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ABSTRACT 

 
 
 Supervising Professor:  Jeong-Bong Lee, Chair 
 
 
 
 
Recent research interests in wearable or implantable devices have played a significant role in 

advancing MEMS technologies into emerging biomedical fields. Novel materials and methods 

have been extensively explored in creating intrinsically flexible biomedical devices.  

As a novel nontoxic alternative to mercury, gallium-based liquid metals have been utilized to 

form functional wearable devices thanks to their unique combination of electrical and fluid 

properties. However, the adherent tendency of oxidized liquid metals has been a fundamental 

challenge that needs to be addressed in order to unleash the full potentials. This work reports 

gallium coating as a simple remedy to convert various microfluidic materials to nonwetting 

surfaces against gallium-based liquid metals. Quantitative studies on the super-lyophobicity and 

surface topography are presented to evaluate gallium coated surfaces as nonwetting microfluidic 

platform for oxidized gallium-based liquid metal droplet manipulation. 

Implantable functional devices, on the other hand, require wireless operation capability in order 

to reduce invasiveness to biological bodies while fulfilling monitoring or therapeutic functions. 

Intramedullary fluid modulation has been reported to enhance bone density and can be employed 



 

vii 

as a potential treatment to osteoporosis. Aiming at replacing invasive methodology used in these 

in vivo studies, this work presents an implantable and wirelessly operated intramedullary fluid 

modulator for on-demand intramedullary fluid modulation. The pressure modulation is evaluated 

by theoretical model as well as ex vivo and in vivo experiments. 

Additionally, a wireless pressure sensing system with long range transmission capability is 

demonstrated as a complement to wireless intramedullary fluid modulator. Details on the system 

design is discussed, and evaluation results in terms of pressure response and transmission range 

is presented. 
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CHAPTER 1 

INTRODUCTION  

Micro-electro-mechanical systems (MEMS) are devices that integrate multifunctional 

components such as cantilevers, sensors, or actuators in silicon-based substrates, utilizing 

microfabrication techniques like those used to create integrated circuits (ICs). These devices are 

manufactured by repeating photolithography, deposition, and etching steps in a layer-by-layer 

fashion to produce well-defined features ranging in sizes from sub-micrometer to millimeter. 

Like conventional ICs, well-developed commercial MEMS devices are also small, cost and 

energy efficient, and highly reliable. These advantages have enabled a diversity of novel devices, 

such as accelerometers [1], gyroscopes [2], pressure sensors [3], digital micromirrors (DMDs) 

[4], to be applied in consumer electronics that are essential to our modern daily life.  

 More recently, research interests in wearable or implantable devices have played a 

significant role in advancing MEMS technologies into emerging applications, especially in the 

field of Bio-MEMS (biomedical applications of MEMS). One of the important requirements for 

wearability and implantability is large deformability without sacrificing electronic or mechanical 

functionalities, which allows the functional components to be applied to curved or dynamically 

moving surfaces, such as biological tissues or soft robots.  

One of the most popular pathways to achieve large deformability is to make the devices 

flexible and stretchable. The challenges imposed by development of novel flexible and 

stretchable devices for wearable or implantable applications have thus triggered the exploration 

of new materials and techniques in recent years. Soft polymers, as one of the building blocks of 

flexible devices, have been introduced to construct structural or functional components, as well 
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as flexible substrates. Many of these polymer materials (e.g., polyimide, Parylene-C, 

polydimethylsiloxane (PDMS), SU-8, hydrogels, etc.) provide comparative advantages over 

traditional materials, such as lower Young’s modulus, greater yield strain, lower cost, reduced 

ease of fabrication, and improved biocompatibility [5]. These advantages have allowed the 

development of applications requiring higher degree of mechanical deformation.  

 As another emerging material, gallium-based liquid metals (LMs) have also attracted 

significant research interests in recent years. As eutectic alloys of gallium (Ga), indium (In), 

and/or tin (Sn), gallium-based liquid metals exbibit a unique combination of liquidity at around 

room temperature as well as high electrical and thermal conductivity. More importantly, these 

alloys are non-toxic compared to their alternate mercury [6], [7]. Therefore, these liquid metals 

are of great potentials to complement polymer materials in wearable or implantable applications. 

Numerous studies have demonstrated gallium-based liquid metals in creating functional 

electronic devices, such as soft conductors [8]–[10], pressure and strain sensors [11], [12], 

triboelectric nanogenerators [13], and radio frequency (RF) devices [14]–[18].  

1.1 Motivation 

1.1.1 A Study on Non-wetting Surfaces against Gallium-based Liquid Metals 

Although the introduction of new materials like polymers and gallium-based liquid 

metals provide great potentials in wearable and implantable applications, they also impose new 

technical challenges in terms of system integration with existing technologies.  

One fundamental challenge faced by greater applications of gallium-based liquid metal 

alloys is their readiness to oxidize in ambient atmospheric environment. It has been known that 
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gallium-based liquid metals are readily oxidized in ambient environment with oxygen level as 

low as 1 ppm [7], and subsequently an oxide layer mainly composed of gallium oxide (Ga2O3 or 

Ga2O) [19] is formed on the surface of the liquid metal droplets. The formation process is self-

terminating by hindering further diffusion of oxygen through the oxide layer, which results in 

only several nanometers thick of oxide [20], [21]. The oxide layer is known to adhere to almost 

all surfaces and leaves residue when removed [7], [22]. This issue of stiction and residue has 

greatly hindered wider proliferation of liquid metal alloys in applications which requires 

mobilizing liquid metal droplets in microfluidic channels. 

Several solutions to circumvent this challenge has been proposed in the literature. One of 

the most widely used techniques is removal of oxide through chemical reactions with aqueous 

acidic or basic solutions, e.g., hydrochloric acid (HCl) or sodium hydroxide (NaOH) [19], [23], 

[24]. However, the introduction of acid or base causes handling issues for some of the practical 

applications as they are toxic and caustic. Alternatively, non-wetting protective liquids (i.e., 

water [25] and mineral oil [26]) or solid powders [27], [28] have also been explored as a means 

to isolate the oxidized gallium-based liquid metal from directly contacting the enclosing 

structures. More recently, engineered rough surfaces have been reported to provide inherently 

non-wettability to naturally oxidized gallium-based liquid metal droplets. Droplets on top of 

these surfaces are in Cassie-Baxter state resulting in high contact angle above 160°. Engineered 

or spray-on rough surfaces, such as hierarchical micro-/nanostructured surfaces [29], sand-

blasted aluminum [30], and commercially available NeverWet® spray coating [31] have been 

reported to provide non-wettability against oxidized liquid metal droplet manipulations. 
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 Despite these efforts, a simple yet universal method to create non-wetting surfaces 

against oxidized liquid metal remains a challenge. In this work, gallium coating with self-

assembled gallium nanoparticles (GaNPs) is explored to convert common microfabrication 

materials with flat surfaces to be non-wetting surfaces against naturally oxidized liquid metal 

droplets. Surface characterization and non-wettability of the gallium coated surfaces are also 

studied to reveal the performance as a novel material to advance wider applications of gallium-

based liquid metals for wearable and implantable purposes. 

1.1.2 A Study on Implantable Intramedullary Fluid Modulator 

 Wearable and/or implantable biomedical devices, as a branch of biomedical MEMS, can 

be worn or implanted in animal bodies and interact with biological tissues to deliver biological 

stimulus or gather in vivo physiological signals for health monitoring or therapeutic purposes. 

Various biocompatible materials, including silicon, glass, polymers (polyimide, Parylene, 

PDMS, SU-8, hydrogels, etc.), gold, platinum, have been employed in MEMS-based implantable 

applications, such as drug delivery devices [32], [33], intraocular pressure (IOP) sensors [34], 

neural probes [35]–[37], microneedles [38]–[40], and microfluidic devices [41]–[43].  

 However, most of these implantable devices are wired externally to control or detecting 

circuits, which not only restricts the normal activities of the test subjects, but also increase 

infection risks due to skin or muscle tissue exposure. Great efforts have been directed into 

developing wireless systems to solve the issue. These wireless systems can be divided into two 

categories: active devices and passive devices. Active devices incorporate battery for power 

supply to the circuits, which can be implanted into biological body or tissues. Passive devices, on 
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the other hand, rely on inductive coupling technologies to wirelessly supply power and/or obtain 

physiological information through antenna.  

Wireless system integration can also be extended for remote health monitoring, early 

diagnostics, or on-demand therapeutic treatment. Figure 1.1 illustrates a general wireless system 

network composed of implantable sensors or actuators, gateway (e.g., mobile phone, or other 

general computing devices), and control systems. In this work, wireless system integration 

solution is explored for on-demand intramedullary fluid modulation for bone health applications. 

The system is consisted of a passive wireless implantable intramedullary fluid modulator, and an 

active wireless pressure sensor to obtain real-time pressure inside the bone intramedullary cavity 

induced by the intramedullary fluid modulator. This solution would facilitate in vivo studies of 

bone intramedullary fluid modulation and its efficacy in bone density augmentation and fracture 

repair. 

 

 
Figure 1.1. Schematic illustration of an integrated system for implantable devices.  
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1.2 Research Objectives 

The objectives of this research include a study on gallium coating as a universal means to 

convert Si and polymer-based surfaces to be non-wetting for oxidized liquid metal droplets for 

potential wearable and implantable applications, and development of wireless implantable 

integrated system for on-demand intramedullary pressure modulation and induced intramedullary 

pressure monitoring.  

Tasks required to achieve the research goals include 1) development of a method to 

create micro/nano structures on the surface of various common microfluidic materials, especially 

on flexible and stretchable polymers; 2) characterizations on the surface chemistry and 

topography of gallium coated surfaces; 3) non-wettability studies in terms of static and dynamic 

contact angle measurement, and bouncing/rolling tests on various gallium coated surfaces; 4) 

demonstration of utilizing gallium coated surfaces for non-wetting microfluidic platform for 

oxidized liquid metal manipulation; 5) design and fabrication of an implantable wireless 

intramedullary fluid modulator for in vivo studies of bone density augmentation; 6) development 

of an implantable wireless pressure sensing system for remote monitoring of induced 

intramedullary fluid modulation.  

1.3 Outlines 

Chapter 2 presents an introduction to gallium-based liquid metal alloys, as well as a 

literature survey of previous efforts to reduce adhesion of oxidized liquid metals. Subsequently, 

the surface modification process with gallium coating and surface characterizations in terms of 

X-ray photoelectron spectroscopy (XPS) and atomic force microscopy (AFM) are presented. 
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Super-lyophobicity in terms of static and dynamic contact angles, bouncing and rolling tests are 

summarized and discussed. Finally, the gallium coated polymeric surface is demonstrated to be 

feasible as a novel non-wetting microfluidic platform for oxidized gallium-based liquid metal 

droplets.  

Chapter 3 describes the design and fabrication of an implantable, wirelessly actuated, and 

battery-free fluid modulator for on-demand intramedullary pressure modulation.  Different 

parameters to design the fluid modulator and the external magnet excitation is discussed in order 

to obtain optimal performance. In vivo studies of the intramedullary fluid modulator are also 

presented to test the implantability and performance.  

Chapter 4 describes the wireless pressure sensor as the complement of the wireless 

intramedullary pressure modulation system for bone health applications. The design and 

fabrication of both the peripheral device and central devices, as well as the calibration of the 

pressure sensing unit are summarized. 

Finally, Chapter 5 concludes this dissertation with summary of major achievements, and 

suggestions for future work.  
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CHAPTER 2 

GALLIUM COATED SURFACES AS NON-WETTING MICROFLUIDIC PLATFORM 

FOR OXIDIZED GALLIUM-BASED LIQUID METAL MANIPULATION* 

This chapter describes gallium coating as non-wetting microfluidic platform for oxidized liquid 

metal droplet manipulation. An introduction to material properties and applications of gallium-

based liquid metals, as well as a literature review of previous works is provided in Section 2.1. 

Section 2.2 describes the surface modification process using gallium coating. Surface 

characterizations, non-wettability study against oxidized liquid metal, and pneumatic actuation 

on flat and U-shaped channel are summarized in Section 2.3 to 2.5. Discussions and conclusions 

are followed in Section 2.6. 

2.1 Gallium-based Liquid Metals 

Mercury in its elemental form exists as a liquid metal. As the most well-known liquid 

metal, mercury has been utilized in applications like thermometers and fluorescent lighting for a 

long time. However, due to its low latent heat of evaporation (295 kJ/kg), mercury can readily 

transform to vapor phase in room temperature despite relatively low vapor pressure [44], [45], 

and the highly toxic mercury vapor can easily enter respiratory system and circulation of human 

body. This has greatly limited the utilization of mercury as a liquid metal in many applications. 

Recently, gallium-based liquid metals have emerged as a non-toxic alternative to mercury, which 

                                                 

* Portions reprinted with permission from: Chen, Z. and Lee, J. B, “Surface Modification with Gallium Coating as 
Nonwetting Surfaces for Gallium-Based Liquid Metal Droplet Manipulation”, ACS Applied Materials and 
Interfaces, 11, 35488–35495, 2019. Copyright 2019 American Chemical Society. 
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have drawn significant attention in the research community due to their excellent material 

properties.  

2.1.1 Material Properties 

Gallium-based liquid metals are a group of low-melting-point eutectic alloys that remain 

liquid phase at room temperature. Among them, EGaIn (binary alloys of 75% gallium and 25% 

Indium), and Galinstan® (ternary alloys of 68.5% gallium, 21.5% indium and 10% tin) are two of 

the most easily accessible and widely studied liquid metals. 

 

Table 2.1. Physical properties of mercury, gallium, EGaIn and Galinstan® [7], [46]. 
 

Property Mercury Gallium EGaIn Galinstan® 
Toxicity Toxic Non-toxic Non-toxic Non-toxic 
Melting Point (°C) -38.8 29.8 15.5 -19 
Vapor Pressure (Pa) 0.1713 at 20°C 10−35 at 29.9°C   < 10-6 at 500°C 
Surface Tension (N/m) 0.487 0.707 0.624 0.534 
Dynamic Viscosity (Pa∙s) 1.53 × 10-3 1.37 × 10-3 1.99 × 10-3 2.4 × 10-3 
Electrical Conductivity 
(S/m) 

1.04 × 106 6.73 × 106 3.4 × 106 3.46 × 106 

Thermal Conductivity  
(W∙m-1∙K-1) 

8.5 29.3 26.6 16.5 

 

Table 2.1 summarizes the material properties of gallium, mercury, EGaIn and Galinstan®. 

Gallium-based liquid metals exhibit a unique combination of physical properties of both metal 

and liquid, such as high electrical and thermal conductivity as a metal, as well as low melting 

point, high surface tension, and low viscosity as a liquid. From a standpoint of wearable and 

implantable applications, gallium-based liquid metals possess some of the highly desirable 

properties. For instance, liquid properties (i.e., high surface tension and low viscosity) allows 
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them to conformably adapt to large degree of mechanical deformation; high electrical and 

thermal conductivity can be utilized to create highly flexible and stretchable electrical and 

thermal interconnects; low vapor pressure implies stable existence at liquid phase under high 

vacuum environment. This uniqueness in physical properties have enabled gallium-based liquid 

metals to be non-toxic alternatives to mercury to be utilized in a plethora of novel wearable and 

implantable applications. 

