration curve 

was generated that related the voltage recorded on the computer to the pressure inside the 

chamber. 

Testing of the fully assembled lead and sensor node showed a rapid and linear response 

(1.34 psi/V) of the sensor (Fig 4.1).  When the device was disassembled and reassembled 

following the initial tests, the offset was observed to change slightly. Once the device was fully 

packaged and ready to be implanted, this change was compensated by comparing the calculated 

pressure from the calibration curve with the actual pressure from a pressure gauge and then 

adjusting the offset value on the calibration curve. 

4.2 In Vivo Rat Rectum Testing 

 The pressure sensor was tested inside a rat rectum to verify the functionality of the sensor 

in an in vivo environment. Although the waterproofing of the sensor lead packaging was 

previously vetted by being submerged in water, it was believed that insertion into the rectum of a 

rat would better replicate the conditions encountered in surgery. Namely, the insertion process 

into a tight orifice would test how the packaging withstood the physical demands of surgery. The 

rat would also provide some insight into the pressures encountered inside a body cavity as well. 
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Figure 4.2. Pressure trace from sensor inserted into a rat rectum. 

An adult rat was anesthetized prior to sensor insertion. The sensor was turned on and 

recorded during the insertion process. During insertion, the belly of the sensor was compressed 

by hand under constant force and in pulses. In the middle of the experiment, the sensor was 

extracted and reinserted while being read. The data from the study is shown in Figure 4.2. The 

sensor behaved as expected when a medical doctor compressed on the abdominal cavity. The 

packaging stayed intact, and the pressure sensor die continued to function after the experiment 

was concluded. However, a curious phenomenon was detected: the rectum of the rat was at a 

lower pressure than atmospheric conditions. This was confirmed as the pressure signal was 

decreased by a noticeable amount upon insertion. However, as the sensor was extracted, the 

detected pressure increased back to nearly the original value at atmospheric conditions. The 
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pressure again dropped after immediate reinsertion of the sensor. This drop in pressure had been 

previously seen in porcine implantations that are described later. 

4.3 In Vivo Porcine Implantation 

Adult female swines were used for in vivo testing as approved by the UCLA Medical 

Center IRB #2004-185-11. One device was implanted into the bladder and another was placed 

inside the peritoneal cavity as a reference. The tips of the catheter leads were placed in those 

spaces while the sensor nodes were placed in a subcutaneous pocket. Following surgery, the pigs 

were kept in a holding pen in a vivarium while the computer and radio receiver were set up 

outside the pen to collect the data. At this point, the pigs were fully conscious and ambulatory. 

After 2-4 days, the pigs were sacrificed and the devices were explanted. A brief necropsy was 

performed to look for tissue inflammation or any immune response to the silicone packaging. 

The devices were later inspected for any damage, leaking, or any other failure points if 

necessary. 

When the pressure from the peritoneal sensor is subtracted from the pressure of the 

bladder sensor, the detrusor (bladder muscle) pressure is obtained. Therefore, any pressure 

change can be attributable from activities within the bladder or from other sources, such as 

abdominal contractions, peristalsis, movement, etc. Pressure changes of the detrusor possibly due 

to bladder contractions were observed (Figure 4.3) during the animal studies. This data shows 

that the detrusor pressure stayed relatively constant as the bladder filled as the bladder wall is 

highly compliant. The detrusor pressure increased sharply followed by a sudden decrease in 

detrusor pressure, which is representative of a bladder void.  Figure 4.3 is demonstrative of 

known pressure graphs of voiding.   
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Figure 4.3. The results of a urination event during an in vivo test. The peritoneal cavity pressure is subtracted from 
the bladder pressure to calculate the detrusor pressure.  

 The devices in this test transmitted data for more than four days in vivo until the batteries 

drained out. Furthermore, they were able to transmit data to the computer more than 20 feet away 

while implanted. Neither device showed signs of fluid leaks; however, the device implanted into 

the peritoneal cavity had a damaged catheter lead tip. In fact, the gold lid protecting the pressure 

die was flattened along the back half of the substrate board. Despite the damage, the chip 

remained functional throughout the test. Analysis of the data revealed the data obtained for the 

first 2.5 days had several urination events. The pressure data from the peritoneal cavity had many 
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discontinuities: the baseline pressure suddenly jumped to a higher level before falling back 

down. This may be due to the sensor contacting various internal structures as the animal moves 

(Figure 4.4). These discontinuities are not seen in the bladder trace possibly since the sensor was 

placed in a bag of fluid and thus would not encounter these phenomena. Towards the end of the 

study, the data became unreadable and was characterized by high loss of data packets and many 

sudden spikes. This may be due to a combination of a draining battery and the hostile 

environment for transmission as it was known that the radio receiver had difficulty picking up 

the wireless signals at the beginning of each in vivo study. 

 
Figure 4.4. Pressure measurements from the sensor located within the peritoneal cavity. The discontinuous changes 
in measured pressure may be a result of intermittent contact with abdominal organs in the mobile animal. 

4.4 Conclusion 
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In summary, a fully implantable wireless in vivo pressure sensor was designed for use in 

short-term urological studies and patient monitoring has been constructed. With better battery 

technology, this solution can be used to monitor pressure for extended periods of time. In vitro 

testing demonstrates its quick temporal response and its high linearity. Through in vivo tests in 

the bladder and peritoneal cavity of porcine models, the pressure-sensing system was able to 

successfully record medically relevant data, which contained physiological events like urination. 

Although the previously described pressure sensor was a demonstration of a long-term, 

fully implantable, wireless pressure sensor for home monitoring, there were a few drawbacks 

with the design. One feature of the sensor that made it different from other continuous monitors 

was the use of a battery as a power source. There must be a compromise between the capacity of 

the battery and the temporal resolution the sensor can provide: a longer time between 

transmissions would obviously prolong battery life. However, for the ultimate goal of 

hemodynamic monitoring, a loss in temporal resolution simply is not an option. An ability to 

recharge the battery while implanted would mitigate the problem, and the conversion of kinetic 

energy into electrical energy would reduce the need for the user to actively recharge the battery. 

Another issue encountered was the packaging. It was required to isolate the electronics from 

bodily fluids and protect the fragile electrical connections, which made the pressure sensitive 

lead too bulky to fit into an artery.  
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Chapter 5 Introduction to Blood Pressure Monitoring 

Currently, in the intensive care unit (ICU) or operating room, continuous pressure 

monitoring is done by using an arterial line, which indirectly measures blood pressure through a 

length of tubing connected to an ex vivo pressure transducer. This low-tech method is plagued 

with artifacts, such as bubbles in the catheter, kinking, and motion artifacts [3]. Furthermore, the 

patient must be tethered to the bedside pressure transducer. In contrast, patients undergoing 

standard floor care have their blood pressure taken every 2-12 hours at discrete intervals using a 

sphygmomanometer, which is a pressure cuff that surrounds a limb and inflates until the 

patient’s arteries occlude before slowly venting. A microphone or nurse listens to the Korotkoff 

sounds associated with diastolic and systolic pressures and records those values. Aside from the 

obvious disadvantage of not providing continuous pressure measurements that can lead to 

undetected critical conditions, the pressure measurement is indirect—the pressure value is 

determined by detecting certain sounds, which can be obscured background noise or requires a 

trained ear if pressure is taken manually. Also, operator error can lead to injury from burstblood 

vessels by overinflating the cuff. 

Ideally, pressure is measured in situ and directly, so this avoids many sensing artifacts 

and can free patients from tethered monitors. Many groups have created fully implantable 

pressure sensors that wirelessly transmit data to the patient monitor that are designed to be used 

in many applications, such as urological, spinal, ocular, as well as intravascular uses [10, 12-24, 

42, 43]. The advantage of doing so allows the patient to be free to move around since they are no 

longer tethered to a bedside transducer. However, implantation of these devices often requires 

open surgery, which limits their deployment to a smaller selected group of patients. Recently, 
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catheter-mounted pressure sensors have been developed [44-46]. Implantation is easily 

performed by using standard catheterization techniques; thus the deployment of these pressure 

sensors is extended to a larger group of patients. While most arterial in situ pressure sensors are 

made using MEMS technology, microfabricated transducers require extensive packaging to 

protect them from the hostile environment in the body, which adds to the size and bulk of a 

device. In order for the device to fit inside an artery, the chip and packaging needs to be 

extremely small, such construction can be very expensive. Moreover, the size of the catheter lead 

can only be reduced to the size of the pressure die itself. The Silicon Microstructures 5108 was 

the smallest commercially available pressure die at the time, and that chip was already 0.6 mm in 

each dimension, which meant the smallest possible catheter would be 2 French. To fabricate an 

even smaller catheter would require a large amount of capital just in the development of a 

smaller chip. Furthermore, the assembly of each catheter lead is typically done by hand, 

increasing cost considerably. The high cost of each sensor often precludes them from widespread 

use—often limited to be reused in the operating room or ICU or for research use only. Table 5.1 

compares various pressure-sensing catheters with the proposed sensor design. 

Company RADI [47] Millar [11] OPSENS [48] Proposed Sensor 
Model Pressure wire SPC320 OPP-M CRISP 
Mode of operation Piezoresistance Piezoresistance Interferometry Fluid conductance 
Size 1F 2F 1F 2-6F 

Table 5.1. A comparison of existing catheter-based pressure sensors with the proposed design in terms of operating 
mode, and size. 

The experimental sensor, hereby known as the Catheter, Real-time, In Situ, Pressure 

(CRISP) sensor, on the other hand, requires minimal packaging, which does not add bulk over 

any of the functional components; therefore, the overall size is reduced. Besides, scalability to 

smaller sensors is trivial due to the wide availability of components and easy construction. The 
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proposed sensor works by measuring the dimension change of an electrolyte-filled elastomeric 

tube. The change in diameter in the tube translates to a change in electrical resistance, which is 

easily measured. By using a reference volume and due to the incompressibility of liquids, the 

sensor compresses in the region exposed to pressure, but expands within the reference volume. 

Wu, et al. created a pressure sensor on a similar concept [49]. However, their device used a 

microfluidic chip on the centimeter scale, making it too large for arterial implantation. Also, the 

conductive solution used was an ionic solution, which is toxic [50] if the device leaked. On the 

other hand, the CRISP sensor is tailor-made for in vivo use: the small footprint allows for arterial 

implantation via catheterization and all the materials are non-toxic and safe for the patient. Last, 

while sensor described in chapters 2-4 was an integrated wireless system, this part of the research 

focused on developing solely the new sensor design with the idea of adapting an existing 

wireless communication to the CRISP sensor.  



27 
 

Chapter 6 CRISP Sensor Design and Theory 

6.1 Overview of Sensor Design 

A schematic of a catheter implementation of an electrolyte-based CRISP sensor is shown 

in Figure 6.1. As discussed in a previously published work [49], a flexible chamber containing a 

conductive electrolyte deforms after pressure exposure, changing the electrolyte dimensions and 

enabling electrical detection. This system left one side of the chamber to the environment to 

allow fluid to displace. However, the experimental catheter is completely sealed to prevent the 

fluid from exiting in response to an increase in applied pressure. By encapsulating half of the 

tube in an inflexible jacket, a reference volume is created in the space between the elastic tube 

and the jacket.  

By bifurcating the elastomer tube with the metal jacket, it creates two distinct regions. If 

the sensor is placed in a medium at a higher pressure than that of the reference volume, the 

elastomer tube will get compressed in the exposed region. Due to the incompressibility of water, 

the elastomer tube within the jacketed region expands as water flows from the exposed region 

into the jacketed region to equalize the pressure inside the tube.  

The changes in dimension of the jacketed and un-jacketed portions of the tube are 

measured by the change in electrical conductance of the electrolyte fluid in the tube. By placing 

wires in the electrolyte at each end of the tube and at the jacket boundary, the conductance of the 

jacketed and un-jacketed portions of the tube may be measured. From the analysis in the 

preceding paragraph, it was expected that the resistance of the electrolyte would increase in the 

unjacketed portion of the tube and the resistance of the jacketed region would decrease.  
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Figure 6.1. Cross-sectional schematic of the CRISP sensor. 

6.2 Mathematical Model  

In order to mathematically model the sensor performance, the sensor can be considered as 

a thick walled tube since the wall thickness of the elastic tube exceeds the one-tenth criterion for 

thin walled tubes [51]. Most elastomers follow Hookean behavior (linear stress-strain relation) 

under very small strains [52], which is applicable for the experimental sensor. The radial and 

hoop stresses of a thick walled tube [53, 54] with isotropic Hookean elasticity give the inner 

radial displacement, U, as a function of pressure (Eq. 1), 

 𝑈 = 𝑎
𝐸
�2𝑃𝑜𝑏

2�𝜈2−1�+𝑃𝑖�𝑎2�1−𝜈−2𝜈2�+𝑏2(1+𝜈)�
𝑏2−𝑎2

� Eq. 1   

where a is the inner radius of the tube, b is the outer radius of the tube, E is the Young’s 

modulus, Po is the external pressure, which is assumed to be atmospheric pressure, Pi is the 

pressure within the elastic tube, and ν is the Poisson’s ratio. Highly elastic materials have a 

Poisson’s ratio of 0.5 [55], which reduces Eq. 1 to a simpler form:  

 𝑈 = 𝑎
𝐸
�
3
2𝑏

2(𝑃𝑖−𝑃𝑜)

𝑏2−𝑎2
� Eq. 2   
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The CRISP sensor design has two regions with different Po, but since they are connected and 

filled with a fluid electrolyte, under the steady state, the inner pressure of a static fluid, Pi must 

be equal for both regions. Furthermore, since the tube interiors are connected to each other and 

filled entirely with an incompressible fluid, the tube inner volume is conserved, and any inner 

volume change of the exposed tube must be compensated by an opposite inner volume change of 

the jacketed tube. Because the ends of the elastic tube are affixed to rigid components, the length 

cannot change. Eq. 2 can be rearranged to solve for the pressure within the elastic tube as a 

function of displacement (Eq. 3). Since the two regions are connected to each other, and fluid 

can freely flow from one region to another, Pi remains constant. 

𝑃𝑖 = 2𝑈𝑒𝑥𝑝𝑜𝑠𝑒𝑑𝐸
3𝑎𝑏2

(𝑏2 − 𝑎2) + 𝑃0 + 𝑃𝑎𝑝𝑝 =
2𝑈𝑗𝑎𝑐𝑘𝑒𝑡𝐸
3𝑎𝑏2

(𝑏2 − 𝑎2) + 𝑃0  Eq. 3 

The displacements of the exposed and jacketed regions can now be solved as a function of each 

other (Eq. 4). Besides, because the fluid is incompressible, the total volume within the entire 

length of the elastic tube must remain constant (Eq. 6), assuming Li and Lo are the lengths of the 

jacketed and exposed tubes, respectively. 

𝑈𝑒𝑥𝑝𝑜𝑠𝑒𝑑 = 𝑈𝑗𝑎𝑐𝑘𝑒𝑡 − 𝐴     Eq. 4 

𝐴 ≡ 3𝑎𝑏2𝑃𝑎𝑝𝑝
2𝐸(𝑏2−𝑎2)

      Eq. 5 

𝑎2(𝐿𝑜 + 𝐿𝑖) = �𝑎 + 𝑈𝑒𝑥𝑝𝑜𝑠𝑒𝑑�
2
𝐿𝑜 + �𝑎 + 𝑈𝑗𝑎𝑐𝑘𝑒𝑡�

2
𝐿𝑖  Eq. 6 

Solving this system of equations will finally yield the radial displacements for both regions: 

 𝑈𝑗𝑎𝑐𝑘𝑒𝑡 =
±�𝑎2(𝐿𝑖

2+𝐿𝑜2)+𝐿𝑖𝐿𝑜(2𝑎2−𝐴2)−𝐵

𝐿𝑖+𝐿𝑜
 Eq. 7   
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 𝑈𝑒𝑥𝑝𝑜𝑠𝑒𝑑 =
±�𝑎2(𝐿𝑖

2+𝐿𝑜2)+𝐿𝑖𝐿𝑜(2𝑎2−𝐴2)−𝐵

𝐿𝑖+𝐿𝑜
− 𝐴 Eq. 8   

𝐵 ≡ 𝑎𝐿𝑜 − 𝐴𝐿𝑜 + 𝑎𝐿𝑖    Eq. 9 

𝑅 = 𝜌 𝐿
𝜋𝑎2

       Eq. 10 

From the derived displacements, new inner radii can be determined as a function of pressure. 

Specifically, the new inner radius of the jacketed region is calculated by adding the displacement 

of the tube in the jacketed region to the original inner radius to model tube expansion. Similarly, 

the displacement of the exposed region is subtracted from the original radius to account for tube 

compression. The electrical resistance is calculated from Eq. 10 using the new radii. As the 

resistance is the sensed parameter, it was critical to find the sensor dimensions and material 

properties that maximize the sensitivity of electrical resistance to changes in pressure. 

 The sensor is designed to be measured with a modified Wheatstone bridge that converts 

electrical resistance into a voltage signal, which can then be amplified. As depicted in Figure 6.2, 

the electrode pairs are arranged in order that the exposed region is located in the positive branch 

of the bridge, and consequently, the jacketed region is in the negative branch. The bridge yields a 

gauge factor of ½, which is the same as a standard 2-gauge Wheatstone bridge. Just like a 2-

gauge bridge, the advantages of this configuration are two-fold. First, the sensor is temperature-

compensated. Temperature change has a profound influence on the electrical resistance of fluids 

due to changes in ion mobility. Second, the sensitivity is increased relative to just one gauge or 

one region of the sensor in this case. Last, Eq. 11 reveals that the percent change of resistance is 

what ultimately determines the sensitivity 
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Figure 6.2. Schematic of modified Wheatstone bridge configuration for making voltage measurements with the 
CRISP sensor. R represents an arbitrary fixed resistor.  

6.3 Model Results 

The sensor impedance is measured by varying each parameter at a time while holding all 

other parameters fixed; it is then plotted the displacement of the inner radius of the exposed and 

elastic tubes as well as the fractional change in resistance as a function of pressure (from 0-300 

mmHg), which is the pressure range all blood pressure monitors need to be sensitive [56, 57]. 

The fixed values of the parameters chosen are listed in Table 6.1. 

The values in Table 6.1 for tubing dimensions were based on commercially available 

silicone tubing (Dow Corning Silastic); the elastic modulus used corresponded to the softest 

silicone, which has a modulus range from 1.6-7 MPa [58], and the resistivity of 100 mM KCl is 

used [59]. The tubing lengths were chosen to match prototypes built in the laboratory. Below the 

implications of each variation of each parameter to the overall system is addressed in turn. The 

elasticity of the tube is determined by its thickness and material composition and was seen to 

affect the sensor’s sensitivity most compared to other parameters. Plotted in Figure 6.3A are 

inner and outer tube radius and resistance changes as a function of pressure for different tubing 
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materials. For reference, soft silicone (E = 1.6 MPa), stiff silicone (E = 7 MPa), stiff synthetic 

rubber (E = 75 MPa), High density polyethylene (HDPE) (E = 1100 MPa), and Nylon (E = 2000 

MPa) [60]. 

Parameter Value 
Inner radius (bore size) 0.545 mm 
Wall thickness 0.123 mm 
Elastic modulus 1.6 MPa 
Jacketed region length 5 mm 
Exposed region length 5 mm 
Resistivity 83.3 μΩ-m 

Table 6.1. A summary of constants used in the mathematical model. 

As expected, a low elastic modulus results in higher sensitivity of the resistance to 

changes in pressure. Figure 6.3B show the sensitivity to tubing wall thickness, with thin-walled 

tubes being the most sensitive. The relative lengths of the exposed and jacketed regions affect 

changes of interior volume that result from applied pressures, which in turn determine the 

induced inner radius displacements that are measured electrically.  

According to Figure 6.3A, the length scale for the tube compression and expansion is on 

the order of nanometers. It can be concluded that the dimensions of the sealed reference volume 

do not change much, meaning the air pressure within the reference volume stays fairly constant. 

Therefore, the expansion of the elastic tube within the jacketed region is ultimately limited by the 

elasticity of the material since for practical materials; the elastic modulus is greater than any 

pressure the sensor would experience. Therefore, any dimension change of the elastic tube is 

dictated by the amount of water flowing between the regions. In either case, the amount of 

dimension change in one region is driven by the maximum change in the other region. Two 

situations are presented here: a sensor with a very short jacketed region compared to the exposed 

region and a sensor with a very long jacketed region relative to the exposed region.  
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Figure 6.3. A) The pressure sensitivity of the tubing inner radius (empty) and relative resistance (solid) as a function 
of pressure for a range of materials ranging from rubber (1-10 MPa) to metal (100 GPa).  The displacement of the 
exposed region is negative. B) The pressure sensitivity of the tubing inner radius (empty) and relative resistance 
(solid) as a function of pressure for tubing thicknesses between .05-1 mm.  
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 When the elastic length of the jacketed region is much larger compared to the exposed 

region, the expansion of the elastic tube within the jacketed region controls the compression of 

the outer region. Regardless of the amount of electrolyte solution that is available, the volume of 

liquid that can flow into jacketed region is constant for any given pressure. Therefore, in order to 

produce this volume, a short length of the outer tube will result in a greater constriction as 

compared to a longer length. Since the cross sectional area of the elastic tube has a greater effect 

on electrical resistance, the effect of constriction plays a larger role in sensitivity than does the 

length of the tube.  

 
Figure 6.4. The pressure sensitivity of the tubing inner radius (empty) and relative resistance (solid) as a function of 
pressure for ratios of the inside: outside tube lengths ranging from 10:1 to 1:10.  
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As shown in Figure 6.4, the expected change in inner radius is greatest when the length of 

the exposed region is much smaller than that of the jacketed region. The change in diameter upon 

pressurization falls precipitously as the relative length of the exposed region grows; when the 

elastic portion of the exposed tubing reaches five times the length of the jacketed region, the 

change in resistance sensitivity for further increases in the length ratio greatly diminishes. Large 

bore tubing will experience more compression or expansion as depicted in figure 6.5.  

 
Figure 6.5. The pressure sensitivity of the tubing inner radius (empty) and relative resistance (solid) as a function of 
inner radius (0.05-5 mm). 

This effect is similar to a tube with an increasingly thinner wall: large bore tubing with the same 

wall thickness as a smaller tube will be more elastic. However, when the total resistance is 
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calculated, sensors that have use small bore tubing have a larger change in resistance with 

pressure. On the other hand, as shown in Figure 6.5, the change in resistance as the sensor is 

pressurized is maximized in sensors with a large bore. This is more favorable for a sensor in a 

Wheatstone bridge configuration. Last, the concentration of the electrolyte solution used dictates 

the electrical resistivity of the fluid. Although a high resistivity will result in a larger resistance 

change for a specific change in cross sectional area, the percentage of change in resistance 

remains constant, and thus the concentration of the electrolyte is unimportant.  

6.4 Model Validation 

 One of the basic constraints is to use only commercially available materials during this 

research. It was not completely possible to control each parameter of the tubing to thoroughly 

test the sensor model. Only silastic tubing (PDMS) is readily available, and tubing made from 

different materials, such as polyurethane or latex, are available either with large diameters or 

have to be custom made, which is an expensive option. 

Custom tube extrusion in the lab using liquid polymers proved to be a Sisyphean task due 

to the inability to control wall thickness and demold without destroying the tube. Even with 

silastic tubing, the wall thickness unfortunately varies with the outer diameter of the tubing. It 

was not possible to test the effect of only the bore diameter on the pressure sensitivity. One 

parameter that was controllable, however, was the length of the elastic tubing. The relative 

pressure sensitivity was tested in a sealed gas pressure chamber by quickly changing the pressure 

from 0-5 psi (258.6 mmHg). The exact testing set up and protocol is described later in chapter 8. 

A sensor using silastic tubing measuring 4 mm in the jacketed region and 8 mm in the exposed 

region was fabricated with an inner diameter of 0.635 mm. The sensor was filled with electrolyte 
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solution and clamped at the tip of the elastic tubing to temporarily seal it. After each pressure 

test, the elastic tubing was flushed out with deionized water and dried. The tubing in the exposed 

region was made rigid incrementally 1 mm at a time for each time using cyanoacrylate glue to 

effectively shorten the exposed region while keeping the length of the jacketed region constant. 

The electrical circuit used is described in more detail in section 7.2, but briefly, the sensor 

electrodes were placed in series with 68 kΩ resistors in a Wheatstone bridge powered by a 1V 1 

kHz AC supply, and the voltage drop across the bridge was amplified (G = 100) and measured. 

The results of the pressure test are summarized in Table 6.2. The behavior of the real sensor 

tends to follow the model. As the length of the exposed region decreases, the pressure sensitivity 

generally increases. 

Exposed region: 
jacketed region ratio 

Voltage change 
(mV) 

1:4 4.446 
1:2 56.671 
1:1 9.423 
3:2 3.901 
2:1 <1 

Table 6.2. The relative sensitivity difference of the experimental CRISP sensor by changing the length of the 
exposed region when tested from 0-5 psi (258.6 mmHg). The voltage change in the 2:1 test was on the order of the 
noise level. 