Despite their great potentials in a wide range of applications, gallium-based liquid metals 

are faced with a major setback. It was found that these alloys are instantaneously oxidized in 

ambient environment with oxygen content as low as 1 part per million (ppm) [7] and form a 

native oxide (Ga2O3 or Ga2O) shell with thickness of 0.5-3 nm on the surface of liquid metal 

droplets [19]–[21]. The oxide shell has a relatively low yield stress of approximately 500 to 600 

mN/m [47]. Below this surface stress, the oxide shell can hold the enclosed liquid metal against 

gravity; beyond the critical point, the oxide shell breaks and the liquid flows. Although various 

studies have featured this oxide skin as a benefit, such as current rectifying by redox reaction 

[48] or creating 3D liquid metal structures by using the oxide skin as structural stabilizer [49], it 

is mostly regarded as detrimental due to their tendency of wetting almost all surfaces and leaving 

metallic residue. Adhesion due to oxide shell imposes significant challenges in handling and 

actuating liquid metal droplets, especially in reconfigurable applications where the relative 

movement of liquid metal droplets without leaving metallic residue is crucial to their 

performances. 
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2.1.2 Applications 

Compared to other alternatives, such as graphene [50], carbon nanotubes (CNT) [51], or 

gold or silver nanowires (NWs) [52], [53], stretchable conductors based on gallium-based liquid 

metals offer comparative advantages of high electrical conductivity,  high stretchability and low 

Young’s modulus. In these applications, gallium-based liquid metals are sealed inside of polymer 

microfluidic channels to form electrical connections, which can be readily used to interface soft 

electrical components or conventional high-performance silicon-based ICs [54]. Various 

patterning techniques are explored to fabricate gallium-based liquid metal conductors, including 

imprint [55], screen printing [56], photolithography [57], vacuum filling [58], selective surface 

wetting [59], [60], and nozzle printing [61]. Although these methods are readily available and 

relatively inexpensive, the feature resolutions are relatively poor compared to feature sizes in 

conventional IC fabrications. The resolutions of these reported methods range from ~ 2 µm by 

imprint, ~20 µm by photolithography-based printing, to hundreds of microns by screen printing. 

The improvement to higher resolutions remains challenging, due largely to the existence of 

elastic oxide layer and high surface tension. Higher energy is thus required to overcome the 

oxide layer and surface tension to force liquid metal into finer features.  

Due to high stretchability and low Young’s modulus of liquid metal embedded polymers, 

they have been extensively explored in various flexible and stretchable sensing elements, 

including strain, pressure, and force sensors [61]–[64]. With applied mechanical stresses, the 

deformation of the liquid metal filled microfluidic channels results in either change of resistance 

or capacitance, which are detectable electrical signals to reflect the applied stress. Yan et al. 

demonstrated liquid metal embedded coaxial cable as a strain sensor which can withstand 
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mechanical strain up to 160% [61]. Wong et al. reported a multilayer microfluidic force sensor 

based on capacitive sensing which can be used to detect normal forces ranging from 0 to 2.5 N 

[62]. Kim et al. reported fabrication of soft stretchable passive electronic components using 

liquid metal filled PDMS microfluidic channels [63]. Jeong et al. introduced liquid metal 

integrated with inductive coil as a wireless strain sensor for strain up to 30% [64]. When subject 

to mechanical strains, the resistive change of the sensor is acquired by inductive coupling, which 

is detectable by the change of resonant frequency.  

More importantly, gallium-based liquid metals offer incomparable physical properties in 

terms of liquidity and high electrical conductivity for the development of reconfigurable 

applications, which have attracted more efforts recently. Reconfigurable devices utilize on-

demand actuation of liquid metal droplets that alters the physical dimensions of the conductive 

elements, with which the electrical or electromagnetic responses of the devices can be tuned 

dynamically. Liquid metal based tunable RF devices have been extensively researched among 

all. Kim et al. reported on-demand actuation of liquid metal slugs in a coplanar waveguide 

(CPW) fed monopole antenna in response to applied air pressure [15]. The reversible resonant 

frequency of the antenna is capable of tunability from 4.9 GHz to 1.1 GHz. Li et al. proposed a 

fluidically tunable frequency selective surface (FSS) where the physical dimensions of the 

capacitive patches can be continuously tuned by the relative positions within the FSS unit cells 

[16]. The demonstrated device offers a frequency tuning range of 8 GHz to 11.2 GHz with a 

relatively low time latency of less than 200 µs over the entire tuning range. Kim et al. 

demonstrated a flexible wideband metamaterial absorber based on Jerusalem Cross (JC) unit cell 

structures and liquid metals [65]. The resonator is switchable by selectively filling or vacating 
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liquid metal in microfluidic channels of the unit cells, which has reported to achieve absorption 

ratios of over 90% in the C-band (4-8 GHz) and X-band (8-12 GHz). Apart from tunability in 

resonant frequency, it is also possible to tune the other physical properties of electromagnetic 

waves utilizing metamaterials based on liquid metal reconfigurability. Wu et al. proposed a L-

shaped resonator which is capable of linear-to-linear, linear-to-circular, and linear-to-elliptical 

polarization conversions by selectively filling liquid metals into the microfluidic channels [66]. 

Morishita et al. utilized a Yagi-Uda monopole arrays with additional liquid metal parasitic 

elements for beam steering applications [67]. By changing the length of the parasitic elements, 

the device can steer its beam to different directions ranging from -90° to +90° along its axis. 

There are some efforts aiming to utilizing gallium-based liquid metal into optical applications as 

well. Reichel et al. demonstrated a reconfigurable terahertz (THz) directional waveguide coupler 

by continuous electrowetting based liquid metal manipulation [68]. Wang et al. reported a 

mechanically tunable liquid metal embedded PDMS for surface plasmon polariton (SPP) based 

THz transmission enhancement [69]. 

As another promising wearable application, ambient energy harvesting devices utilizing 

different harvesting principles have been demonstrated with gallium-based liquid metals [13], 

[70]–[74]. Tang et al. reported triboelectric nanogenerators (TENG) employing liquid metals as 

an open anode that collects induced charges generated by triboelectric effect [70]. The study 

included demonstrations with both gallium-based liquid metal and mercury with an 

instantaneous energy conversion efficiency of 70%. Due to the formation of oxide layer, it is 

found that gallium-based liquid metal has a much lower output performance compared to 

mercury. Yang et al. further enhanced the performance and stability of liquid metal based TENG 
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by enclosing Galinstan in silicone rubber, which serves as both encapsulation and triboelectric 

material [71]. The device is found to offer an average power density of 8.43 mW/m2 by 

harvesting human motion alone, sufficient to power a mini calculator. Other harvesting principle, 

such as magnetohydrodynamics (MHD) generator, are also reported, which employs liquid metal 

as a conductive liquid [73].  

It is worth noted that these reconfigurable applications depend on reliable mechanisms 

(e.g., chemical reaction with HCl or electrochemical redox reaction) to remove or mitigate 

adhesion caused by the oxide shell of liquid metals, which will be reviewed in the next two 

sections.  

2.1.3 Theoretical Models of Wettability 

Wettability is defined as the ability of a fluid to adhere to a solid surface surrounded by 

another fluids (liquid or gas), which is determined by balance between adhesive force 

(liquid/solid) and cohesive force (liquid/liquid). Generally, wettability can be characterized by 

measuring contact angles of a liquid droplet on a solid substrate. Static contact angle is 

determined by the thermodynamic equilibrium of interfacial surface tensions, known as Young’s 

equation for contact angles [75] 

𝛾𝛾𝑆𝑆𝑆𝑆 = 𝛾𝛾𝑆𝑆𝑆𝑆 + 𝛾𝛾𝑆𝑆𝑆𝑆𝑐𝑐𝑐𝑐𝑐𝑐𝑐𝑐      (2.1) 

where 𝑐𝑐 is the apparent static contact angle at equilibrium, while 𝛾𝛾𝑆𝑆𝑆𝑆 , 𝛾𝛾𝑆𝑆𝑆𝑆 and 𝛾𝛾𝑆𝑆𝑆𝑆 represent the 

interfacial surface tension of solid/gas, solid/liquid, and liquid/gas interfaces, respectively. 

However, this equation assumes ideal smooth and homogeneous surfaces, which cannot be used 

to describe rough surfaces. Two models were then proposed to describe the contact angle on real 
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surfaces, known as the Wenzel model and the Cassie-Baxter model. These models have been 

used to explain recent advances in artificial superhydrophobic surfaces where surface chemistry 

alone is not sufficient to explain their non-wetting behaviors [76]. Figure 2.1 shows the 

schematic diagram of Young, Wenzel and Cassie-Baxter models. 

 

 
Figure 2.1. Schematic diagram of different wetting models (a) Young model, (b) Wenzel model, 
and (c) Cassie-Baxter model. 
 

 In Wenzel model, surface roughness can increase the overall surface area, which 

enhances the wetting tendency of the solid. The modified equation can be written as a function of 

Young’s equation [77] 

cos𝑐𝑐𝑊𝑊 = 𝑟𝑟cos𝑐𝑐      (2.2) 

where 𝑟𝑟 is the surface roughness ratio defined as the factor of surface area increase by surface 

roughness (𝑟𝑟 > 1), 𝑐𝑐 is the apparent contact angle determined by Young’s model, and 𝑐𝑐𝑊𝑊 is the 

modified apparent contact angle accounted for surface roughness. 

Contrary to Wenzel state where liquid completely wets the rough surface, air pockets can 

exist between the rough surface and the liquid droplet, and result in enhancement of non-

wettability known as Cassie-Baxter state. The equation is given by [78] 

cos 𝑐𝑐𝐶𝐶 =  𝑓𝑓𝑠𝑠(1 + cos𝑐𝑐) − 1     (2.3) 
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where 𝑓𝑓𝑠𝑠 is the fraction of the solid in contact with the liquid (𝑓𝑓𝑠𝑠 < 1), 𝑐𝑐 is the apparent contact 

angle determined by Young’s model, and 𝑐𝑐𝐶𝐶 is the modified apparent contact angle in Cassie-

Baxter state.  

2.1.4 Review of Previous Works 

The formation of oxide shell is generally considered undesirable due to their adherent 

tendency to almost all surfaces and metallic residue. There are several methods proposed to 

circumvent the undesirable issue caused by the oxide shell. Among them, chemically eliminating 

gallium oxide through acidic solution/vapor (e.g., hydrochloric acid, HCl) or basic solutions 

(e.g., sodium hydroxide, NaOH) has been widely used to prevent adhesion [19], [23], [24]. As a 

result of chemical reaction, the oxide transforms to gallium chloride (GaCl3) and water, which no 

longer cause viscoelastic and adherent behaviors in gallium-based liquid metals. However, this 

treatment is still subject to oxidation in ambient environment. Studies have showed reoxidation 

occurs after a few days to even hours [19], [24]. Alternatively, electrochemical redox reaction by 

electrical potential has also been proposed to as an alternative means to remove gallium oxide in 

electrolyte solutions [79], [80]. By applying moderate electrical voltage (< 1 V), removal or 

formation of surface oxide occurs, which also results in change of interfacial tension. Due to 

thermodynamic equilibrium, changes of interface tension correspond to change in surface area of 

the liquid metals, widely known as continuous electrowetting (CEW) [81]. Despite of their 

efficacy in preventing adhesion, these methods are barely accepted as practical solutions as 

acidic and basic solutions are corrosive and impose significant hazards. 
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As a substitute, other solutions without removal of surface oxide have been explored. 

These methods mitigate oxide adhesion by preventing direct contact between the oxide shell and 

the encapsulating materials. For example, this could be achieved by submerge naturally oxidized 

liquid metal droplets in various protective liquids, such as water [25], mineral oil [26] or 

polytetrafluoroethylene (PTFE) solutions [82]. These liquid coating forms a slip layer between 

the surfaces of the oxidized liquid metal droplets and the microfluidic channels to reduce 

adhesion and friction. Apart from liquids, solid additives can be used to form liquid marbles. Iron 

(Fe) powder [27], graphene [28], and PTFE powder [83] have been proposed to form oxidized 

liquid metal marbles (LMMs). Besides mitigation of the adhesion the addition of other materials 

can potentially be more beneficial by introducing new physical properties to the liquid metal. For 

example, by coating gallium-based liquid metal droplets with ferromagnetic materials (e.g., iron 

powders), the liquid metal marbles become magnetic. This method can be potentially useful as it 

offers more degrees of freedom to manipulate liquid metal droplets by simple coatings [84].  

More recently, inherent non-wetting surfaces have been investigated as a means to reduce 

adhesion caused by oxide layer. Kim et al. first proposed to use hierarchical micropillar 

structured PDMS surfaces fabricated by SU-8 molding as a non-wetting microfluidic platform 

against oxidized gallium-based liquid metal droplets [85]. The static contact angle as high as 

156.9° was achieved by textured PDMS micropillar arrays with 175 µm pitch length. However, 

the contact angle hysteresis of these surfaces is rather large ranging from 82.6° to 140°. Since 

then, improved non-wettability has been reported using submicron or even nanoscale roughness. 

Kim et al. reported vertically aligned multi-wall carbon nanotube (MWCNT) imprinted PDMS 

and Si surfaces for oxidized liquid metal manipulation, which exhibit great static contact angles 
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exceeding 155° and relatively low contact angle hysteresis as low as 4°. Kadlaskar et al. utilized 

sandblasting to create microscale roughness with 5 to 10 µm length on glass and aluminum 

surfaces [30]. The surface modified surfaces exhibit static contact angles of ~160° and low 

hysteresis (<10°). Commercially available spray coating NeverWet® has been found to be non-

wetting against oxidized liquid metal [31]. The surface roughness of the coating is approximately 

10 µm, which results in advancing contact angle greater than 160° and relatively small hysteresis 

of 13.8°. Babu et al. has also found that CF4/O2 plasma treatment on PDMS for over 120s creates 

ribbon structures 5 to over 20 µm long which exhibits non-wettability as well [86].  

It is worth noted that high contact angle does not necessarily guarantee non-wettability 

against oxidized gallium-based liquid metals. Table 2.2 summarizes the advancing contact angles 

of some commonly used materials. The contact angles of pristine substrate without coating were 

showed lower than 152°. Even though coating with fluoropolymer like PTFE, Cytop and 

fluorocarbon (FC) polymer substantially increases the contact angle to nearly or exceeding 160°, 

these surfaces exhibit very low receding angle and leave residue [85]. This might be an 

indication that the non-wettability of rough surfaces against liquid metal is due more to Cassie-

Baxter state rather than surface chemistry [31]. 

 

Table 2.2. Advancing contact angles of oxidized liquid metal droplets on numerous flat surfaces 
with and without fluoropolymer coating [85]. 

 
Substrates No coating PTFE Cytop FC polymer 

PDMS 151.5 160.0 159.5 164.0 
SU-8 146.0 159.5 154.0 158.0 
SiO2 140.5 157.3 159.5 159.5 
Glass 143.5 155.0 158.0 161.0 
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2.2 Surface Modification of Various Flat Surfaces with Gallium Coating 

Various commonly used microfluidic materials with flat surfaces were prepared, 

including approximately 1 mm thick PDMS sheet, PDMS sheet coated with 500 nm Parylene-C, 

bare silicon (Si) wafer, Si wafer with 2 μm thermally grown silicon dioxide (SiO2), Si wafer with 

25 μm SU-8 thin film, and borosilicate glass slides.  

The PDMS sheets were prepared by mixing two-part silicone RTV-615A and RTV-615B 

(Momentive Performance Materials, Columbus, OH) in a weight ratio of 10:1. The two parts 

were thoroughly stirred manually and degassed in a vacuum chamber for 2 hours to remove the 

bubbles. The PDMS pre-polymer was poured into a flat glass container mold and baked at 90°C 

for 30 minutes in a convection oven to cast approximately 1 mm thick sheets. Some of the 

PDMS sheets were then further coated with 500 nm Parylene-C in a Parylene coater (PDS 2010, 

Specialty Coating Systems, Indianapolis, IN).  

SU-8 surfaces were obtained by spin-coating SU-8 2025 photoresist (MicroChem Corp., 

Newton, MA) on a bare Si wafer. An approximately 25μm thick SU-8 film was achieved by 

3000 rpm spinning with 500 rpm/sec ramp for 60 seconds. A soft bake, ultraviolet (UV) light 

exposure and hard bake were followed to cure the SU-8 film. The baking was performed at 65°C 

for 2 min, 95°C for 3 min, and 65°C for another 2 min on a hot plate for stress reduction. The 

UV exposure dosage was set to be 140 mJ/cm2. The borosilicate glass slides were used cleaned 

using acetone, isopropyl alcohol (IPA), and deionized (DI) water.  

Surface modification of the flat surfaces was then achieved by depositing pure gallium 

(Ga, 99.99999%, BeanTown Chemical, Hudson, NH) on various prepared substrates by e-beam 

evaporation. The deposition rate was controlled to be around 0.5 Å/s to avoid liquid gallium 
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from splashing. All the samples were deposited with a 75 nm layer of gallium, except for the 

bare PDMS sheets which were deposited with a 200 nm layer.  

The gallium-coating would be instantaneously oxidized When the samples were exposed 

to ambient air after deposition, the surface of the gallium coating would be instantly oxidized 

with a self-terminating thin oxide shell of 0.5-3 nm thickness [20], [21]. The samples were 

further treated with oxygen (O2) plasma at 200 mTorr and 50 W for 5 min.  

2.3 Surface Chemistry and Topography of Gallium Coated Si Surface 

The surface chemistry of the Si sample coated with gallium was studied with an X-ray 

photoelectron spectroscopy (XPS) system (Ulvac-PHI PHI 5000 VersaProbe II, Chigasaki, 

Japan). The system equipped with a monochromic aluminum X-ray radiation source of 1,486.6 

eV. Survey and high-resolution spectra were obtained by setting the pass energy to be 187.85 eV 

and 23.5 eV, respectively. C 1s peak at binding energy (BE) of 284.8 eV were used as an internal 

reference to calibrate the XPS spectra, and subsequently MultiPak v9 software was used to 

analyze the spectra.  

Figure 2.2(a) shows the survey analysis in the full BE range of 0 to 1,200 eV. As 

expected, the survey spectrum shows Ga peaks from different orbits such as Ga 2p, Ga 3p, Ga 

3s, Ga 3d and Ga LMM auger lines, as well as oxygen peaks O 1s and O KLL auger lines. 

Additionally, sodium (Na) peak Na 1s and fluorine (F) peak F 1s were also identified. These 

impurities could be attributable to contamination due to handling and ambient environment.  

Figure 2.2(c)-(d) show the high-resolution spectra of Ga 2p1/2 and Ga 2p3/2 peaks, 

respectively. The peaks were deconvoluted using Gaussian-Lorentzian fitting method. Main 

peaks of Ga 2p1/2 (BE 1,144.9 eV) and Ga 2p3/2 (BE 1,118.1 eV) are shown with a peak-to-
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peak separation of 26.8 eV. The locations of these two main peaks and the separation of peaks 

agrees with the binding energy of Ga 2p [87], which clearly confirms the existence of gallium 

oxide (Ga2O or Ga2O3) [19], [20]. Note that the minor should accompanying the main peaks at 

1142.2 eV and 1115.5 eV are attributed to metallic gallium [88], [89]. These results confirm that 

the gallium coated surfaces are Ga covered with thin surface layer of native oxide shell.  

Figure 2.2(b) shows the high-resolution spectrum of O 1s peak which can be 

deconvoluted into two peaks at BE 531.2 eV and 532.7 eV. The main component at 531.2 eV is 

assigned to Ga-O bonding of native gallium oxide, while the minor component at 532.7 eV is 

attributed to adsorbed carbonyl (C/O) or hydroxyl (OH-) groups on the surface [87], [90]. 

The gallium coated Si wafer was also investigated by scanning electron microscopy 

(SEM, Zeiss Supra 40, Oberkochen, Germany) and atomic force microscopy (AFM, Veeco 

Model 3100 Dimension V, Santa Babara, CA, USA) to study the surface morphology. The SEM 

images were taken with operating voltage of 20 kV, while the AFM measurement was conducted 

in tapping mode with a Si cantilever with resonant frequency of 320-359 kHz and tip radius of 7-

10 nm (OTESPA-R3, Bruker Inc., Camarillo, CA, USA). The scanning size of AFM was 1 × 1 

μm2 with resolution of 512 × 512 pixels. The obtained data was rendered into 3D image by using 

Gwyddion software. 
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Figure 2.2. XPS spectra of gallium coated Si wafer – (a) Complete survey, (b) O 1s spectrum, (c) 
Ga 2p1/2 spectrum, (d) Ga 2p3/2 spectrum. 
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Figure 2.3(a)-(b) show the SEM images of the deposited gallium layer. Interestingly, the 

surface of the gallium layer appears to self-assemble to gallium nanoparticles (GaNPs) of 

varying sizes distributed densely on the whole surface. Measurement of the top view SEM image 

reveals that the diameters of the gallium particles are less than 300 nm. Figure 2.3(c) shows 3D 

topography of the gallium layer rendered by AFM results. The image clearly confirms that the 

surface of the gallium layer is composed of nanoparticles with various sizes, as suggested by 

SEM imaging. Due majorly to the variance of diameter of GaNPs, the surface is uneven and 

rough. Figure 2.3(d) shows a typical height profile of a cross-section of the sample, which 

reveals the shape of the GaNPs to be hemispherical. The average surface roughness (Ra) was also 

calculated to be 33.8 nm using the whole scanning area (1 × 1 μm2). 

The self-assembled GaNPs that give rise to such uneven and rough surface morphology 

could likely be attributed to adsorption, surface diffusion, and coalescence through Ostwald 

ripening mechanism [20], [91], [92]. The high vacuum during evaporation prevents or slows 

(less than 10 seconds) the oxidation of gallium [22] which allows the Ga particles to remain 

liquid. During the deposition process, the gallium particles grow bigger at the expense of smaller 

particles. As smaller particles have higher surface energy, smaller particles tend to coalesce into 

larger one to minimize the surface energy. As a result, larger particles would grow bigger, which 

results in the rough surface morphology.  
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Figure 2.3. (a) SEM image of the gallium coated Si surface, (b) detailed SEM image of the 
selected area in (a), (c) 3D surface topography of gallium coated Si surface measured by AFM, 
and (d) height profile of a cross-section of the AFM results corresponding to the blue line shown 
in (c). 
 

2.4 Super-lyophobicity of Gallium Coated Surfaces 

The non-wettability of the various gallium coated surfaces were studied by conducting 

static and dynamic contact angle (CA) measurements, bouncing tests on flat surfaces, and rolling 

tests on curved surfaces.  

2.4.1 Contact Angle Measurements of Various Gallium Coated Surfaces  

The static CAs were measured using static sessile drop method on a goniometer (Rame-

Hart 260-F4, Succasuna, NJ, USA) at ambient temperature (20-23°C) and relative humidity in 
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the range of 40-60%. Commercially available gallium-based liquid metal Galinstan droplets were 

dispensed through the tip of a syringe and transferred onto the surfaces by gentle vibration. The 

reported static CAs are the average with standard deviation of 5 repeated trials at different 

locations. Dynamic CAs including contact angle hysteresis (CAH) were carried out on the same 

goniometer using dynamic sessile drop method. Videos of Galinstan dispensing and retrieving on 

the sample substrate were recorded and still images were analyzed to measure CAs and CAH. 

Figure 2.4(a)-(b) shows the optical images of approximately 8 μL naturally oxidized 

Galinstan droplets on various gallium coated surfaces. Note that the Galinstan droplets are rather 

irregular shaped instead of spherical. This is a clear indication that the Galinstan droplets had 

been oxidized in ambient environment and solid oxide shell formed on the surface has prohibited 

the droplets from forming spherical shapes. Figure 2.4(c) shows the static CAs for various 

gallium coated surfaces, with the error bars indicating the standard deviation. The static CAs of 

gallium coated solid surfaces (Si, SiO2, SU-8, glass, and Parylene-coated PDMS) ranges from 

164.6 ± 1.0° to 165.8 ± 1.1°, while those of bare PDMS under 0%, 25% and 50% stretching are 

found to be 164.0 ± 1.0°, 165.5 ± 1.5° and 167.9 ± 1.1°, respectively. Furthermore, static CAs on 

curved PDMS surface with curvatures of 0.08 mm-1 and 0.3 mm-1 are found to be 160.9 ± 1.3° 

and 162.3 ± 1.3°, respectively. The CAs for curved surface was measured by the angle difference 

between the tangential lines of curved surface and the droplet [85]. Compared to static CAs 

measured on bare substrates (PDMS, SU-8, SiO2, and glass), static CAs on gallium coated 

surfaces exhibit a significant improvement from typically lower than 152° to over 160° [85].  
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Figure 2.4. Static CA measurement – (a) optical images of ~ 8 μL surface-oxidized Galinstan 
droplets on various gallium coated surfaces with detailed view in (b), (c) measured static CA of 
various surfaces. Data is presented as average with standard deviation. 

 
 

It is also worth noting that the gallium coated PDMS under mechanical strains still retains 

high CAs. Considering that gallium oxide is not a flexible material and the yield stress is 

relatively low (~0.5 N/m) [47], it is believed that when subject to mechanical strains, the oxide 

shell of the gallium thin film coating ruptures. The underlying elemental gallium would be 

instantly oxidized upon exposure to ambient air and forms new oxide shell [22]. This proposed 

mechanism is consistent with XPS spectra in which the existence of elemental gallium was 

detected. 
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Naturally oxidized liquid metal droplets are known to exhibit a very low receding CA (< 

10°) and leaving residue when the droplet volume is reduced [7], [24]. Therefore, dynamic CA as 

well as CAH measurement results were also conducted to confirm the non-wettability of various 

gallium coated surfaces. Figure 2.5(a) shows the time-lapse images of dynamic CA measurement 

on gallium coated SiO2 surface. Especially, the right image clearly confirms full droplet 

retraction with no remaining residue on the substrate.  

 

 
Figure 2.5. (a) Time-lapse images of dynamic CA measurement on gallium coated SiO2 surface 
denoting advancing (left), receding (middle), and full separation leaving no residue (right), (b) 
measured dynamic CA of various gallium coated surfaces, with blue squares and red circles 
denoting advancing CA and receding CA, respectively. 
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As shown in Figure 2.5(b), the advancing CAs are found to be larger than 159°, while the 

receding CAs varies from 138° to 158°. The measured CAH are found to be ranging from 6.5º to 

24.4º for various substrates. The smallest CAH and the largest CAH are found to be gallium 

coated SiO2 and PDMS (25% stretching), respectively. It should be noted that during our 

dynamic CA measurements, no pinning of liquid metal droplet on the substrate was found. These 

results reveal that gallium coating on various surfaces are inherently non-wetting for naturally 

oxidized gallium-based liquid metal droplets.  

2.4.2 Bouncing and Rolling Tests on Various Gallium coated Surfaces 

Bouncing tests for flat surfaces and rolling tests for curved surfaces were carried out to 

further confirm the non-wettability of gallium coated surfaces against oxidized gallium-based 

liquid metal droplets. A high-speed camera (Photron SA4, San Diego, CA, USA) was utilized to 

take videos with 3,600 frames per second rate (bouncing tests) and 500 frames per second 

recording rate (rolling tests).  

Figure 2.6 shows a series of time-lapse images of approximately 8 μL Galinstan droplet 

dispensed from a syringe falling from 3.5 cm height above the various gallium coated surfaces. 

The results clearly show the Galinstan droplets bounce off from the gallium coated surfaces and 

leaving no residue. In untreated surfaces, droplets would adhere to the surface and cannot bounce 

off from the surface. Note that the Galinstan droplets are also non-spherical in the images, which 

clearly indicates that the oxide shell had formed completely at the time of impact. The results 

prove that gallium coated flat surfaces are non-wetting against oxidized Galinstan droplets. 
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Figure 2.6. Time-lapse images of oxidized Galinstan droplet bouncing off from various gallium 
coated flat surfaces of (a) Si, (b) 2 μm thermally grown SiO2, (c) glass, (d) 25 μm SU-8 on Si, (e) 
500 nm Parylene-coated PDMS, (f) PDMS with 0% stretching, (g) PDMS sheet with 25% 
stretching, and (h) PDMS sheet with 50% stretching with impact velocity at ~ 0.828 m/s. 

 
 

Two dimensionless numbers associated with bouncing tests, Weber Number (We) and 

Reynolds Number (Re), were also calculated. We is defined as the ratio of inertia force to surface 

tension force, while Re the ratio of fluid inertial to viscous force, given by [93] 

𝑊𝑊𝑊𝑊 =  𝜌𝜌𝑣𝑣
2𝐷𝐷
𝜎𝜎

       (2.4) 

𝑅𝑅𝑊𝑊 =  𝜌𝜌𝑣𝑣𝐷𝐷
𝜇𝜇

       (2.5) 
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where 𝜌𝜌 is the mass density of Galinstan (6,440 kg/m3), 𝑣𝑣 is the impact velocity of the free-

falling droplet from a height h which was calculated as 𝑣𝑣 ≈ �2𝑔𝑔ℎ (0.828 m/s), 𝐷𝐷 is the initial 

droplet diameter (~ 0.00248 m), 𝜎𝜎 is the surface tension of surface-oxidized Galinstan (0.508 

N/m), and 𝜇𝜇 is the dynamic viscosity (2.4×10-3 N∙s/m2). The We and Re were found to be around 

21.6 and 5,512, respectively. Due to the relatively low We, indicating surface tension is 

dominant, there was no fragmentation of liquid metal droplets observed. 

 

 
Figure 2.7. Time-lapse images of surface-oxidized Galinstan droplet rolling from left to right on 
curved gallium coated PDMS sheet of curvature (a) 0.08 mm-1 and (b) 0.3 mm-1 under 
gravitational force. 
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Figure 2.7 shows the rolling tests performed on curved gallium coated PDMS sheets to 

confirm the effectiveness of non-wettability on non-planar surfaces. The Galinstan droplet was 

dispensed close to the curved surfaces with curvatures of 0.08 mm-1 and 0.3 mm-1. The irregular 

shaped droplets roll from left to right along the curved gallium coated PDMS surfaces under 

gravitational force, and eventually stop at the lowest point of the curved surface without leaving 

any visible residue. 

2.5 Pneumatic Actuation on Flat Surface and U-shaped Channel 

Pneumatic actuation of oxidized Galinstan droplet on gallium coated flat Si wafer and 

curved Parylene-C coated U-shaped PDMS channel to test the feasibility of utilizing gallium-

coating for non-wetting microfluidic materials. Figure 2.8 shows the time-lapse images of the 

droplet moving on gallium coated flat and curved surfaces due to applied air pressure. The still 

images show no liquid metal residue left on the surfaces.  

 

 
Figure 2.8. Time-lapse images of oxidized Galinstan droplet pneumatically actuated on gallium 
coated (a) flat Si surface and (b) Parylene-coated U-shaped PDMS channel without residue. 
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2.6 Discussions and Conclusion 

In conclusion, the non-wetting behavior of gallium coated surfaces is most likely 

attributed to both the structurally stable gallium oxide shell formed on gallium-based liquid 

metal droplets along with the rough surface the gallium coating, which results in a non-wetting 

Cassie-Baxter state [31], [85]. The gallium oxide shell is known to resist surface stress up to 

approximately 0.5 N/m, which prevents gallium-based liquid metal droplets from permeating 

into the texture of the rough surfaces. The Cassie-Baxter relationship describes the static CAs in 

microtextured surfaces, given by Equation 2.3. Compared to smooth surfaces, rough surfaces 

have lower solid fraction 𝑓𝑓𝑠𝑠 which results in higher apparent static CAs.  

In this chapter, gallium coating as a simple remedy to convert flat surfaces to non-wetting 

surfaces against oxidized gallium-based liquid metal droplets is demonstrated. The non-

wettability of the various gallium coated surfaces was studied by measuring static and dynamic 

CAs as well as CAH. The static CAs are found to be greater than 160º, while dynamic CA 

measurements show that the CAH is relatively small, ranging from 6.5º to 24.4º. Bouncing and 

rolling tests on the various coated surfaces also confirm non-wettability against oxidized 

gallium-based liquid metal droplets. A simple demonstration of pneumatic actuation of oxidized 

gallium-based liquid metal droplet on gallium coated surfaces confirms the feasibility of utilizing 

this new surface modification method for liquid metal droplet manipulation without wetting or 

residue. Surface characterization reveals the surface roughness is most likely attributed to the 

non-wetting Cassie state. This homogenous material surface treatment for gallium-based liquid 

metal manipulations may enable myriads of applications that require movement of liquid metals 

on flat and/or non-planar surfaces.  
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CHAPTER 3 

IMPLANTABLE WIRELESS INTRAMEDULLARY FLUID MODULATOR FOR BONE 

DENSITY AUGMENTATION†‡ 

This chapter describes a magnetically operated, battery-less, and implantable intramedullary 

fluid modulator designed for bone intramedullary pressure and/or fluid modulation. The 

introduction of this chapter reviews the results of previous works and motivation of this work. 

Working principles of the wireless fluid modulator as well as analytical modeling and finite 

element method (FEM) simulation results are derived and summarized in Section 3.2. Details of 

the device fabrication is described in Section 3.3. Experimental results including static pressure 

and dynamic pressure measurements are summarized in Section 3.4. In vivo testing results of 

intramedullary fluid modulation in the bone intramedullary cavity of rat femora is presented in 

Section 3.5. 