For example, as Table 6.2 shows, even at a modest ratio of 2:1, the sensitivity is so low that it is 

unperceivable from the background noise. However, when the exposed region was shortened to 

be half the length of the jacketed region (2 mm), the sensitivity was much higher. One notable 

deviation from this was when the length of the exposed region was 1 mm (1:4). It is believed that 

the length of the exposed region was too short to the point that the tube cannot deform. The 

amount of deformation is related not only to the cross sectional area of the elastic tube, but also 

the overall length as it is much easier to deform a long tube than a short one. Therefore, there are 

other considerations aside from the model when fabricating the sensor. Another practical 
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consideration is the overall length of the sensor. While it may be tempting to fabricate a sensor 

with a very long jacket and a short, stubby exposed region, this would not be practical in an 

actual medical deployment since catheters need to be flexible enough to snake through a tortuous 

pathway for implantation, and the jacket itself is too rigid. Based on these tests, it was concluded 

that the ideal sensor design would have a jacketed region twice as long as the exposed region and 

a thin and compliant tube with a diameter that is as large as is practically possible.   
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Chapter 7 Sensor Fabrication 

7.1 Sensor fabrication 

 The fabrication techniques and materials of the CRISP sensor have changed considerably 

over time, but the final solution of the sensor is described below. As been described previously 

[61], three Teflon-insulated platinum wires (A&M Systems) 50-μm thick were modified in such 

a way that the 5 μm of Teflon was burned off to reveal bare metal at the tip of the wires to create 

electrodes. Specifically, one wire, which corresponded to the “tip” wire, was exposed 2.5 mm 

from the tip; the other two wires—the “mid” and “base” wires—were exposed 5 mm from the 

tip. Platinum metal was chosen for its inertness; the lack of electrochemistry at the electrode 

surfaces when coupled with an AC excitation signal results in drift-free and stable voltages.  The 

wires were inserted into one end of a silicone (Silastic) tube (Dow Corning), measuring 22.5 mm 

long and having a 1.19 mm outer diameter and a 0.635 mm inner diameter, and arranged so that 

the tip wire spanned the entire length of the tubing. The mid wire was inserted 15 mm into the 

tube, and the base wire was only inserted 5 mm into the tube. Silicone was chosen for its superior 

elastic properties, wide availability, cost, and its biocompatible nature, which is integral in any 

implantable medical device.  

 Polydimethylsiloxane (PDMS) (Nusil Med-4011) is applied to the base of the silicone 

tubing to affix the wires in place and to act as a sealant of the base of the tube. Med-4011 was the 

preferred PDMS since its high viscosity limited the amount of material sucked into the tube by 

capillary forces regardless of how much rubber was added. When using a less viscous PDMS, 
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too much material applied to the end of the tubing resulted in the shortest wire being completely 

encapsulated in silicone. Because silicones can only chemically bond onto other silicones, it was 

found that PDMS was the only appropriate sealant for this application. This was proven when 

various sealants and adhesives were tested by sealing one end of a silicone tube, which had the 

same dimensions of the tube used in the sensor. The tube was filled with 1 M KCl and clamped 

on the other end and submerged in deionized water, which was confirmed to have a conductivity 

of 0.0 μS/cm using a conductivity meter (Oakton con510). The conductivity of the water bath 

was measured again 24 hours later for leakage of the hyperosmotic solution out of the silicone 

tube, and the results are listed in Table 7.1. 

 

Table 7.1. The final conductivity of deionized water exposed to a sealed silicone tube filled with 1 M KCl. 

It is believed that non-compatible sealants will form micro-channels when cured at the interface 

between adhesive and the silicone tube wall, resulting in a slow leakage of liquid. 

 A thin coat of Viton (Pelseal PLV2040), a fluoroelastomer (vinylidene fluoride-

hexafluoropropylene copolymer) developed by Dupont, is applied to the silicone tube to act as a 

barrier against evaporation of the electrolyte solution. Dimethyl siloxanes are notorious for their 

gas permeability; this necessitates the use of a gas impermeable coating to ensure the sensor’s 

functionality during the final sealing step. As an example, the oxygen permeability of siloxane is 

6 x 10-8 cm2/s·cmHg whereas the permeability of Viton is 1.45 x 10-10 cm2/s·cmHg [62, 63]. 

Fluorocarbons, fluoroelastomers, and other fluorinated polymers are also well known to be bio-

Sealant Final conductivity (μS/cm) 
Nusil Med-4011 PDMS 0.5 

Loctite 401 cyanoacrylate glue 10.7 
E-bond 4-min epoxy 5.0 
Parbond 1501 epoxy 7.9 
Parbond 905 urethane 6.3 
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inert and have been used in dental applications and in implants [64-66], which makes it suitable 

for in vivo use. 

 Once the Viton has dried, the tube is threaded through a 14-gauge hypodermic needle 

tube (2.11 mm OD, 1.70-1.83 mm ID) 15 mm long and arranged such that the back edge of the 

metal jacket tube was flush with the base of the silicone tube. The metal jacket is then sealed to 

the elastic tube with 4-minute epoxy (E-bond). Epoxy is also applied to the tip of the elastic tube 

2.5 mm from the tip. This is done to force the tube to compress in between the electrodes, 

maximizing sensitivity. The silicone tube is filled with 50 mM KCl solution, and the open end of 

the tube is sealed with a bead of PDMS, which is allowed to cure in room temperature for nearly 

15 hours. Although PDMS cures faster at elevated temperatures, the water evaporates out of the 

tube faster as well. Also when allowed to cure in a humid environment or even underwater, the 

final silicone seal often had a pinhole in it. It is believed that the increased vapor pressure within 

the silicone tube was enough to overcome the viscosity of the liquid PDMS and form a hole to 

allow vapor to escape. However, such holes did not form when the PDMS was cured in room 

temperature. Once cured, the sensor is stored underwater to prevent any further evaporation out 

of the elastic tube for the duration of its lifetime. 

7.2 Circuit Design 

 The circuit used in conjunction with the sensor is depicted in Figure 7.1. Briefly, an AC 

wave is used to power the Wheatstone bridge that is connected to the sensor. Alternating current 

was chosen because of the stability of the magnitude of the electrical current in solution. While 

direct current (DC) power is often used with silver/silver chloride electrodes to measure 

electrical conductance in solution, in this application, it was found that the expected current was 

too high, resulting in significant electrode drift. DC power across a galvanic cell results in the 
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cathode being plated with material while the anode is stripped, resulting in voltage offsets—the 

rate of formation of which is proportional to the electrical current. Because the polarity of the 

galvanic cell is reversed at a high frequency when powered by AC, no such offsets formed in an 

appreciable amount. The frequency and amplitude of the AC potential were arbitrarily chosen. 

To make things simple, a sine wave with amplitude of 1 V at 1 kHz frequency was supplied by a 

function generator (Agilent 33120A).  

 
Figure 7.1. A circuit diagram depicting the Wheatstone bridge configuration of the sensor, the demodulation of the 
carrier wave, and the amplification of the pressure signal. 

 Each region of the CRISP sensor was placed in a leg of a Wheatstone bridge such that the 

bridge output was equal to the difference between the voltage drops of the exposed and jacketed 



 

43 
 

regions. The value of the resistor (68 kΩ) used in each voltage divider circuit was chosen to 

closely resemble the electrical resistance of each region the closest in most cases. Each section of 

the AC bridge signal is immediately converted into DC using a demodulator IC (Analog Devices 

AD630) and a series of three passive low pass filters with a break frequency at ~16 Hz [67]. The 

signal corresponding to the jacketed region is then amplified with a non-inverting amplifier to 

match up with the signal of the exposed region since the conductance of the jacketed region has 

historically been higher than that of the exposed region. In the case that the exposed region is 

more conductive, the regions are simply reversed and the final data output is inverted. 

Amplifying the lower resistive region was opted for over adjusting an offset resistor since the 

temperature sensitivity of both regions would better match if the base resistances were equal. An 

offset adjustment would not change the temperature sensitivity, which can cause the sensor to 

drift. Finally, a dual supply instrumentation amplifier (Texas Instruments INA103) with a gain of 

100 measures the difference of the two voltages. Although the Analog Devices specification 

sheet for the AD630 recommends demodulation after amplification for an AC bridge circuit [67], 

which uses fewer components, it was determined that very few instrumentation and operational 

amplifiers were able to properly amplify high frequency AC voltages. Therefore, it was decided 

to convert the AC into DC as quickly as possible to allow a wider variety of IC to use. 

7.3 Data acquisition and logging data 

 The voltage from the sensor amplification circuit was fed into a digital acquisition board 

(National Instruments PCI-6289) plugged in a desktop PC computer. A custom LabVIEW 8.0 

program was developed to read, record, and plot the data from the CRISP sensor as well as from 

other commercial transducers under the same pressure, including a NIST-calibrated absolute 
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pressure gauge (Omega PX309-005AV) and a commercial medical pressure transducer (Utah 

Medical Deltran IV) for comparison purposes. Figure 7.2 depicts the front panel of the program. 

The front panel features a dual-axis graph of the real-time sensor output and pressure (mmHg) 

read by the data acquisition board. The filtered numerical values of both are also shown.  

 
Figure 7.2. The front panel of the LabVIEW program, which reads, plots, and records data from the CRISP sensor 
and a commercial pressure transducer. 

The front panel also controls many other aspects during the experiment, such as the amount of 

data that is written, a manual write switch, the amount of averaging on the data set, a choice of 

pressure standard, offset controls for both the sensor and standard, and an option to invert the 

pressure data.  

 Figure 7.3 shows the block diagram of the LabVIEW program. Section I contains the 

code required to acquire data. Two acquisition sub-VIs are used with each reading either the test 

sensor output or the pressure transducer output. During an iteration of the loop, the data is read 

serially—the data from the sensor is read first before that of the pressure transducers.  
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Figure 7.3. The block diagram of the custom LabVIEW program showing the controls used to acquire, smooth and write data, as well as control the pressure 
standard. 
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Although there will be some lag between each measurement, and thus it isn’t technically a 

simultaneous measurement, the iteration occurs so fast that the time difference is about 0.01 

seconds, which is miniscule relative to the time scale required for physiological use. One 

advantage of using serial acquisition over parallel acquisition is that different sampling rates can 

be used for the sensor and reference sensors. When using a parallel process with LabVIEW, it is 

impossible to specify different acquisition parameters for each data input channel since the 

parameters are used for all channels within each sub VI. Taking advantage of this, the 

commercial pressure transducer is read 100 times at a sampling rate of 100 kHz in one loop of 

the program. On the other hand, the CRISP sensor is sampled at 100 kHz with 1000 samples in 

each iteration loop. The signal from the sensor is generally noisier than the commercial 

transducer, so more a higher sampling rate and more data points are required to smooth the 

signal while still maintaining a good dynamic response and high sensitivity. Therefore, the entire 

iteration takes nearly 1/100th of a second. 

 Section II of the LabVIEW program filters and smoothes the raw data from the sensor 

and reference pressure transducer data. Although the data acquisition board has an 18-bit analog-

to-digital (ADC) resolution [68], which translates to 70 mV, in practice, the peak to peak voltage 

of the noise coming from a DC signal is on the order of several hundred microvolts as shown in 

Figure 7.4. If left unfiltered, the signal to noise ratio for the sensor would be too low, and in 

order to achieve a resolution of ~1 mmHg, the data needs to be smoothed out. Data smoothing is 

done in two parts: first, all the measurements within each iteration are averaged together and 

second, a moving average of the previously averaged points is calculated. As shown in Figure 

7.4, merely averaging all the data points acquired in each iteration reduced the noise from 

hundreds of microvolts to a tenth of the raw data. A 50-point moving average applied to the 
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previously averaged data reduced it further by another tenth. The amount of points in the moving 

average is controllable by the user with the front panel, and it ranges from 50 points for static 

pressure testing and calibration testing to 1 point or effectively no moving average for dynamic 

pressure and in vivo testing. It should be noted, however, that a moving average will attenuate 

any real frequency information the sensor may pick up, which is undesirable for dynamic 

pressure studies. 

 
Figure 7.4. Noise comparison between a raw signal (blue), an averaged signal (red), and a signal with a 50-point 
moving average applied to the averaged signal (green). 

Unfortunately, at the range of physiologically relevant heart rates, the attenuation is heavily 

dependent on frequency. Thankfully, the majority of the smoothing is achieved in the first step, 

which is not frequency-dependent since each iteration loop occurs much faster than that of a 

heartbeat. Also, because the amplitude of the pressure wave is fairly large, more noise is 
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acceptable. In a static test, a clean signal is required to clearly delineate small pressure jumps, the 

further smoothing is necessary. 

 Two pressure commercial transducers are used as controls during experiments with the 

experimental CRISP sensor. The LabVIEW program can read either commercial transducer and 

convert the data from both into pressure; this is controlled in section III. A simple toggle switch 

and if-then logic gate determines which conversion to utilize. Section IV allows the operator to 

specify the rate at which data is logged.  If the program was left to write as fast as the computer 

was able to, the data would be too large, crashing the computer. For static testing, the data was 

logged at 10 Hz in order to keep the data file small while still fully replicating the pressure 

profile. Dynamic testing of 1-3 Hz pressure waves required a higher sampling rate to replicate 

the wave, so 20 Hz was typically used although, as can be seen in section 9.2, 20 Hz was not 

fully capable of replicating a 3 Hz wave. Therefore, the logging rate was set at 63 Hz, the highest 

sampling rate the computer would allow, for in vivo studies to achieve the highest fidelity of the 

arterial pressure wave.  
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Chapter 8 In Vitro Testing 

 Sensors were generally tested and characterized first after assembly by powering up and 

keeping it in a static environment for some time while checking for drift and unsteadiness in the 

signal. This in vitro test was conducted in a controlled environment. It was a quick method to 

determine the integrity of the packaging and whether or not evaporation had occurred. Generally, 

drift and excessive signal noise were the result of leaks in the seals as the electrolyte escapes the 

elastic tube. Furthermore, the drift and noise were observed over multiple days to ensure the 

sensor exhibited a stable baseline voltage, meaning no evaporation had occurred and no leaks 

were present. 