3.1 Introduction 

Osteoporosis is an age-related bone disorder characterized by porous bones or diminution 

of bone mass, leading to reduced bone strength and/or increased risks of bone fracture. It has 

become a major global public health concern. It is estimated that 10 million people in the United 

States [94] and 27.6 million in Europe [95] suffer from osteoporosis. It has accounted for over 

                                                 

† © 2019 IEEE. Portions reprinted with permission from: Chen, Z., Noh, S., Prisby, R. D. and Lee, J.-B, “Implanted 
Wireless Intramedullary Fluid Modulator for Bone Density Augmentation”, 2020 IEEE 33rd International 
Conference Micro Electro Mechanical Systems (MEMS), 384–387, 2020.    

‡ This work is a collaboration with Dr. Rhonda D. Prisby at the University of Texas at Arlington. The device design 
and ex vivo experiments were performed by Ziyu Chen, while in vivo experiments were carried out by Dr. Rhonda 
D. Prisby.  
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1.5 million and over 3.5 million incidents of bone fracture per year in the US and in Europe, 

respectively. The annual cost spent due to these fractures is estimated to be $17 billion in the US 

in 2005 and €37 billion in Europe in 2010 [95], [96]. It is evident that osteoporosis and related 

health issues have become a significant economic burden to global public health systems.  

It has been known for a long time that bones are capable of adapting its structure to 

mechanical stimuli like exercise or trauma, as stated by Wolff’s law [97]. A lack of mechanical 

loading, such as sedentary lifestyle or astronauts in space, results in rapid diminution of bone 

mass [98], whereas increased physical activity helps maintain bone mineral density [99]–[101]. 

To date, the exact cellular and molecular mechanism of bone remodeling initiated by mechanical 

loading remains largely unclear and needs elucidation [102]. 

Evidence accumulated over the years has suggested that one of the primary causes of 

bone remodeling is due to intramedullary fluid flow fluctuation under mechanical loading [103], 

[104]. Previous in vitro studies have suggested that fluid flow inside the bone intramedullary 

cavity regulates bone cellular responses in bone cells (i.e., osteoblasts, osteoclasts, and 

osteocytes) that enhances bone formation and/or inhibits bone resorption [105]–[107]. It is 

suggested that shear stress induced by oscillatory fluid flow and pressure in the cavity elicits the 

release of bone stimulating factors, such as nitric oxide (NO) and prostaglandins (e.g., PGE2) 

[108]–[111]. Nitric oxide inhibits osteoclastic degradation of bone [112], while PGE2 enhances 

bone formation and reduces bone loss with immobilization [113]. Static loading, on the other 

hand, has little effect on fluid flow and does not elicit the same responses in bone cellular 

activities [105], [107].  
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Contrary to the abundance of studies performed in vitro, in vivo studies that demonstrate 

modulated intramedullary fluid pressure and/or flow mediate bone remodeling in response to 

mechanical loading are scarce. A number of in vivo studies of modulated mechanical loading 

have been reported to mitigate bone loss and enhance bone formation in various animal models 

[114]–[118]. The devices reported in these studies utilize piezoelectric actuation or electrically 

stimulated muscle contraction to induce bone tissue deformation and matrix strain, which results 

in dynamic modulation of intramedullary pressure (ImP) in bone intramedullary cavity. The ImP 

induced by mechanical loading is reported to range from ~1 mmHg by piezo actuator [114], and 

~45 mmHg by muscle stimulation [115]. However, these studies are limited in terms of 

elucidating whether bone matrix strain or interstitial fluid flow (IFF) inside of bone 

intramedullary cavity mediates skeletal adaptation to mechanical loading, as both matrix strain 

and fluid flow may coexist in these methodologies. 

As efforts to decouple intramedullary fluid flow from matrix strain, several studies have 

demonstrated that dynamic modulation of intramedullary fluid flow alone can also result in the 

desired augmentation of bone formation in the absence of bone mechanical loading. Qin et al. 

demonstrated ulnae of adult turkeys showing a significant increase of bone mass by about 18% 

by subjecting the bones to oscillatory fluid flow loading with 60 mmHg in peak magnitude and 

20 Hz in frequency [119]. Kwon et al. utilized a microfluidic syringe pump to induce dynamic 

intramedullary fluid flow modulation in hindlimb suspended mice, resulting in enhancement of 

bone mineral density [120], [121]. These observations suggest that intramedullary fluid flow and 

pressure modulation without mechanical loading could be a non-pharmaceutical alternative to 

treat osteoporosis and facilitate bone fracture healing. 
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Despite its great potential, in vivo studies of altering bone intramedullary fluid 

pressure/flow without mechanical loading and its efficacy to initiate bone remodeling have not 

been fully conducted to elucidate how mechanical signals are transferred into bone cellular 

activity. This scarcity is largely due to the lack of viable options of tools that can be used in in 

vivo studies to incur oscillatory fluid flow inside the bone intramedullary cavity without matrix 

strain. Existing studies utilized bulky external oscillatory loading equipment (e.g., microfluidic 

syringe pumps), which requires wired catheters surgically inserted through the skin to the bones 

of test subjects. Such methodologies impose significant risks of infections due to exposure of 

muscles and tissues, as well as strong restrictions on the normal physical activities of test 

subjects. These limitations have greatly hindered the potentials for more rigid in vivo studies of 

bone adaptation to intramedullary fluid pressure/flow modulation without mechanical loading. 

Alternative tools with minimal invasiveness and minimal restrictions on physical activities of test 

subjects are highly desirable.  

3.2 Device Design 

The device aims at applications in the femora of Fischer-344 rats [122] of around six-

month of age, whose femur intramedullary cavity is approximately 13 mm in length and 1.7 mm 

in diameter. Because of available sub-dermal volume and convenience of wireless remote 

operation in vivo, it was determined to place the magnetic fluid modulator in the back of the rats. 

Figure 3.1(a)-(b) shows the perspective and cross-section views of 3D conceptual diagrams of 

the fluid modulator. The fluid modulator operates based on a circular diaphragm mounted with 

two permanent magnets on both sides of the diaphragm for wireless on-demand actuation. The 

chamber filled with 0.9% heparinized saline which prevents blood clotting is connected to the 



 

37 

femur intramedullary cavity through polyethylene (PE) tubing. Figure 3.1(c) shows a schematic 

diagram of the working principle for wireless fluid modulation when implanted in rats, with the 

insets showing the optical image of a rat surgically implanted with the fluid modulator, and the 

photomicrograph of a Fischer-344 rat’s femur. 

There are a few criteria that must be considered for the design of an implantable 

intramedullary fluid modulator for in vivo studies in terms of the material, size of the device 

body and tubing, and performance. Firstly, any devices that are implanted inside of animal body 

must be biocompatible and thoroughly sterilized. Polydimethylsiloxane (PDMS) was selected as 

the material for the body of the implantable fluid modulator because of its proven 

biocompatibility and ease of fabrication [5]. Secondly, physical sizes of the rat require the fluid 

modulator to have a size as small as possible to be implanted, provide sufficient magnetic force 

to induce intramedullary fluid flow and pressure in the bone intramedullary cavity of rat femora, 

and offer a wireless operation distance as far as possible to transverse the barrier imposed by the 

skin and fur barrier of the animal. Thirdly, due to the small size of bone intramedullary cavity of 

rat femora (13 mm in length and 1.7 mm in diameter), the tubing that connects the bone 

intramedullary cavity and the implanted fluid modulator must be smaller than 1.7 mm. The 

pressure drops due to fluid passing through an orifice and tubing must be investigated to achieve 

optimal output performance. 
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Figure 3.1. Schematic diagram of (a) perspective view and (b) cross-sectional view of the 
wireless implantable fluid modulator. (c) Working principle of fluid modulation in the 
intramedullary cavity of rat femora with a photomicrograph showing the device implanted 
underneath the skin at the back of a rat. 

 

 

To optimize the design of the fluid modulator, parameters in terms of magnetic 

interactions, the diaphragm, and fluidic dynamics have been studied. The magnetic force 

between internal and external magnets under different operation ranges are discussed in Section 
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3.2.1, the deflection of the circular diaphragm mounted with magnets and resulted volumetric 

change are given in Section 3.2.2, and the pressure drop due to fluid flowing in circular tube are 

explored in Section 3.2.3. 

3.2.1 Magnetic Force 

As shown in Figure 3.1(b), the cylindrical permanent magnets are mounted on both sides 

of the PDMS diaphragm in a position that their centers coincide. When placed in an external 

magnetic field gradient, the resulting axial magnetic force exerted on the diaphragm can be 

calculated by [123]    

𝐹𝐹𝑧𝑧 = 1
𝜇𝜇0
𝐵𝐵𝑟𝑟 ∙ ∫ 𝑆𝑆𝑚𝑚

𝑧𝑧+ℎ𝑚𝑚
𝑧𝑧

𝑑𝑑𝐵𝐵𝑧𝑧
𝑑𝑑𝑧𝑧

d𝑧𝑧 ≈ 1
𝜇𝜇0
𝐵𝐵𝑟𝑟𝑉𝑉𝑚𝑚

𝑑𝑑𝐵𝐵𝑧𝑧
𝑑𝑑𝑧𝑧

      (3.1) 

where 𝐹𝐹𝑧𝑧 is the axial magnetic force caused by external magnetic field gradient, 𝜇𝜇0 is the 

permeability of vacuum (12.57 × 10-7 H/m),  𝐵𝐵𝑟𝑟 is remnant magnetic flux density of the internal 

magnets in the fluid modulator (~1.45 T), 𝑆𝑆𝑚𝑚, ℎ𝑚𝑚 and 𝑉𝑉𝑚𝑚 is the surface area, the height and the 

total volume of the two internal magnets which can be calculated as 𝑉𝑉𝑚𝑚 = 2𝑆𝑆𝑚𝑚ℎ𝑚𝑚 = 2𝜋𝜋𝑟𝑟2ℎ𝑚𝑚, 

with 𝑟𝑟 denoting the radius of the internal magnets, and 𝑑𝑑𝐵𝐵𝑧𝑧/𝑑𝑑𝑧𝑧 is the external magnetic flux 

density gradient along the axial direction of the external magnets. The equation implies that the 

vertical magnetic force is proportional to the total volume of the internal magnets, and the spatial 

rate of change of the external magnetic flux density in the vertical direction, known as magnetic 

flux density gradient.  

Finite element method (FEM) by COMSOL Multiphysics® was utilized to study the 

magnetic field of the external magnets. Table 3.1 summarizes the parameters used to simulate the 

magnetic field distribution and magnetic force. A spherical infinite layer was assumed to emulate 
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the attenuation of magnetic field in free space. Figure 3.2 shows the theoretical results of 

magnetic flux density and the magnetic flux density gradient of two cylindrical external magnets 

with diameters of 38.1 mm and varied thicknesses of 12.7 mm and 4 mm. As expected, both the 

magnetic flux density and flux density gradient of the larger magnet is greater than those of the 

smaller magnet.  

 

Table 3.1. Material properties for FEM simulations of magnetic interactions. 
 

Parameter Value Unit Description 
𝐵𝐵𝑟𝑟  1.45 T Remnant flux density of the magnets 
𝜇𝜇𝑟𝑟  1  Relative permeability of magnets 

 
  

Similarly, the transverse magnetic flux density at different axial distances was studied. 

Figure 3.3 shows the transverse magnetic flux density of the external magnet at various axial 

distances. For intended internal magnets of sizes 4-8 mm in diameter, the center area of the 

transverse magnetic flux density is relatively flat compared to the fringe area, therefore the 

spatial gradient of magnetic flux density in the center remains relatively unchanged with respect 

to transverse distance. However, the magnetic flux density of the external magnet becomes 

curved in the fringe area, and the spatial gradient of magnetic flux density changes with respect 

to transverse distance. This suggests that internal magnets placed in the fringe magnetic field 

might be more susceptible to tilting because the force applied to the internal magnets is not 

uniform across the whole volume. The result suggest that the external magnet and internal 

magnets of the fluid modulator should be collinearly aligned to avoid using the fringe magnetic 

field.  
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Figure 3.2. Simulation results of the magnetic flux density (solid lines) and magnetic flux density 
gradient (dotted lines) generated by the external magnet along the axial direction. Blue lines are 
results for the larger magnet (38.1 mm in diameter and 12.7 mm in thickness) and red lines are 
results for the smaller magnet (38.1 mm in diameter and 4 mm in thickness). 

 

 
Figure 3.3. Simulation results of magnetic flux density along the transverse y-direction generated 
by external magnet of size 38.1 mm in diameter and 12.7 mm in thickness at different axial 
distances ranging from 0 to 15 mm.  
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Due to the complexity of magnetic interactions [124], [125], the axial magnetic force 

approximated by Equation 3.1 was validated by FEM simulation based on Maxwell stress tensor 

method to verify its accuracy. Figure 3.4 shows the resulting magnetic force of an external 

magnet of size 38.1 mm in diameter and 4 mm in thickness exerted on two internal magnets of 

size 5 mm in diameter and 1 mm in thickness. The results from equation and FEM agree well in 

the intended operation range. It can also be seen that the magnetic force attenuates to almost zero 

when the distance between the internal magnets and external magnet, which ensures maximum  

modulation of magnetic force range. 

It is worth noting that Equation 3.1 assumes the magnetic flux density gradient generated 

by the larger magnet as the same over the whole volume of the smaller magnets, and disregards 

the complex interactions between the set of magnets. However, the approximation should be 

sufficient to estimate the magnetic force between a set of magnets whose size difference is large 

enough to satisfy the assumption of Equation 3.1, as seen in this study or other studies of a planar 

coil and a smaller permanent magnet [126].  

Based on these results, the maximum magnetic forces obtained at axial surface-to-surface 

distance of 15 mm between external magnet and internal magnets were calculated based on 

Equation 3.1. This distance is intended to be used in experimental measurements of ex vivo and 

in vivo studies of the fluid modulator. The calculations assume NdFeB magnets (𝐵𝐵𝑟𝑟 ~1.45T) of 

different sizes, listed as Table 3.2.  
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Figure 3.4. Axial magnetic force approximated using Equation 3.1 and FEM simulation based on 
Maxwell stress tensor method exerted on two internal magnets of size 5 mm in diameter and 1 
mm in thickness generated by external magnet of size 38.1 mm in diameter and 4 mm in 
thickness.  
  

Table 3.2. Maximum magnetic force at axial distance of 15 mm. 
 

Magnet Size 2×Φ4×1mm 2×Φ5×1mm 2×Φ6×1mm 2×Φ7×1mm 2×Φ8×1mm 
Φ38.1×12.7 mm 0.334 0.522 0.752 1.024 1.337 

Φ38.1×4 mm 0.143 0.224 0.323 0.439 0.574 
 

3.2.2 Deflection of Magnetically Loaded Circular Diaphragm 

To understand the deflection of the circular diaphragm mounted with magnets as a 

function of magnetic force, Figure 3.5 illustrates the cross-sectional view of the fully clamped 
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circular diaphragm partially covered by magnet, where 𝑞𝑞 is the applied uniform load caused by 

magnetic force, 𝑡𝑡𝑚𝑚 is the thickness of membrane, and 𝑑𝑑0 is the center deflection of the 

membrane due to uniform load 𝑞𝑞, 𝑅𝑅1 and 𝑅𝑅2 are the radii of the magnet and the diaphragm, 

respectively.  

 In this study, PDMS is chosen to be the material for the diaphragm due to its proven 

biocompatibility, low Young’s modulus, and high yield stress [127]. As depicted in Figure 3.5, 

the deflection of the diaphragm can be divided into two parts, the circular area occupied by 

magnets and the unloaded area outside of the magnet radius. Since magnetic force is volumetric 

and uniform under the assumption of small magnets as discussed in Section 3.2.1, the load can 

be regarded as uniformly distributed over the circular area occupied by internal magnets (0 <

𝑟𝑟 < 𝑅𝑅1).  

 

 
Figure 3.5. Cross-sectional diagram of fully clamped circular diaphragm with uniform load over 
the circular area with radius 0 < 𝑟𝑟 < 𝑅𝑅1. 
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FEM 3D modeling was carried out to find out the displacement field of the circular 

PDMS diaphragm mounted with different sizes of magnets under different effective pulling 

forces. Table 3.3 and Table 3.4 summarize the material properties and boundary condition 

settings used in the FEM simulations of plate displacement. Numerous parameters, such as the 

center deflection of the diaphragm mounted with different sizes of magnets, the transverse field 

of deflection, and the volumetric displacement due to deflection were investigated using different 

pulling forces acting on the magnets.  

 

Table 3.3. Material properties used in the FEM simulations for fully clamped circular diaphragm 
mounted with permanent magnets. 

 
Parameter Value Unit Description 

EPDMS 2.6 MPa Young’s modulus of PDMS [128] 
ρPDMS 970 kg/m3 Mass density of PDMS 
νPDMS 0.5  Poisson’s ratio of PDMS 
ENdFeB 160 GPa Young’s modulus of NdFeB magnets 
ρNdFeB 7500 kg/m3 Mass density of NdFeB magnets 
νPDMS 0.24  Poisson’s ratio of NdFeB magnets 
𝑡𝑡𝑚𝑚  400 µm Thickness of PDMS diaphragm 
𝑅𝑅1 varies mm Radius of the NdFeB magnets 
𝑅𝑅2 6 mm Radius of the PDMS diaphragm 
𝑉𝑉𝑚𝑚 𝜋𝜋𝑅𝑅12ℎ𝑚𝑚  mm3 Volume of the NdFeB magnets 

 

Table 3.4. Subdomain and boundary conditions used in the FEM simulations for fully clamped 
circular diaphragm mounted with permanent magnets. 

 
Subdomain/boundary Condition 

Edge faces Fixed 
Other faces Free 

Magnet subdomain 𝐹𝐹𝑧𝑧/𝑉𝑉𝑚𝑚 
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The simulation results of a circular PDMS diaphragm with radius of 6 mm and thickness 

of 400 µm are summarized in Figure 3.6. The deflection field of the diaphragm can be clearly 

divided into two parts, the area occupied by the magnets and the rest of the area that is unloaded 

by magnets, as shown in the transverse deflection field distribution of Figure 3.6(a). This is 

expected as the Young’s modulus of PDMS is much smaller than that of the NdFeB magnets. 

Figure 3.6(b) shows the center deflection of the diaphragm increases nonlinearly with the 

increase of the applied force. Moreover, as the size of the magnet increases, the center deflection 

diminishes despite the same force is applied on the magnets. In fact, as the area occupied by the 

magnet becomes larger, the free bending unloaded area becomes smaller, which causes the 

diaphragm becomes more difficult to be displaced. The slope of the center deflection with 

respect to the applied force can be used to define an effective stiffness analogous to Hook’s law 

𝑘𝑘𝑒𝑒𝑒𝑒𝑒𝑒 = 𝐹𝐹/𝑥𝑥. The effective stiffness is nonlinear and becomes larger as the size of the magnet 

increases. The displaced volume, which is calculated by the integral of displacement over the 

whole circular area of the diaphragm, behaves similar to the center deflection with respect to the 

applied force. Expectedly, the volumetric displacement is linearly proportional to the center 

deflection. However, it is seen that as the magnet size increases, the volumetric displacement 

becomes larger even when the same center deflection occurs. Although diaphragms with smaller 

magnet is capable of more center deflection, the magnetic force is smaller, the maximum 

displaced volume is smaller, as shown in the inset of Figure 3.6(c). 
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Figure 3.6. Simulation results of (a) transverse distribution of deflection under constant force of 
200 mN, (b) center deflection with different sizes of magnets, (c) volumetric displacement with 
respect to center deflections with the inset showing volume change under different forces (cutoff 
at maximum magnetic force), (d) 3D schematic of the deflection of a diaphragm with two 
magnets of size (8 mm in diameter and 1 mm in thickness) under 500 mN of force.  

 
 

3.2.3 Theoretical Study on Pressure Drop of Fluid Flow 

3.2.3.1 Steady State Laminar Flow 

Reynolds number (Re) in volumetric flow rate form is given by [129] 

𝑅𝑅𝑅𝑅 = 𝜌𝜌𝑑𝑑
𝜇𝜇𝜇𝜇
𝑄𝑄         (3.2) 

where 𝜌𝜌 is the mass density of the liquid in kg/m3, 𝑑𝑑 is the inner diameter of the pipe in m, 𝑄𝑄 is 

the volumetric flow rate in m3/s defined by 𝑄𝑄 = 𝑢𝑢0𝐴𝐴 in which 𝑢𝑢0 is the average velocity of the 
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fluid flow in m/s, 𝜇𝜇 is the dynamic viscosity of the fluid in Pa·s, and 𝐴𝐴 is the cross-sectional area 

of the pipe in m2. Calculation using the dimension of PE90 tubing (𝑑𝑑 = 0.86× 10-3 m) and water 

as the fluid (𝜌𝜌 = 1000 kg/m3, 𝜇𝜇 = 1 × 10-3 Pa·s) finds that Re = 1800 requires a volumetric flow 

rate 𝑄𝑄 > 1200 µL/s. This result suggests that the fluid flow of the fluid modulator in this work 

operates in low Re, which is indicative of fluid flow in the laminar regime [130].   

 For an incompressible and Newtonian fluid in laminar flow flowing through a circular 

tube of length 𝐿𝐿 and diameter 𝐷𝐷, the total pressure drop ∆𝑃𝑃𝑡𝑡𝑡𝑡𝑡𝑡 is composed of two components, 

namely the frictional loss ∆𝑃𝑃𝑒𝑒 in fully developed laminar flow, and excess pressure loss ∆𝑃𝑃𝑒𝑒𝑒𝑒𝑡𝑡 in 

the entrance region due to the development of laminar flow. Figure 3.7 shows the cross-section 

of a contraction in area and typical pressure drop in the entrance region and fully developed 

downstream laminar flow region. The excess pressure drop ∆𝑃𝑃𝑒𝑒𝑒𝑒𝑡𝑡 is defined as the pressure 

difference between upstream pressure 𝑃𝑃1 and downstream pressure 𝑃𝑃2, where the pressure is 

undisturbed by the sudden contraction or the development of laminar flow. Therefore, the 

upstream pressure 𝑃𝑃1 can be defined as the pressure in the center of the fluid chamber where the 

fluid flow is relatively undisturbed by the contraction, whereas the downstream pressure 𝑃𝑃2 is 

defined by the pressure at which point the linear extrapolation of frictional pressure drop in fully 

developed laminar flow intersects the contraction plane.  
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Figure 3.7. Typical configurations of contraction in cross-sectional area and correspondent 
pressure drops due to developing and developed laminar flow in steady state. 
 

The configuration allows the frictional and excess pressure drops to be treated as 

independent, and the total pressure drops can be conveniently expressed as the sum of ∆𝑃𝑃𝑒𝑒𝑒𝑒𝑡𝑡 and 

∆𝑃𝑃𝑒𝑒 [131] 

∆𝑃𝑃𝑡𝑡𝑡𝑡𝑡𝑡 = ∆𝑃𝑃𝑒𝑒𝑒𝑒𝑡𝑡 + ∆𝑃𝑃𝑒𝑒        (3.3) 

For fully developed laminar flow in steady state flowing through a circular pipe of constant 

diameter 𝑑𝑑, the frictional pressure drop per unit length ∆𝑃𝑃𝑒𝑒/𝐿𝐿 is linearly proportional to 

volumetric flow rate Q as given by Poiseuille’s equation [129] 

∆𝑃𝑃𝑓𝑓
𝐿𝐿

= 128𝜇𝜇
𝜋𝜋𝑑𝑑4

𝑄𝑄         (3.4) 

It should be noted that there are a few assumptions apply to the Poiseuille’s equation. Steady 

state dictates the velocity field of the fluid flow does not change with respect to time, while fully 

developed fluid flow requires that the velocity field of the fluid flow remains constant along the 

axial distance in the tube. It is evident that the fluid flow near the contraction plane does not 

fulfill these assumptions, and the pressure drop near the contraction should not be calculated by 



 

50 

Equation 3.4. For a given fluid flowing in steady state, the frictional pressure drop increases as 

the length of the tube increases, or the diameter of the tube decreases. The excess pressure drop 

in the entrance region ∆𝑃𝑃𝑒𝑒𝑒𝑒𝑡𝑡 is usually more complicated and depends on the Re of the fluid flow 

and geometry [131]. To validate the theoretical predictions, 3D FEM models using general 

laminar module of COMSOL Multiphysics® was used to simulate the pressure drop of 

incompressible fluid flowing through the contraction and circular tube in steady state laminar 

flow. The dimensions of PE90 tubing (0.86 mm in diameter, 20 mm in length) and the chamber 

of the fluid modulator (12 mm in diameter and 3 mm in height), and physical properties of water 

(𝜌𝜌 = 1000 kg/m3, 𝜇𝜇 = 1 × 10-3 Pa·s) were assumed. The boundary conditions for fluid dynamic 

simulations are summarized in Table 3.5.  

 
Table 3.5. Boundary conditions for fluidic dynamic simulations of the fluid modulator. 

 
Boundary Condition Value 

Walls No slip  
Inlet Normal Inflow velocity 𝑄𝑄/𝐴𝐴§ 

Outlet Pressure 0 
§ 𝑄𝑄 and 𝐴𝐴 are the volumetric flow rate in m3/s and area of the diaphragm in m2, respectively. 
 

The theoretical results are summarized in Figure 3.8 for pressure drop with respect to 

volumetric flow rate. The transverse pressure distribution inside the fluid chamber remains 

constant until a nonlinear pressure drop starts to appear in the upstream direction of the fluid 

flow near the contraction plane. This is expected as the fluid flow starts to accelerate towards the 

inlet and forming laminar flow in the tube. In the downstream direction of the fluid flow far from 

the entrance region, the pressure drop becomes linear with respect to distance, which indicates 

that fully developed laminar flow has formed. In this region, the linear pressure drop can be 
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predicted by using Equation 3.4 (Poiseuille’s equation). The development of the laminar flow 

near the contraction plane can also be seen in the transverse velocity field distribution plot in 

Figure 3.8(a). The velocity of fluid flow begins to increase in the upstream direction of the 

contraction plane and continues to increase until the fluid flow is fully developed in the 

downstream fluid flow direction of the tube. A semi-empirical equation is given to estimate the 

development length of laminar flow in a circular tube as [132] 

𝐿𝐿𝑒𝑒
𝑑𝑑

= [(0.619)1.6 + (0.0567𝑅𝑅𝑅𝑅)1.6]1/1.6     (3.5) 

where 𝐿𝐿𝑒𝑒 is development length of laminar flow in the entrance region, 𝑑𝑑 is the diameter of the 

circular tube, and Re is Reynolds number. For PE90 tubing (0.86 mm in diameter) and 

volumetric flow rate of 100 µL/s considered here, the calculated development length is 

approximately 7.3 mm, which is in accordance with the velocity field distribution. The velocity 

field after 13 mm from the center of the chamber becomes stable.  

Figure 3.8(b) shows the simulation results for frictional pressure drop per unit length and 

excess pressure drop in the entrance area evaluated at the center of the tube with respect to 

volumetric flow rate ranging from 10 µL/s to 100 µL/s. The frictional pressure drop is evaluated 

to range from 0.05 mmHg/cm to 0.55 mmHg/cm, and it agrees with Equation 3.4 well. The 

excess pressure loss due to contraction ranges from 0.004 mmHg to 0.247 mmHg for volumetric 

flow rate of 10 µL/s and 100 µL/s, respectively. Compared to frictional pressure loss, which 

increases linearly as the length of the tube increases, the excess pressure drop in the entrance 

region does not rely on distance and only occurs once per actuation cycle. For sufficiently long 

PE90 tube (> 20 cm) used in this study, the frictional pressure drop contributes the most to the 

total pressure drop, and the excess pressure drop in the entrance region is negligible. 
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Figure 3.8. Pressure drop in steady state: (a) transverse pressure distribution at the centerline of 
the tube with respect to distance away from the center of the cylindrical fluid chamber for 
volumetric flow rate of 50 µL/s and 100 µL/s with a cross-sectional view of the velocity field for 
100 µL/s, (b) frictional pressure drop per unit length in PE90 tube with respect to volumetric 
flow rate with inset showing the excess pressure drop in the entrance region. 
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3.2.3.2 Unsteady State Laminar Flow 

 Steady state model might be limited for the fluid modulator which operates at transient 

state due to modulated magnetic force and experiences acceleration in a pulsating fluid flow. It 

was found that in a pulsating sinusoidal laminar flow, the total pressure drop may be expressed 

by superposition of an acceleration term ∆𝑃𝑃𝑎𝑎 [133]–[135] 

 ∆𝑃𝑃𝑎𝑎
𝐿𝐿

= 𝜌𝜌 𝑑𝑑𝑢𝑢0
𝑑𝑑𝑡𝑡

         (3.6) 

or in volumetric flow rate form  

∆𝑃𝑃𝑎𝑎
𝐿𝐿

= 𝜌𝜌
𝜇𝜇
𝑑𝑑𝑑𝑑
𝑑𝑑𝑡𝑡

         (3.7) 

where 𝜌𝜌 is the mass density of the liquid in kg/m3, 𝑑𝑑 is inner diameter of the tube in m, 𝑄𝑄 is the 

volumetric flow rate in m3/s defined by 𝑄𝑄 = 𝑢𝑢0𝐴𝐴 in which u0 is the average velocity of the fluid 

flow in m/s, and 𝐴𝐴 = 𝜋𝜋𝑑𝑑2/4 is the area of the cross-section of the tube. It is evident that the 

acceleration term comes from conservation of momentum, as pressure gradient is transformed to 

accelerate the mass of fluid flow. By assuming a sinusoidal volumetric flow rate 𝑄𝑄 =

𝑄𝑄0𝑠𝑠𝑠𝑠𝑠𝑠 (𝜔𝜔𝑡𝑡), Equation 3.7 becomes  

∆𝑃𝑃𝑎𝑎
𝐿𝐿

= 𝜌𝜌
𝜇𝜇
𝜔𝜔𝑄𝑄0cos (𝜔𝜔𝑡𝑡)        (3.8) 

The friction pressure loss due to steady state laminar flow given by Equation 3.4 is modified as 

∆𝑃𝑃𝑓𝑓
𝐿𝐿

= 128𝜇𝜇𝑑𝑑0
𝜋𝜋𝑑𝑑4

sin (𝜔𝜔𝑡𝑡)        (3.9) 

Therefore, the modified total pressure loss in a pulsating fluid flow ∆𝑃𝑃𝑡𝑡𝑡𝑡𝑡𝑡𝑠𝑠  can be expressed as 

∆𝑃𝑃𝑡𝑡𝑡𝑡𝑡𝑡
𝑠𝑠

𝐿𝐿
= ∆𝑃𝑃𝑓𝑓+∆𝑃𝑃𝑎𝑎

𝐿𝐿
= 𝐶𝐶𝑒𝑒sin (𝜔𝜔𝑡𝑡) + 𝐶𝐶𝑎𝑎cos (𝜔𝜔𝑡𝑡)     (3.10) 

where 𝐶𝐶𝑎𝑎 = 𝜌𝜌𝜔𝜔𝑄𝑄0/𝐴𝐴 is the amplitude of acceleration pressure drop, and 𝐶𝐶𝑒𝑒 = 128𝜇𝜇𝑄𝑄0/𝜋𝜋𝑑𝑑4 is 

amplitude of frictional pressure drop. The Equation 3.9 can be written in a 𝛼𝛼sin(𝜔𝜔𝑡𝑡 + 𝜑𝜑) form, 
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where 𝛼𝛼 is the amplitude of pressure drop, and 𝜑𝜑 is the phase difference term of the pressure 

drop 

𝛼𝛼 = �𝐶𝐶𝑒𝑒2 + 𝐶𝐶𝑎𝑎2  and  𝜑𝜑 = sin−1 𝐶𝐶𝑎𝑎

�𝐶𝐶𝑓𝑓2+𝐶𝐶𝑎𝑎2
                (3.11) 

The model was validated by FEM using assuming a sinusoidal volumetric flow rate and solve for 

transient laminar fluid flow similar to previous simulation setup for steady state. The comparison 

results for FEM, Equation 3.9 and Equation 3.11 are summarized and compared in Figure 3.9 for 

50 µL/s. The phase lag predicted by the acceleration term agrees well with simulation results. 