8.1 Gas Testing and Temperature Effects 

 Initial in vitro testing of the CRISP sensor focused on looking for any sensitivity to 

pressure, reversibility, and repeatability. These tests were performed with the sensor placed in a 

beaker filled with water. This is then placed inside a sealed chamber filled with pure nitrogen or 

oxygen gas and venting the chamber back to atmospheric pressure. A NIST-calibrated absolute 

digital pressure gauge (Omega DPG5600B-30A) provided the reference pressure inside the 

chamber. Early iterations of the CRISP sensor featured only two electrodes—one at the tip of the 

sensor and one at the base of the sensor. The general belief was the constriction of the exposed 

tubing contributed more to the overall electrical resistance of the tube than the expansion of the 

tube inside the jacketed region. Measuring an unamplified sensor in this manner is shown in 

Figure 8.1. As shown in Figure 8.1A, the sensor has a resolution of 0.5 psi (25.9 mmHg) and 

range of 0-5 psi (259 mmHg), which is the range necessary for all blood pressure transducers 

[69].   
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Figure 8.1. A) Sensor voltage as a function of stepwise pressure increases from 14.5-19 psi (25.9 mmHg) with 0.5 
psi resolution (259 mmHg) B) A demonstration of the reversibility of the sensor when the pressure is quickly 
changed from 14.9-19.9 psi back down with little electrode drift. 
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However, with the resolution less than 100 μV, amplification and more sensitivity was clearly 

needed since the ultimate goal is to have a resolution of 1 mmHg. Figure 8.1B illustrates the 

reversibility of the sensor and the lack of drift when held at a constant pressure, validating the 

use of alternating current and platinum electrodes. 

However, in a demonstration of repeatability, the sensor failed to demonstrate 

repeatability when the pressure inside the chamber was modulated from 0-5 psi in quick 

repetition. The sensor exhibited a noticeable drift in between sudden pressure increases and 

venting as depicted in Figure 8.2. When an NTC thermistor was placed in the water bath adjacent 

to the experimental sensor, it was soon discovered that the temperature inside the water bath 

changed very slightly during the course of the experiment. It is well known that the temperature 

affects the electrical conductivity of water dramatically [70], and while the temperature and 

corresponding electrical resistance change were not large overall, it is significant relative to the 

resistance change due to pressure differences. Also, as shown in Figure 8.2, the sensor seemed to 

lose pressure sensitivity although this may have been an additional effect of the temperature 

change. 

Several options were investigated to eliminate the impact of temperature drift. First, the 

drift could be characterized and mathematically removed if the temperature of the sensing 

medium was constantly monitored. Another option was to integrate a non-pressure sensitive tube 

of electrolyte solution that would experience the same temperature changes. When arranged in a 

Wheatstone bridge, the sensor and temperature compensator would negate the temperature 

sensitivity. However, these ideas were not practical for multiple reasons. Each sensor would have 

to integrate another component, which makes the fabrication of each sensor more difficult and 
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complicated. Also the added components increase the bulk of the device, which needs to be 

minimized, especially if the sensor is to be scaled down enough to enter a small blood vessel. 

 
Figure 8.2. The response of a two-lead sensor to pressure and temperature. 

In the second case, to make a completely pressure-insensitive tube may also alter the thermal 

conduction properties of the tube, making the compensator less effective.  

 Instead, the most ideal solution was the design described previously since it not only 

negated temperature sensitivity, but also increases pressure sensitivity. The sensor was split into 

two regions; in one region the elastic tube collapsed and in the other, the elastic tube expanded in 

response to an increase in pressure. However, both regions were interconnected, and the 

electrolyte solution freely flowed from one region to another, so any change in temperature that 
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occurred in the electrolyte solution in one region was quickly transferred into the other region. 

Therefore, the change in electrical conductance from temperature change was nearly the same for 

both regions at any given time. Also, the fabrication of the new sensor was not any more 

complicated than a 2-wired sensor. In addition, the only components required to create this 

compensator was one extra platinum wire, minimizing any added bulk. As shown in Figure 8.3, 

the CRISP sensor’s temperature drift was minimized, maintaining consistent pressure sensitivity. 

The gas tests ultimately were vital in determining the correct sensor design. However, there were 

several problems with gas testing. First, it took a long time for the chamber to pressurize, 

especially for large pressure increases; second, it was difficult to set the correct pressure quickly 

and precisely. 

Figure 8.3. The pressure and temperature sensitivity of the temperature-compensated CRISP sensor.  
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Third, the experiments required venting the chamber to atmospheric which was even slower and 

less precise than the initial pressurization when testing for reversibility. In addition, the speed at 

which venting occurred depended on the pressure difference between the chamber and 

atmospheric—smaller differences vented slower. Therefore, for dynamic studies and for static 

pressure testing requiring quick and precise small pressure changes, another method was 

necessary. 

8.2 Static pressure testing and calibration 

 Pressure can be controlled by a column of water since pressure is dependent on air 

pressure and depth. Also one inch of water corresponds to 1.82 mmHg, so pressure can be 

changed in small increments very easily provided that the column of water has a fairly small 

volume. Figure 8.4 depicts a testing chamber designed based on this principle. The Omega 

PX309-005A gauge was attached to one end of a horizontal tube with the other end capped with 

a small hole drilled through. The sensor was fed through the hole and sealed off using silicone 

RTV (Dow Corning 732). A T-junction in the middle of the tube connects a long vertical 

column. All the components and fittings were made from clear PVC. The vertical column 

measures only 13 inches high, corresponding to ~24 mmHg. It was reasoned that the static 

testing of the sensor at a smaller pressure range is a higher standard for satisfactory performance 

than is encountered in physiological conditions, which is expected to be a periodic pressure wave 

with amplitude of 40-50 mmHg. 

 At the start of each test, only the horizontal tube was filled with water. The sensor was 

left powered for 10 minutes to allow the sensor to stabilize from any drift that occurs from 

heating when the AC current is applied. It was empirically discovered that sensors that tested 
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well and consistently stabilized very quickly. Sensors that continued to drift or had unsteady or 

unstable signals were believed to have had another source for the electrical drift, and it usually 

was attributed to poor sealing of the silicone tube. These sensors were put aside for later testing 

since it had also been experimentally discovered that some sensors would eventually produce 

signals that were steady and drift-free. This effect, if it occurred, took no longer than a week to 

settle, and if not, the sensor was discarded and remade. Assuming the sensor had passed this 

checkpoint, static pressure testing ensues. While recording in LabVIEW, with the control being 

set to the NIST-gauge, a 50-point moving average, and logging at 10 Hz, water was added to the 

vertical column inch by inch, corresponding to a 1.82 mmHg pressure increase for each step; the 

pressure was held at each step for 10-15 seconds. The sensor voltage value that was being 

simultaneously read by LabVIEW was recorded manually. As shown in Figure 8.5, the data was 

“zeroed out” to remove all offsets that may have been present and effectively forced the sensor to 

become sensitive to pressure relative to atmostpheric pressure. This adjusted value was then 

plotted against the pressure to generate a calibration curve. The LabVIEW data was also used to 

generate a time-dependent plot of the sensor and pressure to check for drift, noise, and any time 

lag during pressurization steps. 

Figure 8.5A depicts the sensor’s response with respect to time. Drift was minimal over 

the course of the experiment, and no appreciable change in voltage signal occurred when the 

pressure was held constant. The sensor also had a sensitivity of 1.42 mV/V/mmHg. The peak-to-

peak voltage of the electronic noise was 681 μV, which corresponds to 0.48 mmHg. Thus, if the 

resolution limit was defined as twice the noise voltage, that would result in a pressure resolution 

of <1 mmHg.  
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Figure 8.4. The experimental setup for static testing of the pressure sensing using a water column. A catheter port is 
inserted into the cap where the sensor is normally threaded through. 
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The sensor, thus, performs comparably to current standard solid state in situ blood pressure 

monitors, such as Millar’s catheter. In a clinical setting, the noise level of the Millar catheter was 

calculated to be nearly 1 mmHg [11].  

This test was performed over a course of several days or weeks to test the long-term 

stability of the sensor without changing the variable gain resistor on the non-inverting amplifier. 

By plotting the pressure versus sensor voltage data during the test period, the sensitivity of the 

sensor can be monitored and verified to ensure that any calibration that is used will still be valid 

for experiments run weeks into the future. To test overall lifetime, a sensor was tested for a 

period of three weeks; at the end, testing on that sensor ceased since it was believed that the 

lifetime was adequate. While the baseline voltage at atmospheric pressure does vary day to day 

and can be zeroed out simply by adjusting the offset in LabVIEW, the sensitivity of the sensor 

needs to stay consistent. As shown in Figure 8.5B, the slope of the linear regression of the 

voltage versus pressure data points stayed pretty consistent. Long-term testing is useful for 

qualifying sensors with good seals since over time, sensors with inferior seals will leak out the 

salt stored inside the silicone tube by osmosis. In this case, the baseline conductances of both the 

exposed and jacketed regions would increase over time. Eventually, the Wheatstone bridge 

would become progressively more unbalanced, the final instrumentation amplifier would 

saturate, and the sensor would no longer work and required recalibration. For most sensors that 

displayed stable signals, had good pressure sensitivity, and showed little to no drift over time, the 

sensitivities remained constant over the course of testing, and so, eventually, testing and 

evaluation of sensors was reduced to 2-3 days. Many CRISP sensors have been destroyed while 

inserting or removing the sensor from the test apparatus due to the fragility of the platinum wires 

and the use of threaded fittings in the testing apparatus.  
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Figure 8.5. A) depicts the time-dependent data of pressure and sensor output for the sensor in its 2nd week of testing. 
B) Sensor output as a function of pressure of the same sensor over the course of three weeks. The squares represent 
the calibration curve during the 1st week (V = 0.0016P, R2 = 0.99); the diamonds correspond to the 2nd week (V = 
0.0017P, R2 = 0.9769), and the circles represent the 3rd week (V = 0.0017P, R2 = 0.9765). 
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Therefore, the risk of damaging a well-performing sensor was minimized if the amount of testing 

of that sensor was limited. 

8.3 Dynamic Pressure Testing 

 
Figure 8.6. A dynamic pressure test using a manually rotated column of water actuated at 1 Hz. The sensor voltage 
data and pressure data measured from the pressure gauge are taken simultaneously. 

Although static testing is useful for determining sensor stability and drift, it does not 

adequately test for dynamic pressure response, which is critical for arterial blood pressure 

sensing. This was initially done with another water column setup with a maximum pressure of 25 

mmHg using the NIST gauge that was manually rotated from being completely flat to completely 

vertical. Figure 8.6 represents a typical pressure test performed at 1 Hz. The dynamic response of 

the CRISP sensor is comparable to the commercial NIST-calibrated gauge, suggesting that the 
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test sensor would be able to sense arterial blood pressure just as well as a commercial pressure 

transducer. 

 
Figure 8.7. The amplitude of the pressure (white square) and voltage (black diamond) waveform from the sensor as 
the frequency (period) of the pressure waveform is varied. 

However, there were several problems from using this setup. For one, being manually 

powered the frequency and amplitude of the pressure waves couldn’t be kept constant. Also, it 

proved to be very difficult to actuate greater than 1.5 Hz, and at high frequencies, the variation of 

the frequency and amplitude became worse as it became more difficult to consistently attain the 

same elevations during each rotation. As shown in Figure 8.6, the median pressure value is not 

constant as seen in both the sensor and the commercial transducer. This is surely attributable to 

operator error.  
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Figure 8.8. The cardiac system simulator in Dr. Peyman Benharash’s lab used to simulate dynamic pressure for the 
CRISP sensor. The pump driving water through the system is off screen. Photo credit: PJ Rezzai. 
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Furthermore, as the frequency increased, it became necessary to rotate at shorter radial distances, 

leading to smaller pressure waves as illustrated by Figure 8.7. To ideally mimic blood pressure, a 

pressure wave needed to be actuated with a frequency of 1-3 Hz (60-180 bpm) and amplitude of 

40-70 mmHg.  Therefore, with this testing method, it was impossible to correctly replicate an 

arterial pressure wave. Finally, the placement of the sensor in the water column introduced a lot 

of stress on the small fragile wires. Many sensors were inadvertently destroyed while using this 

testing apparatus, so for characterizing sensors destined to go into an animal, this testing method 

fell out of favor. Therefore, dynamic testing of these sensors required a different approach. 

 

Working with Dr. Peyman Benharash, a physician at the Department of Thoracic and 

Cardiac Surgery, the sensors were dynamically tested in a simulator designed to replicate the 

blood pressure anywhere in the cardiac system. The output pressure waveform was controlled by 

LabVIEW and could be configured for any frequency and amplitude, but typical measurements 

were conducted at 1 Hz and 75 mmHg. The sensor was placed in an area corresponding to the 

aorta and secured via a Luer connection. A commercially available medical transducer acted as a 

control, but unfortunately, it was read and the data was logged on a separate machine, so in order 

to obtain simultaneous and synchronized measurements, precise timing was required; an easily 

identifiable change in pressure profile was also helpful to determine the timing differences 

surrounding between the sensor and commercial transducer. 
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Chapter 9 In Vivo Testing 

9.1 Changes in Design and Fabrication for In Vivo Use 

 In vivo use of the CRISP sensor requires the sensor to be packaged differently to be able 

to successfully implant them. The sensors were always designed to go through a catheter port, 

which features a one way valve and sheath that is inserted into an artery and into the blood 

vessel. It is a tortuous path that requires ample protection for the elastic tube and certain stiffness 

to push through the catheter port into the artery and thin enough to easily slip through the port 

and artery. The aforementioned CRISP sensors would not be viable for in vivo use for several 

reasons. One, the exposed elastic tubing at the tip of the sensor was floppy and could not pass 

through the valve. In fact, previous animal studies used this exposed design, and in order to 

insert the sensor, the valve had to be bypassed with another catheter sheath. As a result, blood 

gushed out of the port, which is undesirable since copious amounts of blood can have negative 

effects on the electronics by shorting out connections and even corroding metal, as well as 

causing unnecessary blood loss. Second, by using liquid adhesives like epoxy or glue as seals, an 

excessive amount was previously required to ensure good sealing. However, before being fully 

cured, the adhesives tended to flow and accumulate in certain areas due to gravity depending on 

how the sensor was oriented during curing. As a result, the seals had a much wider girth than the 

metal jacket, making the sensor difficult if not impossible to push through a catheter sheath or 

blood vessel. The obvious solution was to carefully apply the adhesive or even sand down the 

cured epoxies to size, but often, the seals failed and the sensor was rendered inoperable. 

Therefore, in order to solve both issues, the rigid jacket and a scaffold for the exposed tip were 

devised from one piece of hypodermic needle tubing. Two designs, known as the “windowed” 
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and “brace” jackets, were developed and used as depicted in Figure 9.1. Both featured a large 

piece of material removed from the area that would be where the exposed tubing lies. The 

windowed design had a single piece removed on one side, and the brace design had two 

shallower pieces removed on opposite sides. This allowed the sensor to still access the applied 

pressure, but maintain rigidity for the catheterization process. Early iterations of the jacket 

design had a small 2-4 mm window cut out. However, after all the sealants were applied, the 

inelastic adhesives flowed around the elastic tube until it was completely covered. Needless to 

say, the sensors were pressure insensitive.  

 
Figure 9.1. The two metal jacket designs. The top design is the “windowed” jacket while the bottom design is the 
“brace” jacket. 

The sensors were also more complicated to fabricate since sealant had to be applied to two 

different sides of the sensor. Although both jackets yielded functional sensors and were both 

used, the windowed design was eventually selected. The current version of the windowed design 

featured a 9 mm window. The larger window, therefore, accounted for excess epoxy. The braced 

jackets were designed to have a minimalist approach—the metal is only there to give the elastic 
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tube support. Theoretically, if more of the elastic tubing is exposed to the sensing medium, the 

pressure would have more effect on the tubing and greater sensitivity. In practice though, the 

braced jackets had such little material at the tip that the jackets deformed very easily, and there 

wasn’t any noticeable advantage in pressure sensitivity.  

The jackets measure 29 mm long—deliberately longer than the elastic tube to give 

enough head space at the tip of the jacket for the injection of adhesive, which acted as a 

secondary sealant for the elastic tube as well as secured the tube to the jacket. In order to seal the 

reference volume, the adhesive was painted or injected onto the elastic tube slowly and forcing it 

along the sides and underneath the elastic tubing. With time, the adhesive flowed into the tubing 

to create a solid plug of adhesive with the same diameter as the inner diameter of the jacket. The 

resulting sensor lacked any globs of sealant that may snag while inserting into the catheter port. 

There were, however, drawbacks to this sealing method; complete sealing was dependent on the 

flow of the adhesive to every space between the elastic tube and jacket, but some sensors formed 

incomplete seals. While the yield of non-functional sensors was higher with this technique, 

fortunately, enough operable sensors were made to justify the continual use of this method. 

The functional component of the sensor is modeled in Figure 9.2. The fabrication of the 

sensor required a modified technique. The elastic tube (Dow Corning Silastic) used had a smaller 

radius—0.037 in (0.94 mm) outer diameter and 0.02 in (0.51 mm) inner diameter—to 

accommodate more clearance for the expansion inside the metal jacket. The 25 mm elastic tubes 

were also longer than they were previously. The wires were arranged exactly in the same way as 

the in vitro-only sensors: the longest wire is inserted 22.5 mm into the elastic tube to leave a 2.5 

mm head space at the tip of the elastic tube, the middle reference electrode is 15 mm long, and 
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the last wire is inserted 5 mm into the tube. This was designed to have 5 mm spacing between 

electrode pairs in each region. After the base of the elastic tube was sealed twice with PDMS 

(Nusil Med-4011) and coated with Viton, a third seal was applied at the base using cyanoacrylate 

glue (Loctite 401). The high viscosity of Med-4011 was preferable since the amount of PDMS 

that was wicked into the tube through capillary action was limited, which prevented complete 

coverage of the base wire. Once all seals were dry, the tube was marked 15 mm from the base to 

denote the end of the reference electrode and the transition between the jacketed and exposed 

regions, as well as the last 5 mm of the tip of the tube to denote the head space and the exposed 

metal of the tip wire, which corresponded to the base of the electrode in the exposed region to 

the tip. These marks indicated where inelastic adhesives should be applied to ensure proper 

sealing and to guarantee that the compression of the exposed region occurred in between the 

electrodes for maximum sensitivity.  

 
Figure 9.2. A model of the fully assembled CRISP sensor. Medical shrink tubing is shown connecting the base of 
the sensor to a sheath for the platinum wires. 

The elastic tube was filled with 50 mM KCl; immediately, the last 2.5 mm of the tube 

was filled with liquid PDMS (Dow Corning Sylgard 184). The Sylgard 184 PDMS is less 
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viscous than the Med-4011 used to seal the base of the silicone tube, which allowed the Sylgard 

184 PDMS to be injected through the requisite small bore needle (27-30 ga.) very easily. The 

conductance of each sensor was tested at this stage to verify the tubes were properly filled. Any 

sensor that had an open connection in either of the electrodes was refilled, resealed, and retested. 

If the sensor still was nonconductive in both electrodes, the sensor was discarded based on the 

assumption that the problem was unfixable without complete disassembly of the sensor.  

The remaining working sensors are then inserted into the one piece jackets. 4-minute 

epoxy (E-bond) is injected into the tip of the jacket to the opening of the cut out portion. The 

filled elastic tube was pushed all the way into the epoxy until the 15 mm mark was exposed 

through the window and the elastic tube was flushed with the base of the jacket. This ensured 

that the window cut into the metal jacket corresponded perfectly with the exposed region. The 

epoxy displacing from the tip assures the tip of the elastic tube is encased in solid material when 

the epoxy cures. A small amount of epoxy was applied to the base of the jacket just enough to 

plug the jacket. Epoxy was finally applied to any marked areas on the elastic tube. It was 

important to allow the epoxy to coat the underside of the tubing to seal the jacket. The high 

viscosity of the epoxy will only increase as it cures, so gravity-driven flow of the epoxy around 

the silicone tube could not be expected. Finally, cyanoacrylate glue was applied to the tip and 

base of the jacket as a triple redundant seal. The sensors were stored in 50 mM KCl solution for a 

day as the silicone finished curing to prevent evaporation during this step. Because the sensor 

was submerged in water quickly after filling the elastic tube, the yield of conducting sensors was 

generally about 75%, which was a drastic improvement over the previous in vitro only iterations. 

However, because the sealing of the reference volume depended on epoxy flow to completely 
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plug the jacket, the number of fully functional sensors was just a fraction of that. Despite that, 

the yield of fully functional sensors was still much improved. 

The last modification of the sensor for in vivo use was the protection of the fragile 

platinum wires. For sensors that were strictly used for in vitro testing, the wires were 

unprotected, but this obviously was not viable for use in an animal. Initially, the platinum wires 

were threaded into a silicone tube similar to the elastic tube used in the sensor. However, the 

silicone tube coupled with very thin platinum wires had been aptly described as a “wet noodle,” 

namely that threading the sensor through a catheter port would be nearly impossible. A thin 

guide wire either made of nitinol or high tension steel piano wire was inserted into the silicone 

sheath to provide some rigidity. While this was effective, it was less than ideal since the guide 

wire could electrically short the wire connections out if contacted. Also the guide wire made the 

entire sensor unwieldy, causing some to break. The last solution was to use a semi-rigid sheath. 

Several materials were looked at, namely polyethylene and Teflon tubing, but ultimately 

polyethylene was chosen due to its being rigid enough to pass through the valve and thread down 

the catheter sheath, but soft enough to overcome its inherent memory when necessary without 

too much force. Teflon, on the other hand, was too stiff—the tubing took the shape of the spool it 

was stored on, so the sensor stayed coiled—making insertion through a catheter difficult. 

Because in vitro testing and characterization of each sensor required the use of a twist cap, 

having the polyethylene sheath on the wires imparted a lot of stress on those wires, causing them 

to break during testing. Therefore, sensor characterization was performed with naked wires and 

the polyethylene sheath was threaded on after the sensor passed the calibration testing and was 

ready for dynamic testing and implantation. 
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However, even when testing the sensors without the protective polyethylene sheaths, 

wires, especially older reused wires, sometimes broke during multi-day testing or during 

packaging preparation. For sensors that exhibited good sensitivity, stability, and drift properties, 

a broken wire was particularly devastating. Fortunately, depending on where the wire broke, the 

sensor can be repaired. Wires that broke near the end of the wire, which was usually soldered to 

the conditioning circuit can easily be re-soldered without losing too much overall length. On the 

other hand, wires that broke at the base of the metal jacket could not be salvaged. Wires that 

broke somewhere in the middle could not be trimmed down and re-soldered since the overall 

sensor would be too short to be effectively implanted. The obvious solution was to splice on 

another wire. However, the material properties of platinum precluded using a solder joint. 

Normal lead/tin solder does not wet very well to platinum, meaning that a high-contact angle 

solder ball would form if used on platinum wire. The size of this ball would make it impossible 

to thread through the polyethylene sheath.  

To remedy this, several well-known splice knots were investigated in connecting two 

wires together. A well-cinched knot would have great contact between the platinum strands and 

be thin enough to easily thread through a protective sheath. However, being a single solid core of 

thin metal meant that tying the knot would be very difficult since the wires had memory, kinked 

very easily, were fragile and required tweezers to manipulate them. There were several 

considerations in choosing which knot was ideal, such as the amount of wire required, the 

complexity of the knot or the dexterity required, the force required to cinch the knot down, and 

the knot strength. The knots that were tested included the half hitch: a simple overhand knot tied 

around the other wire, a double uni knot, a “Bob Sands” knot, and a modified Albright knot. The 

advantages and disadvantages of each knot are described below in Table 9.1: 
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Knot Name Disadvantages Advantages 
Half hitch Slips very easily Simple and does not 

require a lot of wire 
Double uni knot Requires a lot of wire to tie 

and a lot of dexterity 
Strong 

“Bob Sands” Difficult to tie and requires a 
lot of wire 

Very strong 

Modified Albright Requires a fair amount of wire Very strong 
Table 9.1. The advantages and disadvantages of knots considered in tying two pieces of platinum wire together. 

The preferred knot was the modified Albright knot, which when tied with 4 wraps, was strong 

enough to hold without slipping, yet did not generate enough friction when cinching down to 

break the wire. As illustrated in Figure 9.3, the knot was tied by first forming a loop in the 

broken wire that was already in the sensor. A spool of fresh wire was threaded through the loop 

(step 1) and wrapped twice around the loop (step 2). The wire was wrapped back towards the 

loop twice (step 3). Next, the fresh wire was passed back through the loop in the same direction 

that the wire first entered, and the knot was cinched down by pulling both the main wires and 

their tag ends (step 4). At this step, the wire insulation was completely removed and the knot was 

fully cinched down by pulling just the main wires (step 5). The knot was complete when the wire 

was completely cinched down tight and the tag ends trimmed (step 6). A blown up photograph of 

a spliced wire in a test sensor is shown in Figure 9.4. When that sensor was eventually discarded 

and the parts salvaged, the electrical resistance of the knot was measured to be around 8 Ω, 

proving a good contact can be formed when splicing wires in this manner. As shown in Figure 

9.4, the Teflon insulation around the wires was not completely removed before cinched down, so 

a more thorough removal of the insulation can potentially result in a much tighter knot and even 

better electrical contact. 

Once a sensor has demonstrated good functionality by holding its sensitivity for at least 

two days, it was set aside to be fully packaged. 
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Figure 9.3. A step-by-step illustration on how to tie a 4-turn modified Albright knot to splice two platinum wires 



 

72 
 

 
Figure 9.4. A magnified view of a modified Albright knot splicing two platinum wires together. The magnification 
is 100x. 

The sensor was inspected for any excess glue that may be on the jacket, especially at the base of 

the jacket, where excess epoxy may have accumulated when sealing the jacket. These spots were 

problematic when the finished product is threaded through the port, so they needed to be 

removed by gently grinding them down with a 60-grit sanding bit on a rotary tool (Dremel 

3000). The polyethylene sheath was threaded on, and silicone oil (Nusil Med-420) was injected 

into the sheath. Based on prior experience with this oil and water evaporation, it effectively acted 

as a barrier for evaporative water loss through the base of the sensor. The polyethylene sheath 

was then attached to the sensor by first applying 4-minute epoxy to the wires and base of the 

jacket and keeping the polyethylene tube flush against the jacket. Care was required to ensure 
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that there were no kinks in the junction between the jacket and sheath while the epoxy cured. 