The amplitude of the dynamic pressure drop without acceleration correction term agrees well 

with FEM and analytical model with acceleration. On the other hand, the pressure drop without 

acceleration does not predict the phase lag. Since the amplitude of pressure drop is the main 

concern of this work, the phase lag will be neglected. However, the pressure drop amplitude 

from FEM is higher than analytical results, especially in the positive pressure regime. This 

discrepancy is expected as the analytical model does not account for entrance pressure drop 

during fluid flows from the chamber to the tube. The reverse fluid flow does not undergo a 

sudden contraction, and the resulting pressure drop agrees more accurately with FEM results. 

This is confirmed by the transverse pressure distribution shown in Figure 3.9(b), where the 

pressure at 0.25 s shows an excess pressure drop near the contraction plane. As previously 

explained in steady state laminar flow, the entrance pressure drop can usually be neglected in a 

reasonably long tube. 

 



 

55 

 
Figure 3.9. (a) Comparison of transient theoretical model with sinusoidal volumetric flow rate 
modulation of amplitude 50 µL/s and frequency of 1 Hz, (b) FEM result of transverse pressure 
distribution at the centerline of the tube with respect to distance away from the center of the 
cylindrical fluid chamber with a cross-sectional view of the velocity field at 0.25 s and 0.75 s. 
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A ratio of frictional and acceleration pressure drop can be used to evaluate the relative 

importance of the two terms written as 

𝐶𝐶𝑓𝑓
𝐶𝐶𝑎𝑎

= 32𝜇𝜇
𝜌𝜌𝜔𝜔𝑑𝑑2

        (3.12) 

Calculation using the properties of water, dimensions of PE90 tube and a modulation frequency 

of 1 Hz yields a ratio of approximately 6.89. The error of pressure drop amplitude with and 

without modification of acceleration evaluated by Equation 3.10 and 3.11 is about 1%. Higher 

angular frequency of 2 Hz increases the error to 4%. Therefore, the pressure drop due to friction 

dominates under low actuation frequency and pressure drop due to acceleration might be 

neglected. 

 To conclude, as the modulation frequency is low, the length of the tube is reasonably 

long (> 25 cm), and phase lag is not of concern, the dynamic model based on modified 

Poiseuille’s equation without acceleration correction (Equation 3.9) is sufficient to model the 

dynamic pressure drop in this work.  

3.3 Fabrication of the Wireless Intramedullary Fluid Modulator 

Figure 3.10 shows the schematic diagram (cross-section views) of the fabrication process 

of the intramedullary fluid modulator. A set of stainless-steel molds were fabricated in local 

machine shop, and cleaned with acetone, isopropyl alcohol (IPA) and de-ionized (DI) water 

before use. PDMS pre-polymer was prepared by mixing two-part silicone (Sylgard 184, Dow 

Corning, Midland, MI) in weight ratio of 10:1. The pre-polymer was thoroughly mixed and 

degassed in a vacuum chamber to remove air bubbles. The pre-polymer was then poured into a 
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petri dish and cured in a convection oven at 90 °C for 30 minutes to cast 400 μm thick PDMS 

sheet. This thin sheet would be used as the diaphragm of the intramedullary fluid modulator.  

The 400 μm thick cured PDMS thin sheet was cut into circular shape and clamped 

between two cylindrical molds of 12 mm diameter and 3 mm height, which serve to create two 

cylindrical shaped chambers. The two cylindrical molds were concentrically aligned in order to 

avoid non-circular shaped diaphragm. The prepared PDMS pre-polymer was then injected into 

the gaps between the molds using a 1 mL syringe and baked in a convection oven at 90 °C for 30 

minutes. The cured PDMS structure was carefully removed from the molds. Two N50 grade 

NdFeB permanent magnets, pre-cut borosilicate glass dome of 1 mm thick, and PE90 tube were 

bonded using medical device epoxy (M-31CL, Henkel Loctite, Düsseldorf, Germany). Figure 

3.10(g) shows the optical image of the fabricated intramedullary fluid modulator with two 

NdFeB magnets.  

Subsequently, during in vivo animal tests, it was found that the PDMS pads is not suitable 

for suture as they break easily with thin suture wires. A minor modification is made to the 

fabrication of the fluid modulator. A set of D-shaped rigid structures was added to the PDMS 

pads to hold the suture wires. These rings were 3D printed by using polylactic acid (PLA) 

polymer due to its Federal Food and Drug Administration (FDA) approved biocompatibility for 

human use and wide clinical applications for years [136], [137]. Figure 3.10(h) shows the optical 

image of the modified fluid modulator with four D-shaped structures embedded in the PDMS 

main structure. The size of the D-shaped structures is approximately 5.5 mm in length, 4 mm in 

width, and 1.2 mm in height with an opening of ~1 mm to allow needles and wires to go through.  
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Figure 3.10. Schematic diagrams of the fabrication process: (a) 400 μm thick polydimethylsiloxane 
(PDMS) membrane clamped between two pieces of stainless-steel cylindrical chamber mold, (b) 
chamber mold and PDMS membrane placed into the center of housing mold and injected with 
PDMS pre-polymer, (c) PDMS curing in oven, (d) cured PDMS peeled off from the molds, (e) 
borosilicate glass, NdFeB magnets, and PE90 tubing attached, (f) schematic in perspective views, 
and optical images of (g) the fabricated fluid modulator and fluid modulator with D-shaped rings 
embedded in PDMS. 
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3.4 Pressure Measurements 

Static and dynamic pressure measurements were performed ex vivo to validate the 

performance of the intramedullary fluid modulator. The external magnetic force was provided by 

an external NdFeB permanent magnet (N50 grade, 𝐵𝐵𝑟𝑟 ~1.45 T). The external magnet was 

attached to a linear reciprocating actuator with a maximum speed of 160 rpm and stroke distance 

of approximately 70 mm. The fluid modulator remains relatively still while actuated, the change 

of relative distance between the external and internal magnets modulates the magnetic field and 

its gradient on the magnets embedded in the fluid modulator. Such modulation leads to a 

sinusoidally modulated magnetic force exerted onto the magnets attached on the membrane of 

the fluid modulator.  

3.4.1 Static Pressure Measurement  

According to Bernoulli’s principle, the pressure of a static incompressible fluid remains 

constant since there is no kinetic energy loss to fluid flow. Therefore, the static pressure 

measured by a pressure sensor is proportional to the applied magnetic force as there is no 

pressure drop due to friction loss or contraction of fluid flow, which is given by [138] 

𝑃𝑃 = 𝐹𝐹𝑧𝑧
𝜇𝜇

         (3.13) 

where 𝑃𝑃 is the pressure excited by magnetic force, 𝐹𝐹𝑧𝑧   is the axial magnetic force exerted on the 

internal magnets by external magnetic field gradient, and 𝐴𝐴 is the area of the diaphragm which 

was calculated as 𝐴𝐴 = 𝜋𝜋𝑟𝑟2 with the radius of the diaphragm 𝑟𝑟 = 6 mm (~1.13×10-4 m2). By using 

the magnetic force calculated by using equation 3.1, the static pressure can be calculated 

accordingly.  
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Experimental pressure measurements utilized a set of fluid modulators with internal 

magnet of various sizes (4-8 mm in diameter and 0.5-1 mm in thickness). Two external magnets 

of 38.1 mm in diameter and varied thickness of 12.7 mm and 4 mm were used to provide 

magnetic force at an axial surface-to-surface distance of 15 mm and 85 mm. The pressure was 

measured by a commercial pressure sensor, which is connected to the chamber of the fluid 

modulator by a PTFE tube of approximately 25 cm long. The chamber and the tube were filled 

with de-ionized (DI) water. The pressure measurement started by measuring the static pressure at 

the maximum distance of 85 mm in steady state to provide a baseline, and then the external 

magnet was brought to minimum distance of 15 mm. The elevated static fluid pressure was then 

recorded after the fluid inside of the chamber and the tube reached equilibrium.  

Figure 3.11 summarizes the theoretical and experimental static pressure measurement 

results induced by external magnetic force. The static pressure increases as the size of the 

magnets increases. This is expected as the magnetic force is proportional to the volume of the 

magnets. It is also worth mentioning that the theoretical prediction is substantially smaller than 

experimental results. A few factors might have contributed to this discrepancy. A major 

contribution might be that the theoretical calculations utilize a simplified model which disregards 

the displacement of the diaphragm. When subject to magnetic force, the theoretical center 

deflection of the diaphragm mounted with magnets can be as high as 0.8 mm for 0.4 mm thick 

diaphragm with internal magnets of size 5 mm in diameter, as the results indicate in Section 

3.2.2. This in effect reduces the distance between the magnets, resulting in a higher magnetic 

force than expected at equilibrium. Potential misalignment of internal and external magnets, such 

as axial misalignment (e.g., off from the collinear axis) and angular misalignment, might have 
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caused the actual magnetic force to be higher than theoretical predictions due to fringe field 

effect of the external magnet. Moreover, fabrication variances, such as misalignment of molds, 

could contribute to the observed discrepancy due to reduced surface area of the diaphragm.  

 

 
Figure 3.11. Theoretical and experimental static pressure of various internal magnet sizes under 
external magnetic field caused by two different external magnets. The distance between the 
surfaces of magnets is controlled at 15 mm and 85 mm. 
 

3.4.2 Dynamic Pressure Measurement 

Dynamic pressure measurements were carried out using a fluid modulator with two 

identically sized internal magnets, 7 mm in diameter and 1 mm in thickness. The fluid chamber 

and the tube were filled with an incompressible fluid, 0.9% heparinized saline. Dynamic pressure 

was measured by a commercial pressure sensor (SP844, MEMSCAP, Durham, NC) to monitor 

real-time pressure modulation using PE90 tubes 25 cm, 50 cm, and 75 cm in length. The distance 
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between the surface-to-surface distance of the external magnet and the internal magnet was 

controlled in the range of 15–85 mm. 

The experimental results are summarized in Figure 3.12. The dynamic pressure 

amplitudes of different measurements are normalized to minimum pressure at 0 mmHg. Figure 

3.12(a) shows 10 cycles of dynamic pressure modulation with PE90 tube of 25 cm in length 

under ~0.5 Hz of modulation frequency. The amplitude of modulation ranges from 0 to ~70 

mmHg with a negligible modulation amplitude variance from cycle to cycle. The pressure 

modulation does not appear to be sinusoidal but rather sharp peaked. This might be because of 

the nature of magnetic force. Although the distance between magnets changes sinusoidally, the 

magnetic force attenuates exponentially with respect to distance. Therefore, when the external 

magnet moves towards the fluid modulator, the magnetic force increases faster, which creates the 

sharp peak modulation seen in experimental results.  

Figure 3.12(b) shows the close-up view of 1 cycle of dynamic pressure modulation with 

PE90 of 25 cm, 50 cm, and 75 cm in length. The modulation amplitude of 25 cm and 50 cm is 

found to be relatively the same at ~70 mmHg, and that of 75 cm is approximately 63.6 mmHg 

with a 6.4 mmHg drop from 70 mmHg. It was found that the modulation amplitude might be 

sensitive to initial conditions in terms of applied pressure in the fluid chamber. A higher initial 

condition (i.e., higher initial pressure inside of the chamber) causes the diaphragm to deflect 

away from the external magnet, which essentially increases the minimum distance between 

external and internal magnets and thus reduces the maximum magnetic force. The initial applied 

pressure for 75 cm shown in Figure 3.12 has a higher pressure with difference of approximately 

15 mmHg, which might have contributed to the observed modulation amplitude discrepancy.  
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Figure 3.12. Dynamic pressure response of the fluid modulator with internal magnets of size 7 
mm in diameter and 1 mm in thickness: (a) 10 cycles with PE90 tube of 25 cm length, and (b) 1 
cycle for PE90 tube of 75 cm, 50 cm, and 25 cm length. The external magnet used is NdFeB 
magnet with 38.1 mm in diameter and 12.7 mm in thickness operated at distance ranging from 15 
mm to 85 mm. Working fluid is 0.9% heparinized saline. 

 



 

64 

3.5 In vivo Intramedullary Pressure Modulation  

In vivo dynamic experiments were performed on a 6-month-old Fischer-344 rat with a 

fluid modulator with two identically sized internal magnets, 7 mm in diameter and 1 mm in 

thickness. The surface-to-surface distance of external and internal magnets was controlled in the 

range of 15–85 mm. The fluid modulator and the intramedullary cavity of the rat’s femur were 

connected using PE90 tubes 25 cm, 50 cm, and 75 cm in length. Due to the size limitation of the 

femur and intramedullary cavity, the PE90 tube was connected with a 10 mm long PE50 tube 

(ID: 0.58 mm, OD: 0.97mm, BD 427411) which was inserted into the intramedullary cavity of 

the rat’s femur. The fluid chamber and the tubes were filled with 0.9% heparinized saline which 

is incompressible and prevents blood clotting [139]. Approximately 40 cm long PE90 tube was 

used to connect the intramedullary cavity to a pressure sensor to monitor real-time pressure 

modulation.  

Figure 3.13 shows the in vivo experimental results of the fluid pressure modulation under 

~0.5 Hz of external excitation inside of bone intramedullary cavity. The intramedullary pressure 

modulation amplitude with 25 cm, 50 cm, and 75 cm long PE90 tubes are found to be 38 mmHg, 

21 mmHg, and 14 mmHg, respectively. In comparison, a minor pressure fluctuation of less than 

1 mmHg amplitude was also observed. Such a minor pressure fluctuation is likely attributed to 

heartbeat of the rat, approximately 400 beats per minute (BPM) [140]. Compared to relatively 

consistent pressure modulation amplitude of approximately 70 mmHg, the in vivo pressure 

measurement results show that as the length of the tube increases, the pressure modulation 

amplitude decreases. This might be partly caused by the initial pressure applied to the fluid 

chamber which is influenced by the physiology of the rat (e.g., blood pressure). However, the 
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pressure drop might not be completely explicable by the change of the initial conditions. Another 

contribution of pressure drop might be attributed to the contents of bone intramedullary cavity, 

which is much more viscous than water and/or even elastic [141], [142], due to densely 

distributed blood vessels, nerve fibers, and mesenchymal stem and stromal cells. This can cause 

loss of kinetic energy to fluid flow in the intramedullary cavity.  

 

 
Figure 3.13. In vivo intramedullary fluid modulation on 6-month-old Fischer-344 rat using PE90 
tubes with length 75 cm (top), 50 cm (middle), and 25 cm (bottom) under using 0.9% 
heparinized saline. The external magnet used is NdFeB magnet with 38.1 mm in diameter and 
12.7 mm in thickness operated at distance ranging from 15 mm to 85 mm. 
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3.6 Conclusion 

This chapter describes a wirelessly operated, battery-less, and implantable intramedullary 

fluid modulator for potential osteoporosis treatment and bone density augmentation. The 

intramedullary fluid modulator operates by modulated magnetic force on a circular PDMS 

diaphragm mounted with magnets. Theoretical studies including magnetic force, diaphragm 

deflection and pressure drop in steady state and unsteady state laminar flow are conducted by 

using analytical models and FEM simulations. The theoretical results show that the diaphragm 

deflection due to magnetic force can reach to as high as 0.8 mm, and a volumetric change of up 

to 60 µL. The fluid dynamic studies show that the pressure drop in unsteady state laminar flow 

can be modeled by frictional pressure drop in steady state under conditions of low volumetric 

flow rate, low modulation frequency (< 2 Hz), and long tubes. Experimental studies on static 

pressure and dynamic modulated pressure are summarized as well. The result show that dynamic 

pressure modulation amplitude can reach up to approximately 70 mmHg with the combination of 

external NdFeB magnet (38.1 mm in diameter and 12.7 mm in thickness) and internal NdFeB 

magnets (two identical 7 mm in diameter and 1 mm in thickness). Finally, the fluid modulator is 

used in in vivo studies of intramedullary fluid flow and/or pressure modulation in the 

intramedullary cavity of a 6-month-old Fischer-344 rat’s femur. The dynamic modulation 

amplitude with PE90 tube of length 25 mm reaches up to ~38 mmHg inside of the intramedullary 

cavity of rat femur. The theoretical and experimental results These results confirm that the fluid 

modulator is fully functional in wireless operation. This implantable intramedullary fluid 

modulator could be employed to enhance in vivo study of intramedullary fluid modulation and its 

efficacy in bone density augmentation and fracture repair. 
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CHAPTER 4 

WIRELESS PRESSURE SENSOR FOR IN VIVO PRESSURE MONITORING OF 

INTRAMEDULLARY FLUID MODULATION 

This chapter describes an active wireless pressure sensing system for in vivo studies of 

intramedullary fluid modulation. The system includes the hardware of the wireless pressure 

sensor and external transceiver, as well as software for PC terminal and firmware of the wireless 

devices. A combination of the wireless fluid modulator described in Chapter 3 and the wireless 

pressure sensor described in this chapter makes an entire wireless system for bone intramedullary 

fluid modulation for osteoporosis treatment. The introduction section reviews the current 

development of wireless pressure sensors and pressure sensors used in in vivo studies of 

intramedullary fluid modulation. The system design including software and hardware 

architecture is discussed in Section 4.2, and the assembling process of the hardware is given in 

the following section. Section 4.4 provides the characterizations of the wireless pressure sensor. 