Excess epoxy was removed to prevent any droplets of epoxy from forming on the outside of the 

polyethylene sheath. This epoxy joint was typically very weak and could be broken easily as had 

been shown in previous animal implantations, so it was strengthened by slipping a small half 

inch piece of medical shrink tubing (Vention Medical) made of polyethylene terephthalate with a 

nominal inner diameter of 0.083” (14 gauge) and a wall thickness of 0.001” over the base of the 

metal jacket. The shrink tubing was shrunk around the joint, and a thin layer of cyanoacrylate 

glue was applied over the shrink tubing and polyethylene sheath to prevent the shrink tubing 

from slipping off the jacket during extraction of the sensor from the catheter port. At the other 

end of the sensors, the wires were soldered into a connector using crimp contacts mounted onto a 

piece of printed circuit board (PCB). 4-min epoxy was applied over the entirety of the wires, 

crimp contacts, and PCB to protect the connections from intermittent blood contact. From the 

crimp contact were pins that slipped into a custom made connector attached to 8 feet of cable 

made of thin braided wire, which was then connected to the conditioning circuit. This way, 

sensors can easily be swapped even if the recording computer was far away.  

 
Figure 9.5. The fully assembled sensor featuring a protective polyethylene sheath and blood-proof wire connector. 
The sensor is connected to an 8-foot cable that connects to the conditioning circuit. It also has a female Luer adapter 
for use in the cardiac simulator. 
 

The cable was limp, so it would not pull the sensor out of the catheter port trying to relax 

into a coil like was typical when using solid core wire. Figure 9.5 shows a fully packaged sensor 

albeit a particularly short one. 
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9.2 Sensor Characterization 

 Once fabricated, sensors were characterized for sensitivity, drift, signal stability, and 

whether or not the calibration remains unchanged. The voltages from each arm of the 

Wheatstone bridge were monitored and compared from day to day to check for any slow leaks 

that may alter the conductivity of the electrolyte solution within the sensor. Assuming each 

signal measured directly from the bridge did not drift and did not exhibit any noise, the entire 

amplified signal was read through LabVIEW. If the signal exhibited a noise amplitude <1 mV, 

then static pressure testing ensued as described in Chapter 8. After a successful initial pressure 

test of a sensor, the variable resistor used on the non-inverting amplifier of the jacketed electrode 

was set aside and reserved for use only on that particular sensor. When the new packaging and 

sensor designs were first implemented, the long-term performance of the sensor needed to be 

tested to ensure that altering the fabrication techniques did not effect reduced sensor 

performance. Therefore, the sensor was observed for more than a month and tested nearly once a 

week (Figure 9.6).  The sensor behaved brilliantly, yielding a resolution of <1 mmHg. 

Unfortunately, this particular sensor was made before the use of a secondary sealing step at the 

base of the jacket. After a month of submergence in water, the epoxy had lost its grip on the 

Teflon-coated platinum wire, and the electrode in the jacketed region pulled out of the sensor—

rendering it useless and unsalvageable. 

While the aforementioned sensor performed very well, because fabricating functional sensors 

was inherently difficult and the sensor was generally meant to be a proof of concept, the 

requirements for sensor performance were relaxed. A sensor passed the characterization step if it 

had a resolution of < 5 mmHg. 
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Figure 9.6. A series of calibration curves of a fully packaged sensor designed for in vivo use. The last 3 weeks of 
testing are represented here: the slopes of the linear regressions: day 21 (diamond): 0.0026 (R2 = 0.9963), day 25 
(square): 0.0027 (R2 = 0.9959), day 32 (triangle): 0.0027 (R2 = 0.9965) 

Also, the long-term study of sensitivity was generally not required for each sensor, and 

since a sensor that experienced a change in sensitivity over time had never been observed, testing 

was restricted for 2-7 days to lessen the risk of breaking the platinum wires during testing. A 

total of 5 sensors were fabricated that met this metric before moving onto in vivo testing. 

One particular sensor, which was tested a day apart, had a sensitivity of 23.9 mV/mmHg. 

The sensor experienced a slight change in sensitivity between each day. Specifically, the slope of 

the linear regression changed from 0.0228 (R2 = 0.9982) to 0.0249 (R2 = 0.9992) after one day, 

resulting in a 9% change in sensitivity. For a typical arterial waveform of 40 mmHg, this would 

result in a 4.5 mmHg resolution. It should also be noted that this test was conducted soon after 

fabrication—a time when the greatest variability in sensor performance occurs. Furthermore, the 

sensor exhibited very stable and drift-free signals. This is mostly due to the high sensitivity of 
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the sensors. The least sensitive of the five sensors had a sensitivity of 12 mV/mmHg, with a SNR 

of 6. Sensors that weren’t as sensitive, although clearly showing incremental pressure increases, 

were marred by having unstable baselines or very noticeable signal drifting and were generally 

rejected. Overall, the accepted sensors exceeded the minimum sensitivity requirements, which 

was defined by the sensing limit of the PCI-6289 Digital Acquisition (DAQ) card used in the 

test. Since the in vivo sensors were to be used without data smoothing, the sensitivity had to be 

greater than 3 mV/mmHg to satisfy a SNR of 2.   

Two sensors were set aside for nearly three weeks before testing them dynamically in Dr. 

Benharash’s cardiac simulator, which was earlier described in Chapter 8. Both sensors 

demonstrated a good dynamic response and had even better response than the commercial 

transducer since the CRISP sensor did not output any digitization steps, which could be subject 

to misinterpretation if one assumed that the increments were real pressure steps. One sensor was 

tested at three frequencies: 1 Hz (Figure 9.8A), 2 Hz (Figure 9.8B), and 3 Hz (Figure 9.8C), 

which is equivalent to a heart rate of 60 bpm, 120 bpm, and 180 bpm, respectively and 70 mmHg 

amplitude. Moreover, the amplitude of the sensor output decreased proportionally with the 

corresponding decrease in the pressure waveform. Because the pressure from the commercial 

transducer and the test sensor output were read by different computers, it was difficult to 

perfectly synchronize the sensor to the transducer. However, by using frequency changes as 

landmarks, the two readings were realigned. The sensor demonstrated a very clean signal with 

very little noise and little drift. It should be noted that because the transducer and sensor were 

placed in different areas of the simulator and because the simulator relied on fluid flow, there 

was a frequency-dependent time lag between the sensor and transducer signals, which was why 

at higher frequencies, the signals became out of synchronization again. 
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Figure 9.7. The results of static pressure testing of an implantable sensor. Testing occurred over two days and shows 
the A) sensitivity over those days and B) a characteristic time-dependent plot of the sensor output (black) and 
simultaneous pressure measurements (gray). 
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Figure 9.8. Dynamic pressure testing of two sensors with the black trace representing the sensor and gray trace is the pressure gauge. One sensor was tested at 
three different frequencies: A) 1 Hz (60 bpm), B) 2 Hz (120 bpm), and C) 3 Hz (180 bpm). The other was only tested at D) 1 Hz (60 bpm).
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Figure 9.9. The linear regression of the CRISP sensor voltage and pressure taken during a 1 Hz dynamic pressure 
test (V = 0.0052P, R2 = 0.8897). 

Although the amplitude of the pressure wave was reduced as the frequency is increased, the 

median pressure of the sensor stayed the same regardless of frequency. According to Dr. 

Benharash, this indicated proper functionality. The second sensor was only tested at 1 Hz (Figure 

9.8D) or 60 bpm. It unfortunately had a noisier signal, but it was not enough to obscure the 

pressure waveform. Both sensors functioned properly at 70 mmHg, an amplitude that was higher 

than expected in a human or animal model, which was a testament to its ruggedness in testing 

large pressure differences in a dynamic environment. 
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Both sensors displayed their sensitivities close to the expected sensitivities as predicted by the 

static tests with slight differences. A linear correlation between actual pressure and sensor output 

voltage was calculated using the data set at 1 Hz (Figure 9.9). As seen in Figure 9.8, the data 

from 2 Hz and 3 Hz did not yield clean waveforms for the commercial pressure transducer. 

Therefore, the data correlated very poorly. The linear regression of the CRISP sensor tested at 1 

Hz was V = 0.0052P (R2 = 0.8897), which was very close to the linear regression of the same 

sensor in the static test (V = 0.0051P). This underscored the belief that the static testing should 

not be used for calibration per se, but rather comparing the amplitudes of the waveforms in 

dynamic testing to the amplitudes during in vivo testing would be a more appropriate check of 

calibration. Static testing, on the other hand, really was only useful as an initial checkpoint for 

qualifying the operable sensors and to characterize the long-term stability of the sensor. 

9.3 In Vivo Testing 

A female porcine model was catheterized in the femoral artery with a 7 French catheter 

sheath. The pig had undergone open heart surgery earlier to test and characterize different heart 

socks for electrophysiological studies. The sensor was inserted through the sheath, and the 

transducer was attached to the catheter port. However, due to the extreme angle of the sheath 

with respect to the femoral artery, the sheath was occluded and no pressure was transmitted to 

either the sensor or the transducer. Clearing the catheter to force it open proved futile. Another 

catheter was introduced into the femoral vein; although that catheter was not occluded, the 

sensor and transducer both did not yield any pressure waveforms. This was mostly expected 

since venous walls are highly elastic and lack musculature.  
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Figure 9.10. A) The implantation of the catheter mounted CRISP sensor through a 7 French port and B) the 
functional sensor after insertion. Note the pressure transducer used as a reference at the bottom of the picture. Photo 
credit: Carl Salazar.  
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Therefore, venous pressure usually ranges 5-8 mmHg with an irregular waveform [71], which is 

difficult to identify to the untrained eye. At last, a third attempt at catheterization into the femoral 

artery occurred, which proved successful. Insertion of the sensor was performed simply by 

threading it through the catheter port valve into the sheath. Insertion of the catheter is shown in 

Figure 9.10A. Once inserted, the sensor is connected to the conditioning circuit via a quick 

connect system (Figure 9.10B). The limp wires used in the quick connect allow the catheter to 

remain in place without pulling out and without the use of tape. Only one sensor was implanted 

at a time. 

In previous experiments using catheter ports in both animals and in a laboratory setting, a 

common mode of failure was the sensor separating from the polyethylene sheath. As more force 

was applied to pull the sensor out, the platinum wires would often pull out of the sensor. This not 

only destroyed the sensor, but also left a foreign object in the catheter, which would need to be 

replaced, or even worse, inside the body. Throughout the most recent experiment, multiple 

sensors were inserted and removed many times by multiple people and in all cases, each sensor 

remained intact. In fact, every sensor was able to pass through the catheter sheath easily although 

the sheath was a little snug for some sensors. All sensors were able to pass through the port valve 

while being removed multiple times without packaging failure. Another weakness of the 

packaged sensor that has been noticed in the past has been the solder joints connecting the 

platinum wires to the conditioning circuit. The stiffness of the polyethylene sheath, the fragility 

of the wires, and the hard solder joints all cause wire breakage. However, during this experiment, 

the wires and a portion of the polyethylene tube were completely encased in epoxy. As a result, 

no wire breakages occurred. 
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One thing that was not completely anticipated was the amount of bleeding that occurred. 

Since only the sensor itself at the tip of the catheter was intended to be in constant direct contact 

with blood, it was the only portion that was robustly packaged. The polyethylene sheath, cable 

plug at the end of the platinum wires, and quick connector were all designed for incidental blood 

contact.  

  
Figure 9.11. The sensor upon extraction out of a catheter port. Note the blood underneath the protective epoxy layer 
on the cable plug. Photo credit: Carl Salazar. 

Even though the cable plug had all metal pieces covered in epoxy, blood was able to permeate 

the epoxy in all sensors as shown in Figure 9.11, which was taken upon extraction of a sensor. In 

fact, in one sensor, blood was found in the joint between the sensor and the polyethylene tube 

underneath the medical shrink tubing and coating of cyanoacrylate glue. After the procedure was 

done, all the sensors were cleaned in an ethanol solution and inspected. The blood that had been 

trapped in the epoxy was easily removed in the alcohol bath, suggesting that there were voids in 
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the epoxy that had formed a pathway for liquids to reach the wires and crimp contacts used in the 

plug. Visual inspection of the sensors confirmed this suspicion. Regardless, pressure data was 

still obtained and the arterial waveform was clearly discerned in three of the four sensors tested 

that day. The detected heart rate of the test subject throughout the entire study was about 60 bpm. 

 Because of the permeation of blood into the cable plug and quick connector, short circuits 

may have formed between the electrodes, which affected the signal noise and altered the baseline 

conduction levels between electrodes. Therefore, in all sensors, the preset values of the 

potentiometers that determined the gains of one of the electrodes were rendered useless, which 

disallowed any comparison of sensitivities and calibration between multiple days. The signal 

noise for each sensor was also much higher compared to all in vitro tests, including the dynamic 

pressure studies. This suggests that the noise issues were completely unique to the use in an 

animal.  