The chapter is concluded by Section 4.5. 

4.1 Introduction 

MEMS-based sensors, i.e., pressure sensors, accelerometers, and gyroscopes, have been 

manufactured and commercialized for years. As a result, majority of today’s sensors used in 

automobiles, household appliances, and industrial equipment are based on MEMS due to their 

small size, cost and energy efficiency, and compatibility to conventional integrated circuits (IC). 

More recently, research interests in implantable devices have played a significant role in 

advancing MEMS sensing technologies into emerging applications, especially in the field of Bio-
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MEMS. Innovative implantable MEMS-based sensors have been demonstrated to monitor 

numerous physiological signals including pressure [143], [144], strain [145], flow [146], pH 

[147], oxygen [148], glucose [149], etc.  

Among all the sensors, pressure sensors have attracted the most efforts as pressure is one 

of the most important physiological parameters in the body. Extensive studies have demonstrated 

implantable pressure sensors for monitoring intravascular [143], intraocular [34], and intracranial 

[150] pressure, which may be indicatives of cardiovascular, ocular, or cerebral diseases, 

respectively. On the other hand, pressure sensors have been applied to monitor intramedullary 

pressure to study the efficacy of intramedullary fluid/pressure modulation in bone density 

enhancement for potential remedy of osteoporosis [151]. 

Despite of promising applications in novel biomedical fields, the development of 

implantable pressure sensors is still faced with a few challenges restricted by biocompatibility, 

comfortability, and minimal invasiveness. These challenges have thus triggered the exploration 

of new materials, design, and techniques to develop implantable pressure sensors. These efforts 

have been manifested by extensive studies that employ novel materials to fabricate flexible 

pressure sensors based on soft polymers like polyimide, Parylene, PDMS, etc., carbon nanotube 

(CNT), gold/silver nanowires (Au/Ag NW), and gallium-based liquid metals [12], [152], [153]. 

Compared to traditional Si-based pressure sensors, these devices offer advantages such as 

improved biocompatibility, intrinsic flexibility, and low Young’s modulus. These advantages 

have rendered flexible pressure sensors to be more suitable for implantable applications with 

improved biocompatibility and comfortability. 
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Nonetheless, reducing the invasiveness of these implantable pressure sensors remains one 

of the major challenges. Aiming to minimize invasiveness, wireless implantable pressure sensors 

have attracted significant research interests in recent years. As one of the most popular methods, 

inductive coupling has been extensively used for wireless power transfer. These devices rely on 

radio frequency (RF) electromagnetic wave to supply power wirelessly between external 

transmitter coil and internal receiver coil inside of the implantable devices. Cho et al. 

demonstrated a SU-8-based neurostimulator consisted of a planar spiral coil for wireless power 

supply through inductive coupling [154]. At resonant frequency of 394 MHz, the device is 

reported to invoke a peak voltage of approximately 6.5 V with ~1 W power supply at 1 mm 

separation distance between coils in open air. Cleven et al. demonstrated a wireless pressure 

sensor based on wireless power transfer [155]. The device consists of a pressure sensing 

application specific integrated circuits (ASIC) and a relatively large coil (~20 mm in diameter), 

which is reported to exhibit a reading distance of 10 cm with ±1.0 mmHg accuracy in the range 

of 30-300 mmHg. Alternatively, inductive coupling can be used to detect pressure directly based 

on LC resonant principle. These devices utilize an inductive coil and a pressure-sensitive 

capacitor to form a LC circuit. When subject to pressure, the change in capacitance can be 

detected by the change of resonant frequency. Xue et al. demonstrated an inductively coupled 

wireless pressure sensor consisted of a parallel plate capacitor with a SU-8 diaphragm [34]. The 

sensor is capable of detecting pressure ranges from 0-60 mmHg with a maximum operation 

distance of 6 mm between coils in open air. By using inductive coupling technology, these 

wireless pressure sensors remove the need of battery and subsequent exchange of battery through 

surgery, which enables minimal invasiveness and indefinite operation for long term monitoring.  
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Although vast majority of wireless pressure sensors have been developed using inductive 

coupling method, they suffer from major limitations as well. The efficiency of inductive 

coupling depends on the distance and collinear alignment between external transmitter coil and 

the receiver coil placed inside the implantable device. This has limited the operating range of 

inductively coupled implantable devices to a range of only millimeters to centimeters under 

collinear positioning through the skin. Due to the movement of muscles or tissues and other 

anatomical restrictions, this could be a daunting challenge to obtain readout externally without 

knowing the exact position of the implanted device. Furthermore, these pressure sensors can only 

perform pressure measurement when powered wirelessly by an antenna, and the data can only be 

recorded by a specially designed circuit. This has hindered their applications for continuous 

health monitoring with mobile phones or other general computing devices. Therefore, a wireless 

implantable pressure sensor capable of long-range transmission and interfacing with existing 

wireless communication standards (i.e., Wi-Fi or Bluetooth®) is still desirable for health 

monitoring or certain in vivo study purposes.  

This work focuses on the pressure monitoring of on-demand intramedullary pressure 

modulation and its efficacy for bone density enhancement. So far, most of existing in vivo 

studies of intramedullary pressure modulation utilized commercially available pressure sensors, 

which require catheters surgically inserted through skins. Such invasive methodologies impose 

significant risks of infections and restrictions on the normal physical activities of the test 

subjects. Aiming to reduce the invasiveness of the pressure sensor for real-time intramedullary 

pressure monitoring, a wireless implantable pressure sensor with long range transmission 
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capability enabled by Bluetooth® Low Energy (BLE) is presented to complement the lack of 

viable options of tools for in vivo studies of intramedullary pressure and fluid modulation. 

4.2 System Design 

The hardware of the active wireless pressure sensing system consists of two functional 

parts, namely the wireless pressure sensor and the transceiver module which is connected to a PC 

for data collection and visualization.  Figure 4.1 shows the working principle of the wireless 

pressure sensing system with close-up views showing the 3D conceptual diagrams of the 

wireless pressure sensor and the external wireless transceiver module. The wireless pressure 

sensor is designed for implantable applications in the femora of Fischer-344 rats to monitor real-

time pressure induced by on-demand intramedullary pressure modulator described in Chapter 3. 

Because of the available sub-dermal volume, it was decided to place the wireless pressure sensor 

in the back of the rats alongside with the fluid modulator. The intramedullary cavity of the rat’s 

femur is connected to the pressure sensor unit through polyethylene (PE) tubing filled with 0.9% 

heparinized saline to prevent blood clotting. On the other hand, the external wireless transceiver 

module acts as a gateway for wireless communications between the PC and the wireless sensor 

based on Bluetooth® Low Energy (BLE) technology with transmission frequency of 2.4 GHz. 

Command from the PC is sent wirelessly to the sensor, and data received from the sensor is 

recorded and visualized in the PC. Detailed discussions on the hardware system design and the 

software architecture are provided in Section 4.2.1 to Section 4.2.3. 
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Figure 4.1. A schematic diagram of the wireless pressure sensing system consisted of the 
wireless pressure sensor and wireless transceiver module connected to a PC for data recording 
and visualization.  
 

4.2.1 Wireless Pressure Sensor 

Figure 4.2 shows the architecture of the wireless pressure sensor. The sensor consists of 

three functional components: a voltage regulator, a pressure sensing unit as well as amplifying 

electronics, and a microcontroller integrated with RF module for wireless communications. The 

voltage regulator is responsible for converting battery voltage to stable 3.3V for power supply of 

the electronic devices. The pressure sensing unit converts applied physiological pressure to 

voltage differences by a temperature-compensated Wheatstone bridge. The voltage signal is then 

amplified and filtered by the gain amplifier circuit before converting to digital readings that can 

be transmitted wirelessly to external transceiver. Table 4.1 summarizes the rated values of the 

passive components used in the wireless pressure sensor.  
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Figure 4.2. A schematic diagram of the wireless pressure sensor consisting of a voltage regulator, 
a pressure sensor along with amplifying circuit, and a wireless microcontroller unit (MCU) 
integrated with RF module for wireless communications. 

 

 

 

Table 4.1. Rated values of the passive components in the wireless pressure sensor. 
 

Component Rated Value 
R1 100 Ω 
R2 100 Ω 
C1 4.7 µF 
C2 47 µF 
C3 47 nF 
C4 10 nF 
L1 2.2 nH 
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4.2.1.1 Voltage Regulator 

The wireless pressure sensor is powered by a CR2032 lithium-ion coin cell battery with 

nominal 3V output voltage, measuring 20 mm in diameter and 3.2 mm in thickness. One of the 

major concerns of utilizing CR2032 batteries to power wireless systems is the instability of 

output voltage of these batteries due to their relatively small charge capacity. It is well known 

that the output voltage of these batteries decreases as the charge is consumed [156]. Therefore, 

the battery lifetime is restricted by the minimum output voltage and/or current. When the output 

voltage or current of the battery decreases to a point that the electronic components cannot 

function properly, the battery is considered depleted. Moreover, the output voltage of the battery 

is subject to change due to varying current extraction in every cycle of analog-to-digital 

conversion and wireless data transmission. The variance of output voltage not only affects the 

normal function of the electronic components, but also increases noise and variance in the 

pressure measurements.  

To maximize the lifetime of the battery and prevent pressure measurement errors due to 

battery voltage, a DC-to-DC boost converter (TPS613221A, Texas Instruments, Dallas, TX) is 

utilized to provide power supply for all the analog and digital components. The converter can 

convert input voltage ranging from 1.8V to 3V to output voltage of 3.3V. Low pass filters are 

applied to cutoff high frequency noises of input and output voltages.  

4.2.1.2 Sensor and Amplifying Electronics 

A cost effective piezoresistive pressure sensing unit (NPC-120T, Amphenol Advanced 

Sensors, St. Marys, PA) housed by polycarbonate (PC) is utilized to measure the pressure. The 
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pressure sensor is designed for biomedical applications with a compact size of approximately 

8×10×4 mm, pressure sensing range of -50 to 300 mmHg, and high sensitivity of 5 µV/V/mmHg. 

The pressure sensing unit consists of a temperature-compensated Wheatstone bridge, which is 

powered by 3.3V from the power management module. A programmable gain amplifier 

(PGA309, Texas Instruments, Dallas, TX) is configured to compensate for the bridge offset and 

amplify the voltage difference signal by a factor of approximately 467. After calibration, the 

PGA is configured to achieve voltage output from 0.3 to 3V for pressure ranging from -50 to 300 

mmHg with sensitivity of approximately 7.7 mV/mmHg. The PGA is programmable by the 

microcontroller unit through a one-wire serial communication. The calibration coefficients 

received from the microcontroller is then sent to an electrically erasable programmable read-only 

memory (EEPROM) that stores the configuration data. The amplified and compensated output is 

connected to a RC low pass filter before analog-to-digital conversion. The cutoff frequency of 

the selected RC filter is approximately 112.8 Hz, which is calculated using  

𝑓𝑓𝑐𝑐 = 1
2𝜋𝜋𝜋𝜋𝜋𝜋

         (4.1) 

where 𝑓𝑓𝑐𝑐 is the cutoff frequency of the RC low pass filter, 𝑅𝑅 is the resistance of the internal 

feedback resistor, and 𝐶𝐶 is the capacitance of the filter.  

4.2.1.3 Wireless Microcontroller 

The wireless microcontroller (CC2650, Texas Instruments, Dallas, TX) utilized in the 

pressure sensing system is a System-on-Chip (SOC) that integrated a 32-bit digital processor and 

a RF module for wireless communications. The wireless microcontroller unit (MCU) on idle 

mode is constantly advertising at time intervals of 100 milliseconds with a broadcasting power of 
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0 dBm (1 mW), and thus is discoverable by the external transceiver and other generic Bluetooth 

devices. Commands received wirelessly from the external transceiver module are processed by 

the wireless MCU, such as establishing wireless connectivity between a sensor node and the 

transceiver or initiating pressure measurements. Upon request to measure pressure, the wireless 

MCU switches on the field effect transistor (FET) to allow power supply to the sensor and 

amplifying circuits and initiates pressure readout. The amplified analog voltage signal from the 

PGA is converted to digital reading with a built-in 12-bit analog-to-digital conversion (ADC) 

module at a sampling rate of 50 conversions per second. The internal reference voltage of the 

ADC module is configured to be 4.3V, which is equivalent to 1.05 mV per increment. The digital 

pressure reading is then transmitted wirelessly to the connected external transceiver at 

transmission frequency of 2.4 GHz. The circuit also incorporates a compact joint test action 

group (JTAG) to interface with the MCU by using spring loaded POGO pins for program 

flashing purposes.  

4.2.2 Wireless Transceiver Module 

Figure 4.3 shows the architecture of the wireless transceiver module. The transceiver acts 

as a wireless gateway to interface with the wireless pressure sensor and a PC terminal. On the 

one hand, commands initiated from the PC terminal is sent to the wireless MCU for processing 

and wireless transmission through serial communications enabled by a USB (universal serial 

bus)-to-UART (universal asynchronous receiver-transmitter) serial interface IC (FT231XQ-R, 

FTDI, Glasgow, UK). The wireless MCU transmits the command wirelessly to the pressure 

sensor. On the other hand, the data acquired by the pressure sensor is received by the wireless 

MCU and transmitted back to the PC terminal for data visualization and recording. Two light 
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emitting diodes (LED) are used to indicate the status of wireless connection and pressure 

measurement. Table 4.2 summarizes the rated values of the passive components used in the 

wireless transceiver. A capacitor is used to stabilize the input voltage supply of the USB, while 

the series resistor is used to lower the forward voltage of the LEDs. 

 

 

 
Figure 4.3. A schematic diagram of the wireless transceiver consists of a RF module integrated 
wireless microcontroller unit (MCU), a USB-to-UART serial converter, and a USB-A socket.  
 

 

Table 4.2. Rated values of the passive components in the wireless transceiver module. 
 

Component Rated Value 
R3 200 Ω 
R4 200 Ω 
C5 10 µF 
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4.2.3 Software Organization 

Figure 4.4 shows the architecture of the software for the wireless pressure sensing 

system. The software for the whole wireless pressure sensing system includes three parts: 

Graphic User Interface (GUI) in the PC terminal, and firmware for the wireless transceiver 

module and pressure sensor. The GUI functions as the main controller to send commands and 

receive data for visualization and recording purposes. The firmware of the wireless transceiver is 

configured to convert data in different formats in order to bridge serial communications and 

wireless communications based on Bluetooth®, while that of the wireless pressure sensor is 

responsible for processing the received commands and sending the data wirelessly.  

 

 
Figure 4.4. Software architecture of the wireless pressure sensing system. 
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4.3 Assembly of the Wireless Pressure Sensing System 

The circuit boards for the hardware of the wireless pressure sensing system were 

designed and sent to a vendor for fabrication. The board for the wireless pressure sensor is made 

by using polyimide (PI) for its flexibility, while the transceiver is made with standard FR4 

substrate. The electronic components were soldered manually by using solder paste (MG 

Chemicals, Ontario, Canada) and a rework station with hot gun. The heating temperature was set 

to be 300 °C. Due to the small size of surface-mount devices (SMD), a solder mask was used to 

assist the application of solder paste to avoid solder bridging or insufficient wetting of solder. 