 The first sensor inserted stayed in the animal for nearly five minutes. The sensor 

displayed a clear pressure waveform throughout the entire experiment, but for the purposes of 

this discussion, only two short windows (Figures 9.12 and 9.14) were used to clearly show the 

waveforms. The first window (Figures 9.12A and 9.14A) was chosen for its consistent frequency 

and interesting secondary pressure peaks. It was also highly representative of the entire data set. 

The second window, which occurred near the end of the experiment, indicated a highly irregular 

pressure profile as evidenced by a relatively low heart rate and inconsistent amplitude. It should 

be noted, however, that at the time of these readings, as well as all the pressure readings, that the 

test subject was undergoing multiple procedures, including a coronary bypass surgery and the 

insertion of another catheter into the femoral artery. The peaks and troughs of the waveforms 
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clearly match up with those shown on the commercial pressure transducer acting as a reference. 

Also, the amplitudes of each wave were consistent, which is to be expected when analyzed in 

such a small time frame. However, it’s clear that the raw data (Figure 9.12) is extremely noisy, 

which sometimes obscures shorter secondary pressure peaks that were clearly evident in the real-

time pressure trace. Furthermore, large negative voltage spikes occurred seemingly randomly. 

Both these phenomena and the noisiness (15 Hz) are attributable to the blood fouling of electrical 

components found on the cable plug and quick connector.  

To remove the noise resulting from blood contamination, the data was filtered with a 10th 

order, 12-Hz low pass Butterworth filter. When tested against a 15-Hz sine function with the 

same sampling frequency as that used in the in vivo study, this filter fully removed the sine 

function, yet filters with higher corner frequencies did not. The filtered in vivo data from the 

three remaining sensors still had harmonic waves present as seen in Figure 9.13B. This could be 

attributed to either resonant pressure waves or ringing artifacts from the filter used. System 

damping or resonance is dependent on a variety of factors, such as tubing compliance, tubing 

length, the presence of air bubbles, tubing kinks, and blood clots. An underdamped system 

features additional harmonic waves; the systolic and diastolic levels are often exaggerated, 

leading to an overestimation of blood pressure. On the other hand, an overdamped system result 

in an underestimation of blood pressure since wave energy is absorbed by tubing or clots, and the 

systolic and diastolic peaks are reduced [72]. This is surprising since the sensors never exhibited 

any resonance artifacts during any in vitro testing even when tested at higher pressure wave 

frequencies than that observed in the animal. In addition, because silicone was used, which is 

highly compliant and vapor permeable, there was a general belief that the sensor would 

potentially be overdamped.  
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Figure 9.12. Select windows of raw data from a sensor implanted in the femoral artery of a porcine model. The data 
from the sensor is represented by the solid trace; dotted is the pressure. 
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Figure 9.13. A comparison of A) the raw data, B) the data filtered with a 10th order Butterworth filter (fc = 12 Hz) 
and of a sensor used in the in vivo study. 
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Therefore, it can only be concluded that any reflected pressure waves the sensor detected must 

have resulted from variables introduced during the animal study or from the filter used. A simple 

model using the same filter on a 15-Hz wave superimposed onto the data from the pressure 

transducer, which would best replicate the pressure wave sensed by the CRISP sensor, did not 

replicate the oscillations seen in the experimental sensor data. However, this model is limited 

since it is unclear how well the model replicated the waveform seen in the CRISP sensor data. It 

is also possible that the oscillations are a combination of an underdamped system and filtering 

artifacts, and further study is required to isolate the exact source of these harmonic waves. This 

also stresses the need to fully insulate all electronic components from blood fouling in order to 

avoid any filtering. 

The data was then subjected to a low pass 10th order Butterworth filter with a corner 

frequency of 5 Hz. It’s immediately evident that the noise has been cleared out, and many of the 

resonance artifacts have been removed. The amplitudes of the pressure waves have also been 

slightly reduced as well, but this is a minor issue since the sensor can easily be calibrated after 

filtering for future use. Two data sets of the first implanted sensor are shown in Figures 9.12 

(raw) and 9.14 (filtered at 5 Hz). The number of large negative voltage spikes seen in the raw 

data has been reduced. Once the data has been filtered, the data displayed many more secondary 

peaks that were completely obscured in the raw data. This is particularly interesting since many 

of the peaks are present only in the sensor data, but not in the reference pressure trace recorded 

by the commercial pressure transducer. This is especially evident when comparing Figures 9.12B 

and 9.14B. It must be remembered, however, that although the commercial pressure transducer 

was connected to the same catheter port that the CRISP sensor was inserted into, the catheter-

based sensor measures blood pressure in situ.  
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Figure 9.14. The filtered data previously shown in Figure 9.12. The filter is a 10th order low pass Butterworth filter 
(fc = 5 Hz). Solid represents the sensor data and dotted is the pressure. 
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It is entirely possible there were some nuances to the pressure profile that were not 

completely transmitted to the commercial pressure transducer through the arterial line, yet were 

picked up by the CRISP sensor. If that is the case, then these two traces already demonstrate the 

superiority of a catheter-based sensor over the traditional method of measuring pressure through 

an ex vivo pressure transducer connected to an arterial line. The mere presence of secondary 

pressure peaks that were detected by both sensors tends to support the belief all the secondary 

peaks are real regardless of whether or not they were sensed by the commercial transducer. It is 

reasonable to assume that these secondary peaks were prevalent during this experiment. 

Moreover, looking at Figure 9.14B, the period between secondary peaks remains consistent at a 

little under 0.45 seconds, or a frequency of 2.2 Hz; this further supports the hypothesis that these 

peaks are real. The heart rate as detected by the commercial transducer would be 60 bpm. The 

secondary peaks in the CRISP sensor, if counted as heart beats, would boost the heart rate to 120 

bpm. There would be little reason why the test subject would be temporarily tachycardic and 

return to its normal heart rate without intervention. It is entirely possible that these secondary 

peaks are actually dicrotic waves, which are small momentary increases in pressure as the arotic 

valve closes at the start of diastole. Dicrotic notches are more evident in peripheral arteries 

readings, including the femoral artery than in the aorta [73-76]. In fact, in Figure 9.14A at 140-

144 seconds, the dicrotic notch is quite noticeable in the CRISP sensor data, but is muted in the 

commercial transducer. The dicrotic notch as sensed by the CRISP sensor is shown in more 

detail in Figure 9.15. 

Two other sensors that were implanted also yielded pressure data although the pressure 

data tended to be more stable. Both sensors were not as noisy as the first sensor shown above, 

which was expected since the first sensor was used the most during the entirety of the animal 
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experiment, and thus, accumulated the most amount of blood. The second sensor implanted 

during the study did not have a typical waveform profile as indicated by the raw data in Figure 

9.16A. 

 
Figure 9.15. A detailed plot of the femoral pressure wave as detected by the CRISP sensor (solid) compared to a 
commercial arterial line pressure transducer (dotted). A) the systolic pressure, B) the dicrotic notch, C) the dicrotic 
wave, and D) the diastolic pressure. 

The trough of the wave as detected by the CRISP sensor seemingly occurred earlier than in the 

commercial transducer. However, by looking at the filtered data (Figure 9.16B), it’s pretty 

evident that there were small secondary peaks immediately succeeding the large primary peak 

for each wave. This small peak was not detected by the commercial transducer. These peaks may 

actually be ringing artifacts as a result of the use of a high-order Butterworth filter. 
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Figure 9.16. A 15-second window of the a) raw data and b) filtered data using a 10th order low pass Butterworth 
filter (fc = 5 Hz) for a second sensor implanted into the femoral artery of a porcine model. 
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Figure 9.17. A 15-second window for a third CRISP sensor showing a) the raw data and b) the filtered data using a 
10th order low pass Butterworth filter (fc = 5 Hz) implanted into the femoral artery of a porcine model. 
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The third operable CRISP sensor implanted into the porcine model had arguably the best 

performance since the waveforms matched that of the commercial transducer almost exactly 

(Figure 9.17). It was not as noisy as the first implanted sensor. Also there weren’t any secondary 

peaks in either the commercial transducer or in the CRISP sensor as the sensor may have been 

recording pressure at a relatively stable time. Unfortunately, however, the commercial transducer 

was amplified with a gain of 100, which in the end was too high. The pressure as measured in the 

porcine model was too high and the amplifier saturated yielding a truncated wave. One more 

pressure transducer, which had undergone static testing the same day as the animal experiment, 

was also implanted, but it yielded no pressure waveforms. That particular sensor did have a large 

amount of blood accumulation on the electrical components, so it’s possible that the sensor was 

entirely short circuited. 

It was generally assumed that the commercial transducer was the gold standard that the 

experimental CRISP sensor had to meet. However, after this animal experiment, it’s clear that 

may not be the case because many small pressure peaks were picked up by the CRISP sensor, but 

were not detected by the commercial transducer. Furthermore, details in the pressure wave itself, 

such as the dicrotic notch was only prominent in the CRISP sensor. Moreover, the difference 

between the systolic and diastolic peaks was only 22-30 mmHg as detected in the commercial 

sensor, which is lower than expected. The difference between the CRISP sensor being an in situ 

sensor and the commercial transducer being an ex vivo sensor may ultimately be the reason 

behind the different pressure traces. The blood needs to travel out of the artery, through the 

catheter sheath, into silicone tubing, and finally to the sensor. The transducer was connected on 

the other end to a syringe, which was used to 1) seal the system off from blood loss and 2) draw 

blood past the pressure sensitive die in the transducer. Therefore, there was air in the system in 
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contact with a piston, and due to the lack of a flushing system, the blood in the arterial line was 

stagnant, which can lead to clots. Both of these effects may act as dampeners and reduce many 

small amplitude pressure waves. 

While the setup for the transducer may be incorrect for accurately measuring 

hemodynamic pressure, the complexity alone of fluid-filled catheter systems proves the 

advantage of in situ systems. Furthermore, the mere presence of long compliant tubing and Luer 

connections, such as stopcocks, and the lack of a flush bag all lead to overdamped systems, 

which lead to erroneous readings in fluid-filled catheters [74]. The steps required to prevent this 

are all an indictment against the traditional arterial hemodynamic monitoring methods.  
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Chapter 10 Conclusion 
 A novel in situ arterial pressure sensor discussed in this research was created by utilizing 

the fluidic conductance of normal saline solution housed in an elastic tube. By using strictly 

commercially available components, the material costs were kept to a minimum. The most 

expensive component was the platinum wire electrodes, but platinum may not be certainly 

necessary for the sensor to properly function. MEMS sensors have been touted to be highly 

economical due to their low price. However, in order to keep micromachined sensors unit cost 

low, it has to manufacture in large quantity, and incur a high setup charge due to the need to 

customize photolithography masks or molds. Moreover, the cost of assembly and packaging are 

typically not included. For these reasons nearly all in situ pressure sensors found in the market, 

were made by hand, driving the cost very high. The previously described CRISP sensor, while 

also hand-made, is simple to assemble and only takes a few man-hours for each device. At 

industrial scale production, the fabrication can only get more efficient by automating certain 

fabrication steps in an assembly line. 

 MEMS sensors are also plagued with packaging problems to protect the fragile 

connections, especially during implantation. The MEMS-based bladder pressure sensor required 

the pressure die to be electrically connected to the rest of the circuit with wirebonds, which can 

easily be lifted off. Additionally, the die needed to be protected from the harsh environment 

found within the test subject. Likewise, the test subject needed to be protected from any 

potentially toxic, thrombogenic, or bioactive materials used in the sensor fabrication. All the 

packaging adds to the bulk of the sensor, making it impractical for implantation. The 

experimental blood pressure sensor ingeniously utilized the packaging as the main components 

of the sensor, and hence minimizes the physical size. By combining the sensor design with the 
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cost of components, it’s possible to scale the sensor down easily and economically. It is feasible 

to economically produce 1-2 French catheter-mounted pressure sensors which are implantable 

into small animals or even in small peripheral arteries in neonates. The idea is to produce low 

cost sensors, which can then be considered as one of the standard tools in patient monitoring and 

care. This would increase the number of prospective patients using these blood pressure sensors 

and providing physicians with a wealth of information, which will hopefully make the diagnosis 

of diseases easier and quicker. 

 The experimental blood pressure sensor performed at least on par, if not slightly better 

than a standard commercial pressure transducer used with a standard fluid-filled arterial line. In 

all in vitro tests, the CRISP sensor was able to replicate the same response as any commercial 

pressure gauge used in this experiment. In vivo testing showed the CRISP sensor detecting small 

details that were diminished in the commercial pressure transducer’s trace although the 

transducer was potentially overdamped due to improper setup. At the very least, the simplicity of 

deployment of the CRISP sensor gives it an edge over the standard transducer. Proper diagnosis 

of medical condition sometimes relies on the analysis of arterial pressure wave by looking at the 

characteristics like the steepness of the systolic upstroke curve and the position and magnitude of 

the dicrotic notch and wave. From this experiment, it is clear that the reliance on the standard 

arterial line for patient monitoring requires draconian procedures to ensure proper functionality 

and that any deviation from these procedures can lead to misinterpretation of the data. A pressure 

sensor, like CRISP sensor, mounted on a catheter measures blood pressure directly, 

circumventing many of these issues. 

10.1 Design Improvement 
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 The CRISP sensor was successfully deployed in an animal through a 7 French catheter 

port. With any implantable sensor, there is always a concern with the integrity of the packaging 

and whether or not it would survive the implantation procedure, as well as continue to function 

inside a body. After several failed animal tests and in vitro dynamic studies, the sensor was 

packaged with a technique that was believed to be able to survive the catheterization with high 

confidence. However, the packaging of the connection between the small micro-sized platinum 

wires and the signal conditioning circuit was an afterthought since it was assumed that the cable 

plug and quick connector would come into contact with very little blood. The incidental contact 

of blood was not foreseen, and it ultimately proved to be the biggest problem. Although that area 

was protected, it clearly was not adequate since blood easily permeated the epoxy layers. It is not 

believed, however, that the epoxy itself is permeable to liquid, but rather, an incomplete coating 

led to pinholes in the coating that formed a pathway for the blood to reach the wires. The 

packaging on the cable plug can be improved simply by using an excess amount of epoxy to 

ensure complete coverage of the electronic components. The quick connector was constructed 

using a female plug and duct tape for protection. A commercial 3-contact plug would be more 

than suffice. 

 When the animal study was performed, a large, mostly outdated desktop computer and all 

its accessories were carted across campus to the operating room along with the conditioning 

circuit, LabVIEW Block, and the AC and DC power supplies. The circuit was laid out on a 

solderless breadboard; during transport, circuit elements were prone to jarring loose. While 

fixing that is easy, a lot of time was required to identify which component had come loose. 

While temporary solutions, such as providing a cushion for the circuit or softening the ride of the 

cart, exist, a more permanent solution would be to integrate all the electronic components onto a 
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single printed circuit board. The advantage is twofold: not only will the circuit be more 

physically durable during transportation, but the size of the circuit is scaled down, which is 

necessary if the sensor is to be commercialized.  

 
Figure 10.1. A sample power inverter circuit diagram. Circuit copied from Wyatt [77, 78]. 

 The bulkiness required to operate the sensor can be further reduced by eliminating the 

function generator that powers the AC bridge. This can be accomplished by either using 
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LabVIEW to generate the wave or integrating a power inverter circuit (Figure 10.1), which 

converts a DC supply to an AC signal. This option is absolutely necessary if wireless 

transmission is implemented since all power needs to be supplied by a miniature battery. The 

algorithm that reads and records the data from the CRISP sensor can also be optimized. It 

currently utilizes a moving average to smooth out the noise in the data; however, in dynamic 

environments, this has an adverse effect on the sensitivity and is frequency-sensitive. The animal 

study clearly showed that noise is still a problem even if in vitro tests showed otherwise. Since 

software filtering with a low pass Butterworth filter was effective, real-time filtering of the data 

may be useful. In order to do so, the algorithm can be modified by creating a temporary buffer 

file that can store enough data to be filtered effectively, yet small enough that the filtered data 

can be plotted without a time delay or lag. 

 Another useful modification would be an early warning system embedded into the 

LabVIEW program. If a fully embedded sensor network were deployed in a hospital, physicians 

would be unable to monitor every patient’s vital signs at the same time. Therefore, by having the 

LabVIEW program automatically monitor the pressure waveform for any specific characteristics 

that are indicative of life threatening conditions, the physician can divert his/her attention 

elsewhere until an alarm sounds. A simple peak detector triggered with amplitude that passes a 

certain threshold can help diagnose many conditions. For example, by using a timer, heart rate 

can be determined and conditions like bradycardia and tachycardia can be detected. Furthermore, 

by monitoring the absolute pressure values of the systolic peak relative to the diastolic level, an 

alarm can be triggered if the difference between the systole and diastole falls too short as can 

occur with shock. Moreover, the lack of a discernible systolic peak can indicate ventricular 

fibrillation, and long-term patient monitoring may require an alert to be sent to a physician if the 
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mean blood pressure exceeds a certain level. Last, an extension of an automatic patient 

monitoring system is to have the program automatically send an alert wirelessly to a phone, 

tablet computer, pager, or computer would speed up the diagnostic process and reduce the patient 

risk. 

 Further analysis of the arterial pressure waveform can be performed by software to 

monitor other critical vital signs. By integrating the area under systolic phase of the arterial 

pressure wave, the cardiac output can be measured continuously using pulse contour methods 

developed by Wesseling in 1983 [2, 79]. By knowing the age and weight of the patient, the 

vascular resistance and cardiac output can be calculated from the arterial pressure. Also, since 

the arterial waveform needs to be accurately portrayed, in situ pressure sensors have an 

advantage over standard arterial line pressure sensors for calculating cardiac output. Continuous 

monitoring of cardiac output has always been desired, but there were previously no practical 

ways of doing it. The traditional method, using pulmonary arterial catheters, only gives discrete 

measurements using thermodilution techniques. 

10.2 Future Work 

As with any implantable device, biocompatibility tests are required despite the use of 

FDA-approved materials. There are standard testing protocols for biocompatibility testing to 

study toxicity, immune response, and inflammatory response. These tests can be broken down to 

cytotoxicity, thrombogenecity, hemolysis, protein and platelet adhesion, and pyrogenicity [80]. 

Since the catheter is designed to be a short-term implant, hemocompatibility is the highest 

priority. Specifically, both the assembled product and the individual components would be 

subjected to a flowing solution of radiolabeled fibrinogen and albumin for a few days [81]. 
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Afterwards, the device and its components would be inspected by both light and SEM 

microscopy for any bioadhesion. A similar test involving blood serum can also be conducted as a 

more thorough study on hemocompatibility of the CRISP sensor. Last, after catheter insertion for 

a prolonged period, the sensor would be extracted and imaged. Histology would need to be 

performed at the implant site after the test subject is sacrificed to study scar tissue formation and 

immune response to the sensor. 

One feature of the sensor design is its ability to be scaled down easily. While the catheter 

only needs to be about 3 French for radial artery catheterization [82], catheters as small as 1 

French can be used in a variety of specialized locations, such as neonatal arteries and the spinal 

column to measure central spinal fluid for hydrocephalus. One specific condition that can be 

tested but hasn’t been looked into is compartment syndrome. Compartment syndrome arises 

when massive trauma forces the tissue to become so edematous that the fluid pressure occludes 

local blood supply. The tissue becomes ischemic and will eventually die if unchecked. 

Compartment syndrome typically arises after bone fractures, soft tissue injury, burns, 

hemorrhage, iatrogenic causes, bites, muscle overexertion, pancreatic and bowel obstructions, 

and surgery [83-85]. Mortality rates are high in some cases—up to 60% for abdominal cases 

[86]. Diagnosis often relies on qualitative descriptions of symptoms: intense and increasing pain 

and paresthesia. The condition is often misdiagnosed until too late when a physician notes 

swelling, paralysis, and a lack of pulse in the affected area. At this point, it is a race against time, 

and a fasciotomy becomes necessary to save the patient’s life and limbs. Current monitoring of 

compartment syndrome requires discrete pressure measurements in the affected area every few 

hours. A small catheter-based sensor can easily be inserted into the afflicted area as a precaution 

for patients at higher risk for compartment syndrome, such as those who have suffered massive 
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trauma or have undergone surgery. This would provide physicians with an ability to detect 

compartment syndrome should it arise earlier, apply treatment correspondingly and avoid 

needless fasciotomies or more drastic treatments. 

As of this point, the catheter was developed only to house a pressure sensor; by adding 

different sensing modalities onto the catheter, a true vital signs monitoring platform can be 

developed. Potentially, a wealth of patient data can be provided to a physician with the 

implantation of one catheter. Patients will no longer be forced to be tethered to a variety of 

bedside patient monitors, increasing their comfort. Sensing modalities like temperature can 

easily be added by simply attaching a thermocouple to the catheter. A simple galvanic cell using 

platinum and silver/silver-chloride electrodes can be used to measure pO2.  

Many vital signs, such as blood chemistry, previously were limited to discrete 

measurements only. For example, the blood pH value is an important parameter to track in 

acidodic or alkalotic patients. However, the blood pH level currently can only be measured by 

using a glass electrode that houses a galvanic cell with platinum and silver/silver-chloride 

electrodes and a buffered solution or by using an ion-selective field effect transistor. Both require 

the use of a reference electrode, which preclude them from being shrunk down for implantation. 

This is especially important if a pH sensor is to be coupled to other sensing modalities. An 

innovative new field is the use of pH-sensitive conductive polymers, such as polyaniline, as the 

sensor since the design is simple and the polymer is nontoxic [87]. By depositing a thin film [88] 

onto to the outside of a catheter and making electrical contact with it, a pH sensor can easily be 

integrated into the CRISP sensor developed in this research. To take it one step further, 

integrating the polyaniline film with a hydrogel laden with bicarbonate can convert it into a 
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pCO2 sensor. Alternatively, using glucose oxidase with the polyaniline sensor can potentially 

create a glucose sensor for diabetes monitoring. By measuring pH and pCO2 levels along with 

pressure, compartment syndrome can be more easily detected and tracked by measuring ischemic 

tissue directly. Last, a variety of different salts and enzymes can be used in conjunction with 

polyaniline to detect different parameters that traditionally have required laboratory work to 

quantify. Figure 10.2 depicts a rendition of the layout of multiple sensor modalities on the 

catheter. 

 
Figure 10.2. An artist’s rendition of the layout of different sensing modalities on the pressure sensitive catheter. 

 To take the project full circle, the sensor developed in the latter half of the project can be 

paired with wireless capabilities of the fully implantable sensor covered earlier. For hospital use, 

the transmitter and signal conditioning circuit can be kept ex vivo. Wireless communication 

would allow the patient to be free from the patient monitor and fully ambulatory to allow for 

more accuracy and patient comfort. By implementing a better wireless protocol and utilizing the 

proposed software upgrades mentioned before, a true hospital sensor network can be established, 

allowing for greater efficiency in patient care and diagnoses. On the flip side, a fully implantable 

sensor can be revisited for patients with chronic illnesses. However, several upgrades need to be 

completed before a viable platform can be created. First, the battery must be rechargeable inside 

the body. This can be performed either through radio induction similar to that used by other 
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implantable sensors or through kinetic energy harvesting, a technique akin to that used in some 

wristwatches. A rechargeable battery also allows the overall size of the implant to be reduced. 

Second, the device receiving the signal from the implanted sensor must be able to alert the 

patient or the patient’s physician if a serious condition arises. Fortunately, with recent 

developments in mobile phones and tablet PCs, this is quickly becoming a fast-growing field. 

Third, the privacy of patient data is of utmost importance. Data encryption needs to be 

implemented with a unique encryption key for each patient, which can be challenging to 

implement and deploy.  

10.3 Final thoughts 

 The biggest problem in diagnosis that physicians face is an incomplete amount of data 

required to accurately identify specific diseases and conditions. Diagnosis was often based on 

qualitative descriptions or observations; due to the conservative nature of the medical 

community, quantitative data was often obtained through using the relatively ancient but proven 

techniques and technology while advancements in sensor technology were spurned. In fact, for 

certain measurements, like blood pressure, traditionally require a trained operator to infer when 

systole and diastole occurred. Last, many quantitative measurements were done discretely due to 

practical and technological limitations. However, as technology advances, medical sensors and 

the computing power required to run them become more readily available and more economical. 

By integrating wireless communication with real-time sensing, the potential to create a medical 

care facility fully networked with a litany of sensors exists. Suddenly, medical care personnel 

would have access to a wealth of information containing real-time information on a variety of 

vital signs to paint a more accurate picture of the physiology of the patient. Misdiagnoses and 

treatment errors would be reduced and health care would be more efficient. Building on this, 
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soon, based on the information from a variety of embedded sensors, computers could easily 

diagnose diseases and conditions automatically and recommend treatment options to physicians. 

Another aspect of wireless communication is patient comfort. The ability to wear the sensor 

without being tethered to bulky patient monitors and bedside transducers frees patients to be able 

to walk and move around without compromising the integrity of the data. Quality of life is 

oftentimes considered to be more important than actual treatment. Building from what currently 

has been done and what is presented here, it is not farfetched to imagine a world where people 

are kept alive and functional by embedded, implanted, or wearable sensors/transducers a la Darth 

Vader in Star Wars.  

Finally, C4ISR, which stands for command, control, computers, communications, 

intelligence, surveillance, and reconnaissance, is a concept used by the United States military to 

describe the ability to direct fighting forces and supporting logistics and methods of observing 

the enemy and their area of operations. Although medical care hopes to accomplish a vastly 

different task, the concepts of fighting a disease and fighting an opposing army are similar. To 

defeat the “fog of war,” medical staffs need to determine an accurate picture of a patient’s 

physiology. Continuous, real-time vital signs monitors can help accomplish this task to give 

physicians an upper hand in fighting disease. However, while the military brass has been quick 

to adopt technology in warfighting, medicine has been slow to follow suit. As technology 

developments advance at breakneck speed, the need to revolutionize healthcare becomes 

increasingly clear. It is up to physicians to adopt and embrace technology and make this happen.  
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