The pressure sensing unit was soldered separately using back side heating to prevent the 

polycarbonate (PC) housing from melting due to its low melting temperature (~110 °C). Figure 

4.5 shows the optical images of the assembled wireless pressure sensor and transceiver module. 

The size of the assembled wireless pressure sensor is measured to be approximately 28×26×8 

mm. After the assembly, the inlet of the pressure sensing unit was bonded to PE90 tubing (ID: 

0.86 mm, OD: 1.27 mm) with a 3D printed polylactic acid (PLA) adapter by using medical grade 

epoxy (M-31CL, Henkel Loctite, Düsseldorf, Germany).  
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Figure 4.5. Optical images of (a) assembled wireless pressure sensor, and (b) assembled wireless 
transceiver module in comparison to a US quarter coin. 
 

4.4 Characterizations 

The assembled wireless pressure sensor was characterized for pressure responses against 

a commercially available pressure sensor to validate the calibration result. Wireless transmission 

range experiment was performed by measuring Received Signal Strength Indication (RSSI) in 

indoor environment.  
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4.4.1 Pressure Response 

Since the relevant intramedullary pressure under on-demand modulation typically ranges 

from 0 to 80 mmHg, the wireless pressure sensor was calibrated in the range of 0 to 150 mmHg 

for safe operation. The sensor was calibrated and tested utilizing a 3D printed adapter, PTFE 

tubes, and a commercially available pressure sensor as reference. The PTFE tubes were used to 

connect the wireless pressure sensor, the reference pressure sensor and syringe to the adapter. 

The inlets and connecting joints were sealed with epoxy for hermeticity. An additional wireless 

microcontroller board (CC2650 LaunchPad, Texas Instruments, Dallas, TX) was used to record 

the pressure readings from the wireless pressure sensor and reference pressure sensor. Figure 4.6 

shows the schematic of calibration setup. The calibration process started with measuring at 

atmospheric pressure to null the offset caused by the Wheatstone bridge. Subsequently, the 

sealed adapter was pressurized by the syringe to a gauge pressure range of 0-150 mmHg. 

 

 
Figure 4.6. Calibration setup utilizing a commercially available pressure sensor as reference. 
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The calibration coefficients for the PGA were calculated and written to the EEPROM to 

achieve linear and accurate voltage output with respect to pressure. With amplification factor of 

approximately 467.5, the analog output sensitivity of the wireless pressure is 7.714 mV/mmHg, 

while the built-in ADC module of the wireless MCU is capable of 1.050 mV resolution. Figure 

4.7 summarizes the typical pressure calibration results in comparison to the reference pressure 

sensor. As shown in Figure 4.7(a), the temporal pressure response of the wireless pressure sensor 

agrees well with the referenced pressure in the relevant pressure range of -20 mmHg to 150 

mmHg. The pressure output error was calculated by subtracting the pressure reading of the 

wireless sensor and the reference sensor to indicate the absolute pressure measurement 

difference. It is worth noting that the output error should be considered as the composite result of 

noises and measuring deviance from both sensors. The output error ranges from approximately -

1 mmHg in the low-pressure region to ~3 mmHg in the high-pressure region with a few outliers. 

These outliers are mostly contributed by superposition of noises from both sensors and can reach 

as high as -3 mmHg in the low-pressure region, and 4 mmHg in the high-pressure region. The 

actual noise level of the wireless pressure sensor alone is expected to be lower.  

Figure 4.7(b) plots the pressure response from the wireless pressure sensor against the 

pressure reading from that of the reference sensor. The pressure response of the wireless pressure 

sensor is linear with respect to applied pressure, which is best fitted to 𝑃𝑃𝐷𝐷𝐷𝐷𝐷𝐷 = 1.0234 × 𝑃𝑃𝑟𝑟𝑟𝑟𝑟𝑟 −

1.123 with 𝑅𝑅2 = 0.9995. The wireless pressure sensor exhibits a minor deviation from ideal 

response 𝑃𝑃𝐷𝐷𝐷𝐷𝐷𝐷 = 𝑃𝑃𝑟𝑟𝑟𝑟𝑟𝑟 by approximately 2.4%. These results clearly show that the wireless 

pressure sensor was calibrated with a linear and rapid pressure response for intramedullary 

pressure monitoring. 
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Figure 4.7. Typical pressure calibration results. (a) Temporal pressure response of the wireless 
sensor and reference sensor with the inset showing the error with respect to applied pressure, and 
(b) pressure response of the wireless sensor (Y axis) plotted against that of the reference sensor 
(X axis) with linear fit.  
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4.4.2 Range Measurement 

The Received Signal Strength Indication (RSSI) is commonly used to represent the power 

level of signal between two wireless RF devices. RSSI is dependent on the distance between the 

devices, as electromagnetic wave propagates following the inverse square law, which states that 

the power per unit area is inversely proportional to the square of distance. The relationship 

between RSSI and distance can be given as [157] 

𝑃𝑃𝑅𝑅𝑅𝑅𝑅𝑅𝐼𝐼 = −10𝛼𝛼 log10(𝑑𝑑) − 𝑃𝑃0       (4.2) 

where 𝑃𝑃𝑅𝑅𝑅𝑅𝑅𝑅𝐼𝐼 is the power level of received signal in dBm, 𝑃𝑃0 is the received power level at 1 m 

reference distance in dBm, 𝛼𝛼 is the path loss coefficient, and 𝑃𝑃0 is the distance between the 

wireless devices.  

 The wireless MCU (CC2650 module) offers built in RSSI measurement with ±4 dBm. 

The RSSI was measured by using the wireless pressure sensor and an additional board (CC2650 

LaunchPad). The wireless pressure sensor broadcasts its advertising information (e.g., device 

name) every 100 milliseconds at transmission power of 0 dBm (1 mW), and the external board 

was programmed to record the RSSI by utilizing the advertising information. Measurements 

were performed indoor from 0.5 m to 8 m without wall obstructions. Figure 4.8 shows the RSSI 

measurement results and fitted according to Equation 4.2. The results show that the received 

signal of the wireless pressure sensor ranges from -61.2 dBm at 0.5 m to -75 dBm at 8 m, which 

is still within the maximum sensitivity of the wireless MCU of -97 dBm [158]. The RSSI 

measurement result shows that the wireless pressure sensor can achieve an operating range of 8 

m placed in indoor environment.   
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Figure 4.8. Received Signal Strength Indication (RSSI) of the wireless pressure sensor, with the 
inset showing the residue from curve fitting.  
 

4.5 Conclusion 

This chapter described an active wireless pressure sensing system based on Bluetooth® 

Low Energy (BLE) Technology for in vivo intramedullary pressure monitoring. The hardware of 

the wireless pressure sensor consists of a wireless microcontroller unit (MCU), a voltage 

regulator, as well as a pressure sensing unit along with amplifying electronics, while the 

transceiver utilizes MCU and serial converter to bridge wireless and serial communications. The 

wireless pressure sensor and the transceiver were assembled using flexible and standard printed 

circuit boards (PCB), respectively. The sensing system was characterized for its pressure 
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responses and long-range transmission capability. Pressure response measurement results show 

that the wireless pressure sensor is calibrated with a deviation from referenced pressure by 

approximately 2.4%. Wireless transmission range measurement shows that the received signal 

power level measured indoors ranges from -60 dBm to -75 dBm in a distance range of 0.5 m to 8 

m. With the maximum sensitivity of -97 dBm, the wireless pressure sensing range is expected to 

be 8 m in indoor environment. These results confirm that the wireless pressure sensing system is 

fully functional and can be used for intramedullary pressure monitoring.   
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CHAPTER 5 

SUMMARY AND FUTURE WORKS 

5.1 Summary and Conclusions 

The past few decades witnessed the advancement of wearable and implantable devices 

for biomedical applications of MEMS technologies. Novel materials (e.g., soft polymers and 

gallium-based liquid metals) as well as techniques (e.g., wireless actuation and data acquisition) 

have been utilized to achieve biocompatibility, deformability, and minimal invasiveness in these 

biomedical devices. Despite of great achievements, introduction of new materials and techniques 

imposed new technical challenges that needs to be addressed. This dissertation focused on two 

major constituents. The first part involved gallium coating to tackle the adherent tendency of 

gallium-based liquid metals to unleash their potentials in wearable and implantable applications, 

while the second part described the development of a wireless fluid modulator and a pressure 

sensing system for implantable intramedullary fluid/pressure modulation and intramedullary 

pressure monitoring.  

Chapter 2 described gallium coating as a simple surface modification to convert flat 

surfaces to non-wetting surfaces against oxidized gallium-based liquid metal droplets. Static and 

dynamic contact angles were measured on various gallium coated surfaces to study the non-

wettability. The results show that the coated surfaces exhibit high static contact angles (> 160º) 

as well as relatively small contact angle hysteresis (6.5º-24.4º). Bouncing and rolling tests as 

well as microfluidic actuation on gallium coated surfaces were performed to confirm the non-

wettability against naturally oxidized gallium-based liquid metal droplets. Surface 
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characterizations reveals the coated surfaces consists of self-assembled gallium spheres in 

nanoscale. The surface roughness is mostly attributed to the non-wetting Cassie state of these 

coated surfaces.  

Chapter 3 presented a passive wireless implantable intramedullary fluid modulator for 

potential bone density augmentation application. Theoretical and experimental studies were 

performed ex vivo to characterize the magnetic forces, diaphragm deflection, and pressure drop 

due to fluid flow. The results show that the diaphragm deflection due to magnetic force can reach 

to as high as 0.8 mm with correspondent volumetric change of 60 µL. Fluid dynamic studies 

show that frictional pressure drop is the dominant contribution in steady state under conditions of 

low volumetric flow rate, low modulation frequency (< 2 Hz), and long tubes. Ex vivo 

experiments showed that dynamic pressure modulation amplitude reaches up to approximately 

70 mmHg, while in vivo measurement showed ~38 mmHg intramedullary modulation inside of 

the intramedullary cavity of a 6-month-old Fischer-344 rat’s femur.  

Chapter 4 demonstrated an active wireless pressure sensing system based on Bluetooth® 

for in vivo intramedullary pressure monitoring. The hardware and software of the system was 

prototyped to test the feasibility for wireless pressure monitoring functionalities. Pressure 

response results show that the measurement of the wireless pressure sensor only deviates from 

referenced pressure by approximately 2.4%. Wireless transmission range measurements show the 

wireless pressure sensor retains a high signal intensity of approximately -75 dBm at a distance of 

8 m. With a minimum detectable capability of -97 dBm, wireless pressure sensing range is 

expected to achieve 8 m in indoor environment. These results confirm the wireless pressure 

sensor is fully functional for long-range and accurate measurements of pressure. 
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5.2 Suggestions and Future Works 

Future works will involve exploration of utilizing gallium coating to construct non-

wetting microfluidic channels for fully reconfigurable gallium-based liquid metal droplets. 

Reconfigurability requires the adhesion of oxidized liquid metal droplets to be greatly reduced to 

avoid oxide or metallic residue. In numerous reconfigurable applications like tunable RF antenna 

and energy harvesting devices, metallic residue would result in poor performance of the device 

or even failure to return to original state. Potential solutions could utilize gallium coated 

microfluidic channel based on lithography and liftoff for liquid metal droplet manipulations. 

Moreover, the RF characteristics in terms of scattering, reflection and transmission should be 

performed to study the feasibility of utilizing gallium coating for reconfigurable RF devices.  

Another aspect of future works entails the miniaturization of the active pressure sensing 

system. Although active sensing system employs the advantages of Bluetooth for long range 

transmission and compatibility to existing terminal devices like PC, the size of the device is 

typically large in centimeter range due mostly to the size of battery. To reduce invasiveness for 

implantable applications, the power supply using battery could be replaced by wirelessly transfer 

power using inductive coupling method. Furthermore, the size of the pressure sensor could be 

further improved by replacing the pressure sensing unit to pressure sensor die, which saves 

considerable packaging spaces. 
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APPENDIX A 

FABRICATION PROCESSES 

A.1 Gallium Coating on Various Flat Surfaces 

A.1.1. PDMS Sheets of Various Thicknesses 

1. Ultrasonicate a glass container with acetone, IPA, and DI water for 5 minutes in each 

solution. 

2. Prepare PDMS prepolymer by mixing two-part silicone (RTV 615 or Sylgard® 184) 

in weight ratio of 10:1.  

3. Manually stir the mixture and place in a vacuum chamber for 2 hours for degassing.  

4. Pour the PDMS prepolymer with controlled volume to the glass container. 

5. Cure the PDMS in a convection oven at 90 °C for 30 min. 

6. Peel off the PDMS sheet from the glass container and clean with methanol and DI 

water. 

7. Dehydrate the PDMS sheet in a hot plate at 125 °C for 5 min. 

A.1.2. SU-8 Flat Surface 

8. Ultrasonicate a 3ʺ Si wafer with acetone, IPA, and DI water for 5 minutes in each 

solution. 

9. Treat the Si wafer surface by vapor phase HMDS at 120 °C for 20 minutes to enhance 

SU-8 adhesion.  

10. Spin coat SU-8 2025 photoresist on the Si wafer at 3000 rpm with 500 rpm/sec ramp 

for 60 seconds to achieve approximately 25 µm thick SU-8 film. 
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11. Soft bake the wafer at 65 °C for 2 minutes, 95 °C for 3 minutes, and 65 °C for another 

2 minutes to avoid peeling off by reducing the stress on the film. 

12. Exposure to UV light with 140 mJ/cm2 dosage.  

13. Hard bake the wafer 65 °C for 2 minutes, 95 °C for 3 minutes, and 65 °C for another 

2 minutes.  

A.1.3. Parylene-C Coating 

Parylene-C was coated using a Parylene deposition tool (Model PDS 2010 LabcoterTM 

2, Specialty Coating Systems, Indianapolis, IN) with automatic deposition sequences. 

Approximately 1000 mg of Parylene dimer was used to achieve coating of 500 nm thickness on 

PDMS sheet of 1 mm thickness.  

A.1.4. Gallium Coating 

Pure gallium (99.99999%, BeanTown Chemical, Hudson, NH) was deposited on various 

flat surfaces using an e-beam evaporator. The deposition process was conducted under a vacuum 

chamber of pressure 6×10-6 Torr or lower. The current to the filament was increased by small 

increment and followed by at least 20 seconds before another increment. The deposition rate was 

controlled to be no higher than 0.5 Å/s to avoid liquid gallium from splashing. 

 

 

 

 

 



 

92 

A.2 Fabrication Processing of Intramedullary Fluid Modulator 

1. Manufacture the molds with stainless steel and clean with acetone, IPA, and DI water to 

remove organic contaminants. 

2. Prepare PDMS prepolymer and PDMS thin film of 400 µm thickness as described in 

Section A.1.1.  

3. Cut the PDMS thin film into circles of approximately 14 mm in diameter. Carefully place 

the PDMS circles between two collinearly aligned cylindrical molds (diameter: 12 mm, 

thickness: 3 mm and 2 mm) without introducing air bubbles.  

4. Place the combination in the center of housing molds.  

5. Carefully inject PDMS prepolymer into the gaps between molds using a 1 mL syringe. 

Prepare new batch of PDMS prepolymer as it becomes more viscous and traps air in the 

liquid after approximately 4 hours in ambient environment.  

6. Cure the PDMS in a convection oven at 90 °C for 30 min. 

7. Peel off the PDMS structure from the metal molds and clean with methanol and DI water. 

8. Punch a hole of 1 mm diameter on the side wall of the PDMS structure with a hole 

punching tool. 

9. Dehydrate the PDMS structure in a convection oven at 125 °C for 5 min. 

10. Attach the NdFeB magnets to the circular diaphragm in collinearly aligned position.  

11. Apply medical grade epoxy (M-31CL, Henkel Loctite, Düsseldorf, Germany) to seal the 

PDMS structure with pre-cut borosilicate glass (diameter: 16 mm, thickness: 1 mm) and 

PE90 tubing. 

12. Cure the epoxy in ambient environment for 24 hours. 
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APPENDIX B 

PRINTED CIRCUIT BOARD LAYOUT 

B.1 Wireless Pressure Sensor 

 
 
 

B.2 Wireless Transceiver 
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